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Preface

The use of acoustic energy for thermal ablation is a relatively old idea. Despite serious
attempts by several investigators to develop focused ultrasound surgery into an effective
ablative therapy, it has been in the incubation stage as a noninvasive surgical method for
a long time. In the last decade, however, since the introduction of monitoring and control
by magnetic resonance imaging, remarkable progress has taken place in focused
ultrasound surgery.

The goal of this book is to survey this method’s extraordinary improvement and
advancement when it is integrated with the best diagnostic imaging technique available.
Anatomic and functional imaging with magnetic resonance imaging can optimally
localize and define targets since magnetic resonance imaging—based thermometry
accurately controls energy deposition. The resulting therapy delivery system with closed-
loop control—first produced as a commercial product by InSightec, Ltd. (Dallas, Texas,
U.S.A.)—is one of the most complex medical devices of our times.

Though we have tried to introduce and present the technique and its applications as
completely as possible, a single book on magnetic resonance imaging—guided focused
ultrasound surgery cannot adequately cover all recent advances. With that admission, we
did detail the technical and physical principles behind the method, explain the biological
effects caused by thermal and non-thermal interactions with tissue, and devote a
substantial portion of the book to already proven applications, including treatment of
uterine fibroids and breast cancer. In addition, we tried to demonstrate the enormous
potential of this method for the noninvasive treatment of several malignancies, such as
prostate and liver cancer or bone metastasis. Since the most challenging clinical
application of focused ultrasound is the ablation of brain tumors, we went into
considerable detail in describing this treatment method. Finally, the book discusses such
exciting non-thermal applications of magnetic resonance imaging—guided focused
ultrasound surgery as targeted drug delivery and gene therapy. We believe that these
innovative uses of the technique will have significant clinical impact in the near future.

Targeted delivery of larger molecules into the brain through the transiently opened
blood- brain barrier is considered the most promising therapeutic use of magnetic resonance
imaging—guided focused ultrasound surgery. This application alone has the potential to
drastically change the entire field of clinical neuroscience and neuropharmacology.

Even before this, however, magnetic resonance imaging—guided focused ultrasound
surgery will have significant impact on surgery and radiation oncology. It can be characterized
as a “disruptive technology” that will radically change existing medical disciplines. Our
vision is that this noninvasive surgical method will eventually replace several invasive
surgical procedures and, in some cases, eliminate the need for ionizing radiation.

We believe that this image-guided and controlled technique is safer and more
efficient than most of those for open surgery and radiation therapy procedures. However,
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iv Preface

there is no doubt about the need to further improve the technology in order to advance
clinical knowledge and experience.

Although the development of this method originated in academic institutions, it is a
very complex technology that must be built with industry involvement. The device, the
best example of an advanced image-guided therapy delivery system, requires magnetic
resonance imaging to integrate fully with acoustic technology. To accomplish this
integration, contributions from General Electric Corporation and InSightec, Ltd. have
been critical.

They are not alone. Other medical companies have also become interested in
advancing magnetic resonance imaging—guided focused ultrasound surgery.

In the future, specific applications and their clinical success will define the
direction of magnetic resonance imaging—guided focused ultrasound surgery. It may
consist of the use of high-field magnets with large phased arrays, or it may apply local
focused ultrasound surgery probes or applicators. In either case, we believe that magnetic
resonance imaging is essential for the technique, not only for providing thermal images
but also for accurate targeting and localization. We hope the book elucidates the
advantages of magnetic resonance imaging for monitoring and controlling focused
ultrasound surgery therapy.

We, the editors, extend our gratitude to the publisher for devoting an entire book to
magnetic resonance imaging—guided focused ultrasound surgery—a literary first. To this
point, we are very thankful for the opportunity to introduce this exciting technology to a
larger audience. We also wish to thank our colleagues who contributed to this book and
provided early insight into the development and clinical use of this method. We hope that
our collective vision of this technology is correct, and that this initial publication will be
followed by several others, each elaborating on magnetic resonance imaging—guided
focused ultrasound surgery’s full potential.

Ferenc A. Jolesz
Kullervo H. Hynynen



Contents

Preface iii
Contributors vii

1.

10.

11.

12.

13.

Introduction 1
Ferenc A. Jolesz and Kullervo H. Hynynen

. Fundamental Principles of Therapeutic Ultrasound 5

Kullervo H. Hynynen

. Fundamental Principles of Magnetic Resonance Temperature Imaging 25

R. Jason Stafford and John D. Hazle

. Experimental Uses of Magnetic Resonance Imaging—Guided Focused

Ultrasound Surgery 43
Nathan McDannold

. Integrated Therapy Delivery Systems 55

Kullervo H. Hynynen and Nathan McDannold

. Treatment Planning 69

Gregory T. Clement

. Current and Future Clinical Applications of Magnetic Resonance

Imaging—Guided Focused Ultrasound Surgery 81
Ferenc A. Jolesz and Clare M.C. Tempany

. Magnetic Resonance Imaging—Guided Breast Focused Ultrasound Surgery 101

Eva C. Gombos and Daniel F. Kacher

. Uterine Fibroids and MRI-Guided Focused Ultrasound Surgery 111

Miriam M.F. Hanstede, Elizabeth A. Stewart, and Clare M.C. Tempany

MRI-Guided Focused Ultrasound Treatment of the Brain 129
Kullervo H. Hynynen and Ferenc A. Jolesz

New Clinical Applications of Magnetic Resonance—Guided
Focused Ultrasound 137
Wladyslaw M.W. Gedroyc

Targeted Drug Delivery 147
Manabu Kinoshita

Blood-Brain Barrier Opening 161
Nathan McDannold and Kullervo H. Hynynen

v



Vi Contents

14. Ultrasound-Induced Expression of a Heat Shock Promoter-Driven Transgene
Delivered in the Kidney by Genetically Modified Mesenchymal Stem Cells:
A Feasibility Study 171
Beatrice Letavernier, Rares Salomir, Yahsou Delmas, Claire Rome,
Franck Couillaud, Alexis Desmouliere, Isabelle Dubus, Frangois Moreau-Gaudry,
Christophe Grosset, Olivier Hauger, Jean Rosenbaum, Nicolas Grenier,
Christian Combe, Jean Ripoche, and Chrit Moonen

15. Ultrasound-Induced Apoptosis 181
Natalia Vykhodtseva and Manabu Kinoshita

Index 195



Contributors

Gregory T. Clement Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.

Christian Combe INSERM, E362, Université Victor Segalen Bordeaux 2, CHRU
Bordeaux and Département de Néphrologie, Hopital Bordeaux, Bordeaux, France

Franck Couillaud CNRS, ERT Imagerie Moléculaire et Fonctionnelle and Université
Victor Segalen Bordeaux 2, Bordeaux, France

Yahsou Delmas INSERM, E362 and Université Victor Segalen Bordeaux 2 and
Département de Néphrologie, Hopital Bordeaux, Bordeaux, France

Alexis Desmouliere INSERM, E362 and Université Victor Segalen Bordeaux 2,
Bordeaux, France

Isabelle Dubus INSERM, E362 and Université Victor Segalen Bordeaux 2, Bordeaux,
France

Wiladyslaw M.W. Gedroyc St. Mary’s Hospital, Imperial College London, London, U.K.

Eva C. Gombos Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.

Nicolas Grenier CNRS, UMRS5231 Imagerie Moléculaire et Fonctionnelle, Université
Victor Segalen Bordeaux 2, CHRU Bordeaux and Département de Radiologie, Hopital
Bordeaux, Bordeaux, France

Christophe Grosset INSERM, E362 and Université Victor Segalen Bordeaux 2,
Bordeaux, France

Miriam M.F. Hanstede Departments of Obstetrics, Gynecology, and Reproductive
Biology and Radiology, Brigham and Women’s Hospital and Harvard Medical School,
Boston, Massachusetts, and Mayo Clinic, Rochester, Minnesota, U.S.A.

Olivier Hauger CNRS, UMRS5231 Imagerie Moléculaire et Fonctionnelle, Université
Victor Segalen Bordeaux 2, CHRU Bordeaux and Département de Radiologie, Hopital
Bordeaux, Bordeaux, France

John D. Hazle Department of Imaging Physics, The University of Texas
M. D. Anderson Cancer Center, Houston, Texas, U.S.A.

Kullervo H. H. Hynynen Department of Medical Biophysics, University of Toronto
and Department of Imaging Research, Sunnybrook Health Sciences Centre, Toronto,
Ontario, Canada

vii



viii Contributors

Ferenc A. Jolesz Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.

Daniel F. Kacher Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.

Manabu Kinoshita Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.

Béatrice Letavernier INSERM, E362 and Université Victor Segalen Bordeaux 2,
Bordeaux, France

Nathan McDannold Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.

Chrit Moonen CNRS, UMR5231 Imagerie Moléculaire et Fonctionnelle and
Université Victor Segalen Bordeaux 2, Bordeaux, France

Francois Moreau-Gaudry INSERM, E217 and Université Victor Segalen Bordeaux 2,
Bordeaux, France

Jean Ripoche INSERM, E362 and Université Victor Segalen Bordeaux 2, Bordeaux,
France

Claire Rome CNRS, ERT Imagerie Moléculaire et Fonctionnelle and Université Victor
Segalen Bordeaux 2, Bordeaux, France

Jean Rosenbaum INSERM, E362 and Université Victor Segalen Bordeaux 2,
Bordeaux, France

Rares Salomir INSERM, U 386, Lyon, France

R. Jason Stafford Department of Imaging Physics, The University of Texas
M. D. Anderson Cancer Center, Houston, Texas, U.S.A.

Elizabeth A. Stewart Department of Obstetrics and Gynecology, Mayo Clinic,
Rochester, Minnesota, U.S.A.

Clare M.C. Tempany Division of MRI, Department of Radiology, Brigham and
Women’s Hospital and Harvard Medical School, Boston, Massachusetts, U.S.A.

Natalia Vykhodtseva Department of Radiology, Brigham and Women’s Hospital and
Harvard Medical School, Boston, Massachusetts, U.S.A.



1

Introduction

Ferenc A. Jolesz
Department of Radiology, Brigham and Women’s Hospital and Harvard Medical
School, Boston, Massachusetts, U.S.A.

Kullervo H. Hynynen

Department of Medical Biophysics, University of Toronto and

Department of Imaging Research, Sunnybrook Health Sciences Centre, Toronto,
Ontario, Canada

The concept of “ideal” tumor surgery is to excise or remove the neoplastic tissue without
damaging adjacent normal structures. This concept requires a noninvasive nonincisional
surgical approach, which limits the tissue destruction to the targeted tumor. Noninvasive
surgery would lead to even shorter recovery time and result in even less complications
than minimally invasive techniques. Implementing such noninvasive surgical procedures
will transform current medical specialties, change existing clinical practices, and could
therefore be an important tool in reducing the cost of patient care. It is obvious that the
introduction of a noninvasive tumor destruction method will disrupt the current way of
patient management and require changes in the related infrastructures too. In the surgical
specialty, emphasis on manual skills and practical training will be replaced by a mostly
technical knowledge base. Sterile operating rooms, anesthesiology, and postoperative
intensive care units will not be required, and their relatively outdated equipment will be
replaced by a more advanced technology. Patients will return home and to work much
faster without any significant reduction in quality-of-life caused by the procedure.
Therefore any noninvasive surgical technology, when it is established and introduced in
practice, will be a disruptive technology.

We think magnetic resonance imaging (MRI)-guided focused ultrasound
(MRIgFUS) is such a disruptive technology. Unlike invasive surgery, it requires no
incision, and the acoustic energy penetrates through the intact skin and through the tissues
surrounding the tumor, without causing any significant bioeffects. Energy deposition
takes place mainly at the focal spot where heat-induced thermal coagulation of the
targeted tissue is accomplished. As in ionizing radiation-based therapy, the localization of
the target volume requires image guidance. Using intraprocedural MRI, this technique
provides the best possible tumor margin definition and with real-time MRI thermometry,
the closed-loop feedback control of energy deposition is also accomplished. This real-
time targeting and control makes MRIgFUS superior to radiation surgery. In addition,
because of the lack of any tissue toxicity, focused ultrasound surgery (FUS), unlike
radiosurgery, can be repeated multiple times if necessary.
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The idea of using focused acoustic energy for thermal coagulation deep within the
tissue as a noninvasive surgical method is not new. It was first proposed over 60 years ago
for the destruction of central nervous system tissue (1). In the 1950s, a complex sonication
system that used X rays to determine the target location with respect to skull bones was
developed by William and Francis Fry at the University of Illinois (2—4). The system was
clinically tested for the treatment of Parkinson’s disease with success, but was not used
outside the research setting (5). The primary difficulty with the treatment was the
localization of target tissues and the complexity of the procedure. There were also several
other researchers exploring the feasibility of using FUS for noninvasive surgery in animals
and a limited number of patients [see review by Kremkau (6)]. More recently, FUS surgery
systems were combined with diagnostic ultrasound (US) imaging (7) to make soft tissue
tumor targeting and sonication possible. Several clinical trials for the treatment of the eye
(8), prostate (9,10), bladder (11), kidney (11,12), liver (11,13,14), breast (15), bone, and
other cancers (16,17) have been conducted with these devices.

Currently, two transrectal US surgery devices for prostate cancer are in clinical use
in Europe and several other countries. Furthermore, external US-guided devices are in
clinical use in China, where tens of thousands of patients have been treated so far.
Although targeting using diagnostic US works well in some cases, the treatment is still
relying on open-loop, uncontrolled energy delivery. This means that the power settings
for the exposures are based on experimental and theoretical models and clinical
experience, and no online monitoring of the location or the magnitude of the temperature
elevation is used. This makes the treatment sensitive to patient-to-patient variations. Just
the propagation of the wave through the overlying tissue layers can significantly distort
the power deposition pattern at the focus (18). To eliminate these variations, the energy
delivery and its biological effects should be monitored online, and exposure variations
should be adjusted to give comparable thermal exposure to all patients while avoiding
overexposing tissues outside of the target volume.

By using the temperature sensitivity of MRI, the monitoring of thermal ablations
became possible (19). It was a logical step to introduce MRI-based thermometry for the
control of FUS procedures (20,21). To do this, researchers at the Brigham and Women’s
Hospital and Harvard Medical School have worked with engineers and scientists, first
from General Electric Medical Systems and later from InSightec, Inc., to develop US
surgery systems combined with MRI. This makes online temperature information
available for monitoring and controlling the energy delivery. In addition, and maybe more
importantly, MRI gives more accurate definition of the targeted tumor volume than
surgical inspection with eye. MRI is also superior to other imaging techniques such as the
US and computed tomography in tumor localization.

The successful testing and early development or the MRIgFUS technique at the
Brigham and the confirmation of their results from many research groups have resulted in
the development of a commercial device that is in routine clinical use in many medical
centers around the world. The device has been approved in many countries, most notably
in the United States by the Food and Drug Administration for the treatment of uterine
fibroids. Currently, its use is being further investigated for several other clinical
applications. If our vision is correct, the future of MRIgFUS is extremely promising as a
replacement for invasive tumor surgery at multiple organs and anatomic sites. Currently
the usage of the InSightec system clinical trials has begun in prostate, breast, and brain
tumor treatment, and there are extremely encouraging early results in palliative pain
treatment of bone tumors. At the same time, there is significant research effort concerning
the nonablative use of MRIgFUS for targeted drug delivery (22), focal blood-brain barrier
disruption (23), and gene therapy (24-26). There is also significant progress in
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developing more efficient phased array transducers that can apply the treatment within
shorter time and can sonicate targets within moving organs or in locations where acoustic
windows are limited.

Although there is only one commercial device currently on the market, other

manufacturers appear to be working toward developing their own MRIgFUS devices
(27). Therefore, the editors believe that it is the best time to provide a book with an up-to-
date review of MRI-guided and controlled therapeutic US for the scientists, clinicians,
and trainees who are entering this rapidly growing and exciting field.
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Fundamental Principles of Therapeutic
Ultrasound

Kullervo H. Hynynen
Department of Medical Biophysics, University of Toronto and Department of Imaging

Research, Sunnybrook Health Sciences Centre, Toronto, Ontario, Canada

INTRODUCTION

Ultrasound is a pressure wave with a frequency above the audible range of a human ear
(18-20kHz); it is generated by a mechanical motion that induces the molecules in a
medium to oscillate around their rest positions. Due to the bonding between the
molecules, the disturbance is transmitted to neighboring molecules. The motion causes
compressions and rarefactions of the medium and thus a pressure wave travels with the

mechanical disturbance (Figs. 1 and 2).
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Figure 1 A diagram showing the particle motion induced by an ultrasound wave as a function

of time.
5



6 Hynynen

Mechanical Wave Propagating in a Medium

4 S ® SO POPPTCPPT OO S O O O e

 —

AVANWANWANWS
\/ \/ \/ Distance

Particle Displacement

Figure 2 The particle motion in a medium where the ultrasound wave is propagating as a
function of location.

As a result, an ultrasound wave requires a medium for propagation. In most cases,
the molecules vibrate along the direction of the propagation (longitudinal wave), but in
some instances, the molecular motion is across the direction of the wave propagation
(shear wave). Shear waves propagate in solids such as bone but are quickly attenuated in
soft tissues. Therefore, most current medical ultrasound methods utilize longitudinal
waves (1-4).

GENERATION OF ULTRASOUND
Ultrasound Transducers

Ultrasound is generated by applying radiofrequency (RF) voltage across a material that is
piezoelectric, i.e., it expands and contracts in proportion to the applied voltage. This
phenomenon is the inverse of the piezoelectric effect, which was discovered by Jacques and
Pierre Curie in natural quartz crystals in 1880. Since then, many piezoelectric materials have
been discovered and developed. From these materials, a group of artificial piezoelectric
materials known as polarized polycrystalline ferroelectrics (for example, lead zirconate
titanate or PZT) is used for medical ultrasound applications. The piezoelectric property is lost
above a material-specific temperature—the Curie point (for example, 328°C for PZT-4).
Also, piezoelectric material rods or grains can be placed into a polymer matrix to have more
control over the acoustic and electrical properties of the material. These so-called piezo
composite materials are used especially in phased array transducers.

For many applications of ultrasound therapy, transducers capable of producing
high-power, single-frequency, continuous waves are needed. In Figure 3, a simplified
version of a high-powered transducer is shown.
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Figure 3 A diagram of an ultrasound therapy transducer. Abbreviation: PZT, lead zirconate titanate.

The ultrasound wave is generated by a piezoelectric plate of uniform thickness that
has electrodes on its front and back surfaces. The electrodes are connected to the driving
RF-line. Maximum power from a transducer can be delivered when it is operated close to
its resonant frequency, which is achieved when the thickness of the plate is equal to the
wavelength/2. However, a range of frequencies can be used with piezo composite
materials. The frequency, which corresponds to the half-wavelength thickness, is called
the fundamental resonant frequency of the transducer and it gives the maximum
displacement amplitude at the transducer faces. The transducer can be driven at a frequency
which is three, five, or so on, times its fundamental frequency. The conversion efficiency
is, however, reduced when compared with the fundamental frequency operation. At a
frequency of 1 MHz, the half-wavelength thickness is approximately 2 mm in PZT-4, thus
high-frequency transducers are thin and more difficult to manufacture.

In order to maximize energy output, all of the acoustic energy should be radiated
through the face of the transducer. This can be achieved by selecting a backing material so
that the acoustic impedance of the transducer is much larger than the acoustic impedance of
the backing. In practice, air-backing gives almost complete energy transmission through
the front of the transducer.

Ultrasound transducers can be manufactured in practically any desired shape and
size. Spherically curved focused transducers of various sizes up to 30cm diameter
hemispherical transducer arrays have been manufactured (5-7). Both nonfocused and
focused, single and multielement transducers and arrays have been manufactured for
endocavity use (8—14). Interstitial applicators inserted directly into the tissue via catheter
have been constructed down to the size of 1 mm in diameter (15,16). Catheter-based
applicators, inserted via the vascular route into the heart, have been developed for ablating
cardiac tissue (17,18). Special care in the selection of transducer materials has to be taken
when applicators for use in magnetic resonance imaging (MRI)-guided interventions are
developed. For a detailed example of the material description see Ref. (19).

Basic Ultrasound Driving System

The generation of RF signals for conversion into mechanical motion is in principle
similar in all systems. A typical system diagram is presented in Figure 4.
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Figure 4 A block diagram of basic components of an ultrasound therapy system. Abbreviations:
US, ultrasound; RF, radiofrequency.

The RF-signal is generated by a signal generator (analog or digital) or an oscillator
and is amplified by an RF-amplifier. Commercial amplifiers and frequency generators are
used in many lab systems. The forward and reflected electric power are measured after
amplification in order to obtain the total RF-power that is proportional to the acoustic
power output (the system must be calibrated to give acoustic power as a function of net
electric power). Before the signal enters into the transducer element, it passes through a
matching and tuning network that couples the electric impedance of the transducer to the
output impedance of the power amplifier. The power output can be controlled either by
using a fixed gain amplifier and controlling the level and/or duty cycle of the input signal
from the frequency generator or by controlling the gain of the amplifier. For phased array
transducers, this driving line is required for each transducer element. This has become
possible with the development of low-cost drivers.

ULTRASOUND FIELDS

The ultrasound field generated by a transducer depends on the size, shape, and vibration
frequency of the source. Only continuous wave fields from ideal, uniformly vibrating
sources will be discussed in order to provide a simple illustration of the main character-
istics of ultrasound fields.

Ultrasonic Fields from a Planar Transducer

The acoustical pressure amplitude distribution emitted by a planar, circular transducer,
oscillating as a piston (radius =a) in simple harmonic motion, is dependent on the ratio
between the diameter and the wavelength. In the case where the diameter of the transducer
is equal to or smaller than half of the wavelength, a hemispherical wave is launched. When
the diameter of the transducer increases, the field becomes more and more directed with a
complex pressure-amplitude pattern located close to the transducer (the near field or
Fresnel zone) transitioning to a smoothly decaying field past the last axial maximum that is
located approximately at a distance of a*/A from the transducer face (Fig. 5).

The ultrasonic field beyond the last axial maximum (the far field or Fraunhofer
zone) is diverging and the pressure amplitude follows the inverse law and is proportional
to 1/distance. The beam also narrows toward the last axial maximum, being about 1/4 of
the diameter of the transducer (—3 dB beam diameter of the intensity) at the last axial
maximum.
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Figure 5 An axial ultrasound intensity distribution from a planar transducer (frequency, 1 MHz;
diameter, 20 mm). Abbreviation: RF, radiofrequency.

Focused Ultrasonic Fields

If the diameter of an ultrasound source is much larger than the wavelength in the medium,
then the ultrasonic wave can be focused by lenses or reflectors, or by making the
transducer self-focusing (Fig. 6).

Focusing can be achieved by using arrays of small transducers that are driven with
signals having suitable phase delays to obtain a common focal point (electrical focusing).
The wavelength imposes a limitation on the size of the focal region and the sharpness
of the focus is determined by the ratio of the aperture of the radiator to the wavelength,
and the distance of the focus from the transducer.

Spherically Curved Transducers

The theory of spherically curved transducers vibrating with uniform normal surface
velocity was developed by O’Neil (20). Theoretical axial intensity distributions from
spherically focused transducers are shown in Figure 6. It is possible to focus energy in the
near field of an equivalent diameter planar transducer, due to the finite size of the
wavelength. The ultrasound field between the acoustical focus and the transducer
resembles the near field of a planar transducer. Beyond the focus, the field follows the
geometrical divergence angle of the transducer. The shape of the focus is a long narrow
ellipsoid with dimensions dependent on the transducer diameter, radius of curvature, and
frequency. The geometrical focusing of a transducer is often described by an F-number,
which is the ratio between the radius of curvature and the diameter of the transducer
(F-number = R/d). By increasing the radius of curvature (R), the maximum intensity can
be pushed deeper into the tissue but at the cost of the focal region becoming longer and the
peak intensity lower. This is due to the reduced focusing effect of the transducer and
the attenuation within the tissue. It is possible to induce an intensity maximum at any
practical depth in a human body with a suitable choice of transducer parameters, as long as
the beam entry is not restricted by gas or bone (21).
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Figure 6 (Top left) A diagram of a spherically curved ultrasound transducer and (fop right) the
simulated axial intensity distributions in soft tissue of transducers with different radius of curvature
(diameter, 60 mm; frequency, 1 MHz). (Bottom) A measured pressure amplitude distribution across
the focus of a transducer (frequency, 1.1 MHz; F-number, 0.8).

Ultrasonic Lenses

Acoustic lenses are made of materials in which the speed of sound (V) is different from
that in the coupling medium (V,,,), causing the ultrasound beam to focus if the lens shape
is appropriate. Lenses made of solids, e.g., plastics, metals, where the speed of sound is
higher than in water, or liquids where the speed is lower than in water, have been used.
The ideal shape of a lens is planoconcave, with V| >V,,,, where the generating curve of the
concave surface is elliptic. By using a liquid lens with suitable mechanical structures, a
single lens can offer a wide variety of different focal distances (22). Lenses have also
been used to produce multiple foci in order to increase the size of the exposed tissue
volume (23,24). It is possible to design low-profile lenses that can be made thinner than
curved transducers (25).

Reflectors

The absorption losses caused by lenses can be avoided by using acoustical reflectors.
However, the manufacturing of reflectors requires great care and is expensive. Thus,
reflectors are used only in special applicator designs (26).

Electrical Focusing

Ultrasonic beams can be focused by using one- or two-dimensional arrays of transducers,
with each element driven by RF-signals of a specified phase and amplitude, so that the
waves emitted by all of the elements are in phase at the desired focal point. The element
size will determine the volume within which the focus can be moved because the focus
has to be within the volume where all of the beams generated by the elements are
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overlapping. Focusing to a location outside this volume will result in secondary focal
spots. An ultrasound beam can be focused anywhere in front of the array when the
element center-to-center spacing is wavelength/2 or smaller (Fig. 7).

So far, all of the phased array systems developed for ultrasound treatments have
had a limited focal range because the large size of the arrays needed results in thousands
of elements. However, it has been demonstrated that adequate power outputs can be
achieved with wavelength/2 test arrays (27) and thus there is no technology barrier to
constructing such arrays.

Although electric focusing and beam steering has been used extensively in
diagnostic ultrasound (28), its adoption in the therapy systems has been much slower. The
first attempt to utilize electrical focusing in ultrasound therapy was done by Do-Huu and
Hartemann (29). They constructed a concentric ring transducer that allowed the focus to be
moved along the axis but not in any other direction. Full range of axial focal spot
movement can be achieved with ring center spacing of one wavelength (30). Large spacing
can be used if the array is spherically curved and the focal range is limited (31,32).
A similar approach can be used for achieving a limited range, three-dimensional motion
with phased arrays with large element sizes (5).

There has been a lot of progress in using phased arrays for ultrasound surgery and
especially for MRI-guided ultrasound surgery (32-34). Today, phased arrays are the
method of choice for clinical devices, with the concentric ring design providing control
over the depth of focus with added sectors to provide limited beam steering to make the
focus larger (35). Phased arrays have also made it possible to compensate for wave
distortion induced by overlying tissues such as skull (6). Similarly, phased arrays offer
significant advantages for applicators that deliver the ultrasound energy via body cavities
(36,37).

Figure 7 A diagram of a phased array focusing demonstrating the ability to control the location
of the focus by the phase and amplitude of the RF-signals driving each element. Abbreviation: RF,
radiofrequency.
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ULTRASOUND PROPAGATION THROUGH TISSUE

In order to be able to use ultrasound for therapy, it is essential to know the ultrasonic
properties of tissues. For instance, the ultrasonic velocity that determines the field shape
and the amount of reflected energy at tissue interfaces is dependent on the acoustical
impedance (=speed of sound x tissue density) differences between two neighboring
tissues. The temperature elevation induced at the focus is partially dependent on the
ultrasound attenuation, while the beam propagates through the overlying tissues, and the
tissue absorption coefficient at the target site. The ultrasound properties have been
compiled by several papers (38—40), and they have been used as the main sources for the
values presented in the following sections.

Speed of Sound

The speed of ultrasound is not frequency-dependent and has a similar average magnitude
of 1550 m/sec in all soft tissues (excluding lung). The velocity in fatty tissues is less than
that in other soft tissues, being about 1480 m/sec while in the lungs the air spaces reduce
the velocity to about 600 m/sec. The highest values have been measured in bones,
between 1800 and 3700 m/sec depending on the density, structure, and frequency of the
wave. In various soft tissues, the speed of ultrasound increases gradually as a function of
temperature, with the slope between 0.04 and 0.08°%K . In fatty tissues, the speed of
ultrasound decreases as the temperature increases (41). The effect of the temperature-
dependent sound speed is small on the field shape and can be ignored when sharply
focused fields are used (42-44).

Absorption and Attenuation

Ultrasonic attenuation in tissues is a sum of the losses due to absorption and scattering,
and it determines the penetration of the beam into the tissue (Fig. 8).

In experimental studies, attenuation has been found to be dominated by absorption
(45) and thus follows a frequency dependence similar to that of absorption. Therefore, the
amount of scattered energy is small and it will also be absorbed by the tissue although it may
broaden the energy distribution beyond what is expected from free field measurements (46).

1.0 ' I(x) = 1(0) e2exf |
2 0.8
2
c
= 0.5 MHz
S 967
Q
N
g o4 ~ 1 MHz
S
0.21
=z 10 MHz 2 MHz
0.0 T T T . . .
0 20 40 60 80 100

Depth in Tissue (mm)

Figure 8 The simulated intensity distributions of ideal plane wave ultrasound fields, with
different frequencies as a function of depth, in soft tissues (amplitude attenuation coefficient
4 Np/m/MHz).
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Ultrasound absorption in a viscous medium is well understood and is a result of
viscous forces between the moving particles that cause a lag between the particle pressure
and velocity (or change in density). Therefore, an energy loss during each cycle will
result. However, the tissue viscosity can explain only part of the energy loss experienced
by ultrasound while propagating through soft tissues. In tissues there is energy absorption
due to a relaxation mechanism that can be briefly described as follows. During the
compressive part of the cycle, energy is stored in the medium in a number of forms, such
as lattice vibrational energy, molecular vibrational energy, translational energy, etc.
During the expansion part of the ultrasound wave cycle, this stored energy is returned to
the wave and the temperature of the medium returns to the original level. In tissue, the
increased kinetic energy of the molecules is not in balance with the environment and the
system tries to redistribute the energy. This transfer of energy takes time and thus, during
the decompression cycle, kinetic energy will return out of phase to the wave and
absorption results. The ultrasonic absorption mechanism in tissues has been reviewed in
detail by Wells (1) and Mortimer (47).

The measured absorption coefficients of tissue increase as a function of frequency
according to the following relations:

a= ao(f)m

where a, is the absorption coefficient/MHz and f is the frequency in MHz; a, and m are
dependent on the tissue type and m has been found experimentally to be between 1 and
1.2 (45). The measured absorption coefficients for various tissues in cat, mouse, pig, and
cow are similar, with little difference among the species studied (45). However, there are
more variations among the absorption coefficients of the different tissues. Generally, the
absorption coefficient in soft tissues is on average approximately 3 to 5m~' MHz ',
excluding tendon and testis, which have absorption coefficients 14 and 1.5 m~! MHz!,
respectively. Ultrasound absorption/attenuation has been found to be a nonlinear function
of bone density and frequency with a minimum attenuation at a frequency-dependent
density (48).

Characteristic Acoustic Impedance

The acoustic impedance of a tissue is the product of the speed of sound and the density of
the medium. Generally, most soft tissues have an impedance roughly equal to that of water,
having a density around 1000 kg/m® and an acoustical impedance 1.6 x 10° kgm 2 s~ ".
Fat has a slightly lower impedance value of 1.35 x 10° kgm 2 s~ due to its lower density
and lower speed of sound. Bone and lung have impedances significantly higher and lower,
respectively. In practice, these impedance differences mean that an ultrasound beam suffers
little reflection loss while penetrating from one soft tissue to another, unless the angle of
incidence is large. This may become an issue in strongly curved tissues such as breast
(49). Soft tissue—bone is an exception with 30% to 40% reflection at the normal incidence
of the wave, and total reflection of the longitudinal wave at angles larger than 25° to 30°.
At a tissue-gas interface, all the energy is reflected back into the tissue.

Shear Wave Properties

At interfaces between different tissues, longitudinal ultrasonic waves may be converted
into shear waves when the wave incidence is not normal to the interface. The attenuation
of shear waves is higher than for longitudinal ones, being about 15 x 10°/m at 1 MHz in
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soft tissues (50,51). This mode conversion is important at the interfaces between soft
tissues and bones. The magnitude of shear-wave generation is a function of the angle of
incidence, reaching its maximum between 45° and 60° (52,53). Also, it has been shown
that once a shear wave has been generated in a bone, it can propagate through it and
convert back to a longitudinal wave at the second bone—soft tissue interface. This may be
useful, for example, in trans-skull treatments (54). The shear wave speed in the skull is
close to the longitudinal wave speed in soft tissues and thus the wave distortions induced
by the skull are minimized (53,55). The attenuation of shear waves in a skull is
frequency-dependent and is several times that of the longitudinal wave in bone being
between 94 and 213 Np/m at frequencies between 0.2 and 0.9 MHz (55). It is not known if
shear wave generation is an important factor in the wave attenuation at other tissue
interfaces.

Nonlinear Propagation

Since sound speed is dependent on the density of the medium, the compression part of the
wave travels faster than the rarefaction, resulting in wave distortion (=nonsinusoidal
wave). The distorted wave contains higher harmonics, which are attenuated more rapidly
than the fundamental frequency (56-58). The wave distortion increases with ultrasound
wave pressure amplitude, propagation distance, and frequency. It has been shown that in
a sharply focused field, the distortion is minimal in front of the focus where the pressure
amplitude of the wave is small. At the focal region, the intensity increases and wave
distortion occurs. This distortion results in increased energy absorption and enhanced
temperature elevation (59-62). Since the impact of wave distortion increases with
frequency and distance traveled, its impact on the temperature elevation, focal-spot
location, or its shape is small for most focused ultrasound surgery applications
(62,63). However, it has been proposed that pulsed sonications could be used to enhance
the focal energy delivery (59,60,64). This may also reduce the amount of energy
propagating beyond the focal and target volume, thus decreasing the possibility of
undesired hot spots at a bone surface behind the target. The cavitation threshold,
however, limits the pressure amplitude and sets the upper boundary for the gains achieved
by utilizing nonlinear propagation.

BIOLOGICAL EFFECTS OF ULTRASOUND

Ultrasound interacts with tissue through the particle motion and pressure variation
associated with wave propagation. First, all ultrasound waves are continuously losing
energy through absorption resulting in an increase in temperature within the tissue. If the
temperature elevation is large enough and is maintained for an adequate period, the
exposure causes tissue damage. This thermal effect that can be used for tissue coagulation
or ablation is similar to that obtained using other heating methods with equal thermal
exposure. Second, at high-pressure amplitudes, the pressure wave can cause formation of
small gas bubbles that concentrate acoustic energy. Similar focusing of energy can be
induced by the oscillation of small bubbles already present. This type of interaction
between a sound wave and a gas body is called cavitation and it can cause a multitude of
bioeffects from cell membrane permeability changes to complete destruction of tissue.
Finally, the mechanical stress and strain associated with wave propagation may sometimes
cause direct changes in a biological system. The mechanical interactions between
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ultrasound and tissue include radiation force and pressure, radiation torque, and streaming
(shearing stress). The bioeffects of ultrasound are extensively reviewed (65,66).

Thermal Effects

The thermal effects produced by ultrasound have been utilized in hyperthermia as a
cancer therapy as well as in many ultrasound surgery applications. In order to induce
thermal tissue damage, the exposure at a given temperature has to exceed a threshold time
below which the tissue recovers. The thermal damage threshold depends among other
things on tissue type and physiological factors (pH and O,). A given intensity or power of
the ultrasonic field does not necessarily induce a known temperature elevation. The
temperature elevation in a tissue depends on the absorption and attenuation coefficients
of the tissue, the size and shape of the ultrasound field (thermal conduction effects), and
also strongly on the local blood perfusion rate (Fig. 9).

At short exposures in the order of seconds, the blood perfusion effects are small and
the heat transference is dominated by thermal conduction (67-69). At longer exposures,
the perfusion dominates the heat transfer and thus has a major impact on the actual
temperature elevation achieved. All of these tissue parameters (except thermal
conduction) vary from tissue to tissue and location to location. Therefore the temperature
elevation during an ultrasound exposure has to be measured to ensure that adequate
thermal exposure has been achieved.

In order to briefly illustrate the temperature-time relationship, the threshold for
tissue necrosis induced by temperature elevations in different studies has been plotted in
Figure 10.
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Figure 9 The normalized peak temperature measured in vitro perfused dog kidneys as a function
of time for different flow rates into the kidney. Source: Adapted from Ref. 67.
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Figure 10 The temperature-time relationship of thermally induced tissue necrosis. Source: The
two lines bracket the experimental data summarized in Refs. 70,71.

Although the actual temperature threshold varies from tissue to tissue, the threshold
is linearly proportional to the log of exposure duration such that a 1°C temperature
increase reduces the required exposure duration to half. This relationship is characterized
by a thermal dose equation that describes the thermal exposure as the time in minutes at
43°C that achieves an equivalent bioeffect (70,71). To summarize from thermal exposure
literature, a thermal dose of 240 minutes at 43°C is sufficient to cause necrosis in all
tissues (66,70,71). Similarly, all tissues can survive an exposure of a few minutes at 43°C.
There are however many potentially useful thermal effects at exposures that do not cause
tissue necrosis, for example, sensitization of tumors to radiation or chemotherapy
(71) and the increase of tissue perfusion such that higher quantity of drugs could be
delivered in the tissue. Thermal exposures can enhance the blood vessel permeability,
release therapeutic agents from liposomal carriers (72,73), and activate drugs or gene
therapy (74-76). MRI-guided focused ultrasound can offer highly controllable thermal
exposures and thus may provide a method to explore the clinical use of these nonlethal
thermal exposures.

Mechanical Effects

To illustrate the effects of direct mechanical forces acting on particles in a biological
medium, let us consider the impact of a 1 MHz beam, with an intensity of 100 W/cm®.
Now, the particle displacement, maximum velocity, and acceleration are 0.18 pm, 1.15 m/
sec, and 7.4 x 10° gravity, respectively. The maximum displacement occurs over half of
the wavelength, which is about 0.75 mm at this frequency (1). Thus, the stress caused by
particle displacement is not large, and the direct rupture of cell membranes is unlikely.
However, the stimulation of mechanical cell membrane receptors is quite possible. The
situation is different if the wave is strongly distorted by nonlinear propagation and a
shock wave has been formed. In this case, the particles are under much larger mechanical
forces. The beam is also inducing a steady force, the radiation force, on the tissue in the
ultrasonic fields. The radiation force in a standing wave field has been found to cause red
blood cells, in a vessel of a chick embryo, to align in bands with a spacing of one half of
the sonic wavelength (77). In a traveling wave, the radiation force can induce detectable
tissue motion. This tissue motion may result in bioeffects. Radiation torque, which tends
to produce rotary motion, is closely related to radiation force. Spinning of intracellular
organs in ultrasonic fields has been reported (78). Radiation torque causes motion on a
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cellular level when cell walls, intracellular structures, or gas-filled spaces cause
inhomogeneities in the sound field resulting in an imbalance of the macroscopic forces.
Acoustic torque can lead to a steady circular flow called acoustic streaming that can
induce bioeffects via strong shear forces.

Cavitation

Acoustic cavitation can be defined as the interaction of a sound field with microscopic
gas bodies. In order for cavitation to occur in tissue, the presence of small gaseous nuclei,
which probably exist in mammalian tissues, is required (79-85). When a medium that can
host such cavitation centers is sonicated, the bubbles start to expand and contract in a
fashion that is inversely proportional to the acoustical pressure. The pulsation amplitude
reaches its maximum value at a frequency near the characteristic frequency cor-
responding to the volume resonance of the bubbles. The resonance size of the bubbles,
in free fluid in a 1 MHz frequency ultrasound field, is only 3.5 um and decreases with
increasing frequency. Smaller bubbles tend to grow toward the resonance size by
rectified diffusion, a process in which, during the expansion state, more gas is diffused
into the bubble from the surrounding medium than is returned during the compression
phase. Most of the current understanding of bubble behavior has been derived from
theoretical models of bubbles or experiments in free fluid (80,83,86,87). It is not yet
clear how bubbles are influenced by surrounding tissues or blood vessel walls in the
body (88-90).

When a bubble oscillates in an ultrasound field, it may intercept and reradiate
energy thereby absorbing much more acoustic power than that which would pass through
the geometrical cross section of the bubble. This type of bubble oscillation is called stable
cavitation and it causes microstreaming of the fluids around a bubble. The highly
localized shear stresses may lead to severe cell damage and may be responsible for the
increase of cell wall and blood vessel permeability. There is experimental evidence of the
generation of these microbubbles in a (.75 MHz ultrasonic field at intensities as low as
0.68 W/cm?, with the number of bubbles increasing at higher intensities (91). However,
these results have not yet been independently verified. Lele (92) reported stable cavitation
with diagnostic intensities at 2.7 MHz, but could not observe any tissue damage due to
stable cavitation when the tissue samples were histologically examined. Stable cavitation
may be responsible for many of the bioeffects reported when ultrasound contrast agents
with preformed gas bubbles are used (93).

At high enough acoustical pressures, the bubble oscillations become highly
nonlinear and the bubbles may expand and collapse violently. The transition from stable
cavitation to this inertial cavitation occurs with a small increase in pressure amplitude
when the threshold has been reached. Again, based on simulation and experimental
studies of bubbles in a free fluid, the acoustical pressure of a collapsing bubble can be as
high as several thousand atmospheres resulting in a shock wave and temperatures of
several thousand degrees of Kelvin. The high temperatures may cause formation of free
radicals (—H and —OH), which are chemically active, resulting in a bioeffect. The bubble
collapse can completely disintegrate the exposed tissue (92,94), resulting in a homo-
genized mixture or a fluid-filled cavity. Although mechanical tissue destruction has been
known for a long time, it is only recently that it has been investigated as an alternative for
thermal tissue coagulation (95-97). The latest results indicate that the method holds
significant promise (98).

The threshold pressure for inertial cavitation in free fluids increases as a function of
frequency and decreases as the duty cycle and pulse length (99) increase (Fig. 11).
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Figure 11 (Lefr) The pressure amplitude threshold for inertial cavitation in in vivo dog thigh
muscle as a function of frequency (100). (Right) The inertial cavitation intensity threshold as a
function of the burst length in in vivo rabbit brain for two different frequencies (101).

In dog muscle tissue, with continuous wave sonication, the threshold pressure
amplitude has been found to be approximately 5 to 6 MPa/MHz. This cavitation was
associated with a sudden increase in the tissue attenuation that translated to high
temperatures at the focus (100). There are large variations in the inertial cavitation
thresholds between different tissues and even between locations in the same tissue.

According to animal studies (92,94), the inertial cavitation was associated with
hemorrhage and tissue disintegration and the damage was distinguishable from thermal
lesions. The location of the tissue damage did not always occur at the site of the maximum
intensity but, for example, tissue interfaces in front of the focus could be the initial site of
cavitation (100).

Both inertial and stable cavitations cause a significant increase in the absorption of
ultrasound in tissue. This results in increased temperature elevation that could potentially
be useful in reducing energy transmission beyond the focus (100,102,103) and increasing
the volume of focal coagulation (approximately by a factor of 4) (104). This may make
treatment times significantly shorter, thus providing a major benefit for the treatment.

The inertial cavitation threshold is significantly reduced in vivo (the threshold can
be in the order of 0.5MPa) when an ultrasound contrast agent bolus containing
microbubbles is injected into the blood stream. The bubbles have been shown to increase
the energy absorption and the temperature elevation when compared to tissue without the
bubbles (105). In addition, it has been shown that the thermal tissue damage temperature
threshold during the ultrasound exposure is reduced to approximately half that which was
required without the contrast agent. In addition the required time average power was
reduced by approximately 90%!
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TEMPERATURE SENSITIVITY OF MAGNETIC RESONANCE IMAGING

Since both the chemical environment and relaxation properties of the nuclei that are the
source of the signal in magnetic resonance (MR) are sensitive to Brownian motion and
the associated molecular tumbling rates, MR imaging (MRI) techniques are intrinsically
sensitive to temperature. Of the many MR parameters that can provide temperature-
sensitive contrast, the temperature dependence and sensitivity of several parameters in
particular, have proven useful for monitoring temperature changes in soft tissue during
delivery of hyperthermia or thermal therapies: the apparent diffusion constant of water
(D), the spin-lattice relaxation time (7), and the water proton resonance frequency
(PRF). The temperature sensitivities associated with each of these parameters are large
enough to allow temperature-dependent changes to be observed quantitatively using
either direct or indirect measurements using standard MRI devices over a range of
temperatures relevant for thermal therapy. The development of these techniques to
noninvasively measure temperature changes in tissue has brought renewed interest in
using these techniques to enhance the guidance of thermal therapy treatments.

Of the available radiological imaging modalities capable of providing real-time
temperature feedback, MRI has the desirable properties of excellent soft-tissue contrast
and the ability to provide fast, quantitative temperature imaging in a variety of tissue
(1,2). This technology, in concert with the other benefits of MRI for guidance of therapy,
led to the investment of significant time and resources to develop specially designed MR
suites adapted to the intraoperative and interventional environments (Fig. 1).

Temperature Sensitivity of the Molecular Diffusion
Coefficient of Water

Molecular water mobility due to thermal Brownian motion is quantified by the molecular
diffusion coefficient of water, which is, by definition, a temperature-dependent process
and can be quantified using MRI via the apparent diffusion coefficient (3). A direct
relationship exists between temperature and the diffusion coefficient (D) via the Stokes-
Einstein relationship:
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Figure 1 (See color insert.) Demonstration of MR guidance for treatment planning, monitoring,
and verification of focused ultrasound treatment delivery from a prototype system used to ablate a
canine transmissible venereal tumor inoculated in the paraspinal muscle. Subject is imaged and the
target region identified using T,-weighted imaging (A). Target (red) is then delineated on the
treatment planning image (B). Complex phase-difference MR temperature imaging using the
temperature sensitivity of the proton resonance frequency to visualize a series of 10-second pulsed
focused ultrasound treatments, which are applied in raster form across the target to cover the
prescribed area (approximately 45 seconds of wait time between consecutive pulses to minimize
heating in the near field) (C). Contrast-enhanced T,-weighted imaging results, registered to the
treatment plan and MRTI results, verify the treatment delivery by demonstrating hypointense regions
where tissue perfusion has shut down (D). A pathology photograph of the excised tissue in nearly the
same slice shows the estimated region of ablation (green) and the tumor (red) in (E). This tissue
section (yellow) and the associated estimated damage are overlaid on the contrast-enhanced T-
weighted image (green) to visualize the high degree of correlation between the T-weighted
verification image, pathology (F), and MRTI damage estimates based on a threshold of 57°C (G).
Abbreviations: MR, magnetic resonance; MRTI, magnetic resonance temperature imaging.

D ~ Dyett (1)

where E, is the activation energy of the material (approximately 0.2 eV at 20°C for
water), k is Boltzmann’s constant (8.617e_5 eV/K), and T is the absolute temperature in
Kelvin. From this expression, it can be shown that for a temperature change (AT) that is
small with respect to the initial temperature (7)), a corresponding shift in diffusion (AD)
with respect to the initial diffusion value (Dy) is seen.

kT3 AD
B Ea DO

AT (2)

Theoretically, this yields a temperature sensitivity of approximately 2.4% for
pure water, making it one of the most sensitive MR temperature imaging (MRTI)
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techniques (4,5). Water mobility is strongly correlated with the degree of hydrogen bonding
and the relative ion content of the water (such as sodium, calcium, and potassium). In tissue,
mobility of the fast diffusing component is impacted by the tortuosity of the environment
from cellular level structures (6), which is significant given the low b-values used for MRTI
in order to maintain signal-to-noise ratio (SNR) (generally <500 sec/mm?) (7). With common
diffusion times of 50 msec, root mean square displacement is on the order of 8 vm, which is
on the order of the size of the cell, leading to a high probability of intracellular or extracellular
water having interaction with some semipermeable structure such as a cell membrane.

In light of this, water mobility in tissue tends to be more complex, resulting in
activation energy that is both tissue-dependent and can display some level of anisotropy.
Additionally, over time, physiological responses, such as edema, ischemia, cellular
swelling, and protein coagulation, can result in local diffusion changes that cannot be
separated from the temperature-dependent changes being measured.

Diffusion weighting can be added to virtually any MR pulse sequence by adding a
pair of balanced gradients, which lead to a net dephasing of moving spins while stationary
spins are refocused. The signal as a function of the diffusion constant is related to the
gradient pulse amplitude and timing as

S = Spe P

with
222 6
b=yG6<A—§> (3)

where the b-value is calculated from the known quantities of the gyromagnetic ratio (y), peak
gradient amplitude (G), time between gradient lobes (A), and the duration of the diffusion
sensitizing gradients (8) (8). Since acquisition of multiple b-values for extrapolating the
diffusion constant (or tensor) takes time, usually only two b-values are used. To help minimize
effects of anisotropy, three orthogonal directions can be used, at the cost of imaging time and
increased potential motion contamination, to calculate the trace of the diffusion tensor.

Echo-planar imaging (EPI) is widely held to be the current gold standard for rapid
diffusion imaging (9,10). However, a wide variety of alternate methods of acquiring
diffusion-weighted images using fast spin-echo (FSE), PROPELLER, line scans, and
spiral acquisitions are also becoming available. When using sequences that are not fat
suppressed, it is important to note that the temperature sensitivity of the diffusion
coefficient of fat is different from that of water and will cause measurement errors. For
the rates of heating and spatial resolutions associated with temperature monitoring of
focused ultrasound ablation, single shot acquisitions are preferred in that they enhance the
acquisition speed and minimize the effects of motion, but with compromises in the spatial
resolution, SNR, and proclivity to artifacts (4,11). Unfortunately, diffusion methods are
extremely sensitive to low SNR, and so techniques that trade off SNR for spatiotemporal
resolution, are not feasible for temperature monitoring applications.

It should be noted that new hardware available on most high-field (=1.5 Tesla)
scanners, such as high performance gradients with better eddy current compensation, fast
phased-array receivers compatible with EPI techniques and parallel imaging techniques,
facilitate better resolution, SNR and artifact control for EPI-based diffusion techniques,
necessitating a possible re-evaluation of this technique for temperature monitoring of
rapid ablations in vivo. That being said, critical in vivo evaluation and validation studies
in different tissues are still needed and will be valuable in assessing the appropriateness of
the diffusion technique for thermal ablation, particularly at higher field strengths where
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separation between the fast and slow components of water diffusion may be investigated
during application of therapy.

Temperature Sensitivity of the Spin-Lattice Relaxation Time

The first parameter to be used for temperature imaging for therapeutic monitoring was the
spin-lattice relaxation time (7) (12,13). T is an indicator of how long it takes the nuclear
spins to relax back into a state of thermal equilibrium, where the original net
magnetization along the longitudinal axis of the static field is regained, after being rotated
off the axis. For water protons, the primary mechanism for 7T relaxation is dipole-dipole
interaction. To first order, the T, relaxation time is inversely proportional to the
correlation time ( tc), which can be related to molecular diffusion. The temperature
dependence of T, like the diffusion coefficient, is extremely sensitive to temperature-
dependent Brownian motion (14) and, when the ensemble of correlation times in a voxel
are assumed to be similar, is approximately dependent on the temperature according to

T1 OCT1 (O)e% (4)

where, in this case, the activation energy is for the T process and, because of this, the T
temperature dependence relies critically on the tissue type. An unfortunate limitation of the
technique, however, is that T relaxation and its temperature sensitivity are additionally
linked to the exchange processes between water in different bound states, making the
technique extremely dependent on the tissue environment. As higher temperatures are
reached, thermal protein denaturation can cause irreversible T; parameter changes due to
structural changes in the surrounding proteins. Such changes cannot be separated in any easy
fashion from the temperature-dependent changes that are happening concurrently, the result
being a loss in the ability to quantitatively track the temperature as thermal coagulation
occurs in the region of treatment.

The spin-lattice relaxation time, T, increases with increasing temperature. The
response to temperature changes is approximately linear for temperatures that do not
cause irreversible damage in tissue (T < 55°C) (15). As stated, the temperature sensitivity
of the technique is highly tissue-dependent, ranging from about 0.8%°C ™" to 2.0%°C "
(13,16). The accuracy of the method is heavily dependent on the accuracy of the T
measurement, making it the most difficult of the three methods mentioned here to
perform accurately with fast imaging techniques.

Tissue T values can be calculated by fitting a multipoint recovery curve to a series
of measurement experiments, as is done with inversion recovery and repeated saturation
recovery experiments (17). While these techniques do provide the most accurate estimate
of T, they are also time-consuming, making them poor candidates for thermal ablation
MRTI applications. Techniques such as a multiflip angle fast gradient-recalled echo
imaging are faster, but yield larger inaccuracies (18). Modern implementations for
thermal ablation procedures rely on a long repetition time (TR) baseline image (TR = )
or a series of magnetization prep pulses followed by a fast, short TR acquisition, such as
FSE or fast gradient-recalled echo (2,19,20).

Using an FSE acquisition strategy, a two-point calculation of T can be made from
the ratio of the baseline image (Sy) taken at temperature T, to the subsequent nth image
(S,) taken at temperature T, +AT according to the relation,

TR

S, Mn(l _ e—TR/Tl(n)) 1 1 — eTim+aaT S
So Mo(I— e ™M) ~ [ 417 A (5)
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where it is assumed a linear relationship of T((AT) = T,(0) + a-AT exists and the net
magnetization available, M, follows a Curie Law for temperature (21). Changes in signal
due to temperature-dependent changes in T, have also been ignored, which is realistic
with choice of a suitably short time to echo (TE). If we restrict AT < 20°C and assume TR
>> T(0), the resulting ratio is approximately linear and is given by,

Sy TR, 1

S_0:T1(0)+OL-AT+§[O]+ (6)

from which the temperature change can be solved for and is given by,

AT_;(S";K’—TI(O)) (7)

This is one of the simpler quantitative methods of extracting temperature changes
from T,-weighted MR sequences, although the approximation can be poor for large
temperature changes. Implementation can be difficult because both o and 7(0) are
required for quantitative measurement and both are dependent on tissue type (o, which
can be positive or negative) (15).

Even when used in conjunction with fast imaging acquisitions, 7; method is a poor
choice for quantitative MRTI monitoring of rapid heat deposition ablation processes because
the temperature response quickly becomes nonlinear at higher temperatures, exhibiting
hysteresis when irreversible damage has been reached (22). Despite this, T -based MRTI is
useful for nonquantitative monitoring of tissue temperature changes, particularly when
motion causes problems with other techniques. Further, despite limitations, T)-based
MRTI may prove to be the most useful MRTI technique for quantitative measurement of
temperature changes in adipose tissue because of the limitations of other methods when it
comes to temperature sensitivity and measurement in lipid tissues (23,24). However, because
of the difference in temperature sensitivity of lipid and soft-tissue, techniques for separating
fat and water, such as Dixon techniques, will be required to avoid inaccurate temperature
estimates from partial volume effects.

TEMPERATURE SENSITIVITY OF THE WATER PRF

By far, the most exploited and widely validated quantitative MRTI techniques are based
on the temperature sensitivity of the water proton chemical shift (25,26). The shift of the
PRF is proportional to temperature over a large range of temperatures (0—100°C), with a
sensitivity of —0.01 ppm/°C for bulk water. The effect is relatively insensitive to tissue
type with a range of approximately —0.0096 to —0.0113 ppm/°C in tissue (27).

Similar to the previous two methods, the physical basis for the temperature-
dependent PRF phenomenon is that a rise in temperature leads to a corresponding
increase in molecular Brownian motion. The result of this is that, as temperature rises,
hydrogen bonds between local water molecules bend, stretch, and break. However,
instead of arising from the increased molecular mobility, like diffusion, the PRF arises
from a shift in the molecular shielding of the proton. Decreased net hydrogen bond
strength results in an increase in the strength of the covalent bond between the water
proton and its oxygen, which better shields the proton from the external magnetic field
changing the proton shielding constant (Ac) and resulting in a resonance frequency shift
of the proton (25,28). The degree of hydrogen bonding in water and the measured
chemical shift is an approximately linear (29) relationship resulting in a linear shift in the
water PRF (Af) with a change in temperature (AT).
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2
Af =yAB = —yBy <AG + gAX) >~ yBya AT (8)

Where o is referred to as the temperature sensitivity coefficient and is primarily
representative of the changes in the shielding constant (Ac) with some contribution from
changes in bulk susceptibility due to temperature (Ay). When carefully measured in
biological tissue (4,30,31,32) and agar phantom (32), the magnitude of the temperature
sensitivity coefficient of the PRF shift is slightly less than that measured in bulk water,
which may be due to effects of hydration layers in the tissue (33), the electrical properties
of tissue (34), and non-negligible susceptibility effects (32,35,36).

Using MRI, this temperature-dependent PRF shift can be measured using chemical
shift imaging (CSI) techniques to directly measure the frequency shift (37). However, the
easiest method for fast, high-resolution estimation of temperature changes due to the PRF
shift is based on indirect measurements via relating the difference in phase between sub-
sequent images (37,38) to the frequency shift. Using fast gradient-echo—based techniques
(Fig. 2), the accumulated phase difference (Ad) between voxels acquired in two different
images due to a temperature-based shift in the resonance frequency (Af) is given by the
expression:
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Figure 2 Typical pulse sequence diagram for a RF-spoiled, two-dimensional, fast, gradient-echo
sequence used for phase-difference MRTI. A small flip angle (usually <30°) excitation pulse is
applied under a slice selection gradient (G,) from ¢, — #,. Spoiling of the steady state is achieved by
cycling the RF phase each TR period. At #,, G, polarity is reversed to account for dephasing of the
transverse magnetization from 7o — f, due to G,. From t. — t., G is turned on to prephase (move to
“kx max in k-space). The area under G over f. — ¢ is the same magnitude, and opposite polarity, of
the area over ¢, — trg to refocus the phase and form the gradient-echo at the echo-time #1g (kx = 0).
G, is applied over ¢4 — f. and can occur during the period following the G, prephasing if necessary.
End of the readout occurs at #;. G, gradient is then applied to dephase residual transverse relaxation.
G, and Gy gradients are applied to rephase spins for the next excitation (return to k, = k, = 0). By
applying G for a slightly larger prephasing area, time is saved by no longer needing to ramp Gy for
the rephasing period. Abbreviations: MRTI, magnetic resonance temperature imaging; RF, radio-
frequency; TE, time to echo; TR; repetition time.
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A=2¢p-Af-TE=2r-yBy-oAT - TE 9)

where y is the gyromagnetic ratio for the water proton (42.7 MHz/Tesla), By is the
magnetic induction of the static field, TE is the echo time of the sequence, and o is the
temperature sensitivity coefficient in ppm/°C. The temperature sensitivity is found
empirically by plotting the phase difference versus measured temperature (Fig. 3), but
tends to be tissue independent.

To extract the temperature change between two images, one only needs the
complex phase difference of a reference (Sp) and subsequent MR image (S) at a different
temperature (Fig. 4):

_ Ag arg(SpSh)
~ 2n-yBy-o. 2m-yBg-a

(10)

Artifacts and inaccuracies in the complex phase-difference PRF technique come
from several sources. One limitation is the insensitivity of the lipid chemical shift to
temperature. Lipids do not have the strong hydrogen bonding network that gives rise to
the temperature-dependent PRF shift seen in water. Therefore, voxels containing both
lipid and water exhibit varying temperature sensitivity when complex phase-difference
imaging is used. Furthermore, the response will vary as a function of TE. This can
produce substantial errors (>10%) in MR thermometry estimates (36,38,39). Therefore, as
with the T and diffusion techniques, lipid suppression is critical for accurate MRTI using
the temperature-dependent PRF shift.

However, lipids do exhibit a temperature-dependent bulk susceptibility that
influences the PRF shift even in the absence of lipid signal (32). Other tissue properties,
such as iron content, can also affect the susceptibility. Induced susceptibility effects will
then have a tendency to be a function of tissue type as well as orientation of the heating
pattern in the field. As previously mentioned, temperature-dependent susceptibilities lead
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Figure 3 The temperature sensitivity coefficient is empirically determined or verified by plotting
the measured phase difference (Ad) from an MRI sequence versus the measured temperature. Case
shown is for a deionized water sample imaged during cooling over the range of 30°C to 80°C. A
least-squares fit yields a slope of & = —0.0104%7.9 x 10 x ~® ppm/°C with a Pearson’s R* = 0.9998
(n=300) (A). Once the temperature sensitivity of a material is known, a plot of temperature versus
time can be made from the phase-difference data using equation 13 (B). Abbreviations: MRI,
magnetic resonance imaging; MRTI, magnetic resonance temperature imaging.
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Magnitude Images

Complex Phase-Difference

Figure 4 (See color insert.) Example output of typical fast gradient-echo MRTI images during
focused ultrasound heating of an agar phantom (3 secs per image, 0.7 x 0.7 x 3 mm resolution). A
transverse cut of the focus is shown with the reference images (prior to heating) on the left and the
postheating images on the right. On magnitude images, the focus becomes dark with increasing
temperature, indicative of increasing T,. The complex phase-difference images demonstrate
excellent contrast against the background, with no mean-phase changes measured inside the
phantom outside the focal region. The noise in the complex phase-difference images outside the
phantom has been masked out based on the SNR of the magnitude image in order to enhance
presentation (the phase difference is uniformly distributed between -n and « in regions of no signal).
Abbreviations: MRTI, magnetic resonance temperature imaging; SNR, signal-to-noise ratio.

to phase changes. Using simple phase-difference techniques, these susceptibility-induced
phase changes cannot be separated from the PRF generated phase shifts and can result in
non-negligible errors (32,35,36), especially in temperature distributions with sharp spatial
gradients (27,40). To minimize errors, use of a spherical heating pattern, alignment of
cylindrical heating patterns with the main field axis, or generating smaller spatial
temperature gradients is helpful. In the case of high lipid content tissue, techniques can be
used which attempt to use the lipids for internal reference to minimize error, which is
fortunate because fatty tissue can induce its own temperature-dependent susceptibility
changes.

Tissue motion is another problem for the complex phase-difference PRF technique,
which can limit the usefulness of this technique in some areas of the body. Many
approaches have been investigated to limit the errors due to motion, each with their own
advantages and limitations. A brief, but excellent, review of motion correction for MRTI
can be found in Ref. (41). Respiratory triggering of fast sequences can be used with some
sequences at the cost of temporal resolution, but even with novel processing techniques,
tend to fail for irregular or deep breathing (42—44). Navigator echoes can also be
incorporated into sequences to compensate for translational motion (45). More recently, a
brute force postprocessing technique for handling motion-induced changes in the
background phase capitalizes upon the fact that the background phase in MR images is
spatially slowly varying and so the background phase in the treatment area can be
extrapolated using the background phase accurately from the surrounding tissue, resulting
in a “referenceless” PRF technique (46). While promising for many regions, this technique
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is limited by the need to have enough surrounding tissue with which to calculate the phase
for extrapolation, problems with rapidly varying phase near boundaries, and the need to
modify the acquisition to account for lipid phase. With recent increases in gradient
performance and the incorporation of parallel imaging techniques to limit increased
acquisition times (47), fast multiecho (48-53) studies may ultimately be necessary for a
less motion sensitive estimate of the frequency shift without compromising spatiotemporal
resolution.

The PRF shift can be measured directly using MR CSI. CSI offers the benefit of
high temperature resolution and the ability to use an internal reference peak, such as
lipids, to provide absolute temperature measurements, limit sensitivity to motion artifacts,
and correct for susceptibility or inhomogeneity effects (37). The primary disadvantage of
using standard CSI techniques is poor spatiotemporal resolution, limiting the ability to
directly apply this technique for monitoring rapid heat delivery in a volume.

OTHER TEMPERATURE-SENSITIVE MR TECHNIQUES

The temperature dependence of the spin-spin relaxation time is relatively small compared
to the previously mentioned techniques and suffers from long acquisition times and low
SNR (54). Temperature sensitivity of other MR parameters, such as magnetization
transfer, spin density, and perfusion, have also been investigated, but similarly suffer
from acquisition difficulties and low temperature sensitivity, limiting their widespread
use (15,55).

However, the introduction of exogenous agents, such as heat-activated liposome-
based contrast agents (56-58) or paramagnetic lanthanides (20,59-63), have the
advantage of increased sensitivity, the ability to eliminate certain aspects of motion
errors during therapy, and the potential for absolute temperature estimation.
Unfortunately, in addition to the large doses needed to implement these techniques
given current technology, the largest limitation of exogenous agent techniques is the
inhomogeneous distribution of material into the target region, rendering them of limited
usefulness for quantitative or even qualitative use in therapies where the agent cannot be
delivered uniformly throughout the tissue of interest. Despite this limitation, such agents,
particularly when targeted or delivered to the specific tissue or site of interest, will likely
be of key importance in molecularly targeted thermal therapy techniques in the future
where precise, but relatively localized, temperature control will be needed in order to
effect a particular response such as increased vascular permeability, gene therapy
activation, or drug delivery.

MRTI ACQUISITION STRATEGIES FOR ULTRASOUND ABLATION

The size of volume to be monitored, the size of the heating source, and the rate of heating are
all important factors in determining the necessary spatio-temporal resolution and volume
coverage needed to monitor a technique (64,65). The needs of technique irradiating a volume
over one to several minutes using phased-array or multielement ultrasound heating
techniques (Fig. 5) have different sequence requirements than a tightly focused, rapid heating
ultrasound technique (Fig. 6).

For tightly focused ultrasound beams, such as those used in extracorporeal focused
ultrasound, averaging across the focus can lead to underestimation of the maximum
temperature and it is important to adjust your imaging parameters appropriately.
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T2-weighted

T1-weighted

Figure 5 (See color insert.) Demonstration of MR-guided ablation of canine transmissible
venereal tumors in the brain using a multi-element ultrasound applicator. Phased-array and
multielement ultrasound treatments cover larger volumes, usually over longer periods of time. T and
T»-weighted images were acquired for planning and localization of the ultrasound applicator (arrow)
in the tumor (Column A). During therapy, seven planes of MR temperature images were acquired
using a multishot echoplanar imaging sequence processed using the complex phase-difference
technique described in the text. The central slice of treatment with temperature overlay and estimated
region of damage [cumulative equivalent minutes at 43 degrees (CEM 43) > 50 minute isodose line in
green] are shown on the pretreatment images (Column B). T>-weighted and contrast-enhanced T-
weighted images acquired after therapy demonstrate the region of damage as assessed by MRI
(Column C), which correlates strongly with the estimated damage as demonstrated by the overlays in
Column D and the gross pathology photographs in Column E. Abbreviations: MR, magnetic
resonance; MRI, magnetic resonance imaging.

For optimum accuracy, the slice thickness should be oriented along the axial direction of
the beam. For instance, assuming an approximately Gaussian distributions of temperature
along the longitudinal and transverse axes (a good approximation of the temperature
distribution near the focus), for a beam with transverse full-width half maximum
(FWHM) = 4mm and an axial FWHM = 8 mm, transverse plane resolution better than
1.3 mm and a slice thickness «3 mm will keep spatial averaging error of the maximum
temperature less than 10%. Switching the slice orientation to obtain a longitudinal view
of the beam requires the slice thickness 2 mm to obtain similar accuracy. In addition,
very small errors in placement of the imaging slice would have a dramatic effect on the
accuracy and sensitivity of your temperature imaging.

Obviously, slice thickness is a very important spatial resolution parameter as it can
result in the most detriment to the temperature estimation. When optimizing a protocol,
the in-plane resolution should be sacrificed for SNR purposes before the slice thickness.
While spatial averaging of in-plane temperature can bias the measurement of the
maximum temperature at the focus by several degrees, for reasonably sized lesions, this
averaging effect is not nearly as detrimental at the lesion borders as long as the
temperature gradient in the region is linear and monotonic within the averaging window.
Under these circumstances, the average tends to converge to the actual temperature in the
center of the window.

Similar to in-plane resolution, temporal resolution has an averaging affect on the
maximum measured temperature at the focus. For rapid heating applications, temporal
sampling on the order of three to five seconds is appropriate for maximal AT/dr<4°C/sec
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(A)

30 mm

/ Focused ultrasound beam

25 mm

Figure 6 (See color insert.) A challenge in temperature-monitoring thermal therapies utilizing
ultrasound is conforming the MRTI technique to the geometry and timing. An externally focused
high-intensity ultrasound kernel (Az~10-20 seconds), such as that shown in (A), requires much
higher spatiotemporal resolution, while a large, water-cooled, multielement interstitial or
transurethral ultrasound applicator such as that shown in (B) (A7 ~5-10 minutes) may use relaxed
spatiotemporal resolution without penalty but requires more volume coverage to accurately
characterize the thermal dose delivered over the region, and may be more likely to incur artifacts
from motion or temperature-dependent volume susceptibility. Abbreviation: MRTI, magnetic
resonance temperature imaging.

(approximately) considering the rate of heating slows as time progresses and is lower at
the lesion borders. Aside from averaging, your temporal resolution should reflect the rate
of feedback you need to safely monitor your application of energy.

With respect to averaging, the most important factor in minimizing temporal
sampling averaging is appropriate trigger timing with respect to the beginning and ending
of heating. As long as the heating curve is approximately piecewise linear and monotonic
within each averaging window, the average value will tend to better represent the true
value of the temperature in the center of the window. The best method for minimizing
temporal sampling errors that can seriously degrade damage estimates is to make certain
the temporal window for imaging is not centered on a discontinuous heating profile (i.e.,
whenever possible, do not image during the ramping on or off of the heat source).

For PRF-based techniques, in regions of sufficiently large SNRs, Gaussian
distributions of the real and imaginary can be assumed. In this case, the noise in the
phase-difference image (G4), and hence in the temperature image, can be expressed as (66):

V2
SNR,

Gap = V2 = (11)
A
where A is the magnitude signal, o is the noise in the magnitude signal, and SNR, is the
SNR of the magnitude image (Fig. 7).
Many find it useful to define a metric as the “phase-difference contrast to phase-
difference noise ratio” (CNRyy = Ad/cag) to describe the sensitivity of the technique.
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Figure 7 Propagation of error in complex phase-difference MRTI using the PRF shift. The
magnitude image SNR necessary to achieve a particular temperature uncertainty (Ga7) is plotted
versus the echo time of the sequence. Note that significantly higher SNR is needed at shorter echo
times to keep the uncertainty in the temperature measurement small. Abbreviations: MRTI, magnetic
resonance temperature imaging; PRF, proton resonance frequency; SNR, signal-to-noise ratio; TE,
time to echo.

It can be shown that for a simple gradient-echo type sequence, the optimal choice for TE
to balance sensitivity versus noise is the T of the tissue whereas all other imaging
parameters should be chosen to maximize image SNR for the required spatiotemporal
resolution (Fig. 8) (49,67).
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Figure 8 A typical presentation of the temperature change at the focus, AT, versus time for
focused ultrasound heating in an agar phantom (A). Error bars show the uncertainty in the mean
(n=15). The measured and theoretical CNR,T curves for a fast gradient-echo-type sequence versus
echo time (B) and flip angle (C) demonstrate the close relationship between theoretical
optimization parameters and empirical measurements. The optimal TE in this case is determined
to be 32.33+0.85 msec while the measured T3 in the phantom over an 80 period was 32.11+
1.36 msec. In the case of the flip angle optimization, the effects of slice thickness must be accounted
for to properly optimize the SNR. The Ernst angle prediction of the optimal flip angle from the
measured 77 (1087.8£11.2ms) is 13.24°+0.0012° while the optimal flip angle from the measured
data is 22.25°. If the effects of a Gaussian slice profile are accounted for in the fast gradient-echo
sequence, the theory produces an optimal flip angle of 20.0°£0.026°, which is in much better
agreement with the measurements. Abbreviations: CNR, contrast-to-noise ratio; SNR, signal-to-
noise ratio; TE, time to echo.
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ADVANCED MR TEMPERATURE IMAGING AND FUTURE DIRECTIONS

As previously mentioned, MRTI techniques should be tailored for the application.
Temperature feedback during therapy is a critical component in treatments seeking rapid
verification or control of therapy (2,45,68-76).

For PRF-based MRTI using complex phase difference, TE < TR, limiting the
ability to obtain an optimal TE for some tissues without sacrificing temporal resolution.
Echo-shifted sequences, which allow TE > TR have been employed in the past to
facilitate optimal TE = T%, but are limited by increased motion sensitivity and the
inefficiency of the short TR (even when segmented methods are used) (39,67,77). To
address the challenges of obtaining a near-optimal TE, lipid suppression and multiple
planes while maintaining the spatiotemporal resolution and SNR of gradient-echo
methods, a multishot EPI (78-81) or spiral (82) sequence may be used (Fig. 9).

These segmented acquisition approaches, combined with parallel imaging
techniques (47) and respiratory gating, have been used with some success for MRTI in
the challenging area of the liver (42,43).

The slice efficiency of the segmented echo-planar sequences can be somewhat
reduced by removing the phase encodes in order to generate multiple gradient-echoes,
which can be used to map the frequency (83) or generate a spectrum (fast CSI) (37,48,
50). These fast chemical shift acquisitions, in conjunction with appropriate processing,
may address many of the limitations associated with the complex phase-difference
PRF-based technique by limiting errors due to motion and susceptibility and possibly
providing an internal reference for absolute temperature measurement. These techniques,
while promising, have thus far been plagued by limitations in spatiotemporal resolution
and tremendous process constraints. However, by incorporating modern hardware
advancements, such as parallel imaging, and relaxing sampling requirements (i.e.,
allowing larger echo spacing and reduced total number of echoes), multiplanar techniques

(A) (B) (€)

Figure 9 (See color insert.) MR-guided focused ultrasound ablation of breast cancer at The
University of Texas M. D. Anderson Cancer Center (unpublished results from 2001). A T,-weighted
image is acquired prior to treatment and used to plan the delivery of therapy (A) by outlining the target
(green). A fat suppressed, multishot EPI sequence (as described in Ref. 80) was used to monitor
temperature changes in real time during multiple focused ultrasound pulses. The maximum
temperature achieved over the duration of the treatment is plotted cumulatively on top of a T>-
weighted image acquired after the therapy (B). Unfortunately, temperature cannot be accurately
measured in the fat outside of the glandular tissue, resulting in gaps in the temperature map. The
estimated cumulative damage is overlaied on the post-therapy T,-weighted image (C). Note the
accumulation of swelling in the region from the procedure. Abbreviation: MR, magnetic resonance.
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with similar spatiotemporal performance to current single plane gradient-echo techniques
can be realized.

CONCLUDING REMARKS

Several investigators have investigated the sensitivity, benefits, and trade-offs of different
MRTI techniques (20,84—86). For most applications that require quantitative temperature
monitoring with high spatiotemporal resolution, the PRF technique is the most ap-
propriate technique since, with the exception of lipids, it is less sensitive to differences in
tissue composition. The primary advantage of the PRF over the other two methods is the
high spatiotemporal resolution and accuracy with which measurements can be taken over
a variety of system configurations. As MR-guided ultrasound thermal therapy procedures
move into the clinical setting, MRTI technology is being adapted to address the
specialized needs of each application. Currently, regions of motion and susceptibility as
well as extended treatment times are challenges to quantitative MRTIs that do not have
robust solutions.

Lastly, it should be noted that now, as precisely controlled and localized delivery of
heat into the human body is now slowly becoming a reality, using heat as an energy
source capable of inducing localized tissue ablation or for hyperthermia applications is
just the beginning of the myriad of potential applications for image-guided thermal
therapy. In the future, precise heat delivery can be used as the catalyst or driving energy
source for a variety of local chemical reactions, such as drug activation or induction/
inhibition of heat shock protein or enzyme activity. Precision heat delivery in vivo,
particularly in the tumor microenvironment, will facilitate the advancement of novel
molecularly targeted therapies. In order to fully realize the potential for such therapies, a
robust suite of complimentary molecular imaging techniques to monitor such therapies in
vivo will need to be developed and explored.
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INTRODUCTION

The initial experiments involving magnetic resonance imaging (MRI)-guided focused
ultrasound surgery (MRIgFUS) were performed in the early 1990s by a collaboration of
investigators at the University of Arizona with investigators at Brigham and Women’s
Hospital and General Electric (1-4). These experiments demonstrated the feasibility of
using a focused ultrasound device within an MRI scanner, visualizing the focal heating
and detecting the resulting tissue damage. Based on these studies, a prototype computer-
controlled MRIgFUS system was developed (5), which was used shortly afterwards in a
clinical study to ablate breast fibroadenomas (6). A similar system was developed
independently in Germany (7).

Following these initial studies, substantial work involving methods to improve the
MRIgFUS device and the treatment monitoring was performed. Key work in this area
involved developing MRI-compatible phased arrays (8—13) and driving systems (14) that
can be used to increase the focal heating volume and steer the ultrasound beam, and
testing and validating MRI-based temperature imaging (15—17) to localize the focal spot
(18) and to predict online the ablated zone (19-22). These concepts were integrated into a
second-generation MRIgFUS device, the Exablate 2000™, which was produced by
InSightec (Haifa, Israel) and was granted Food and Drug Administration approval in the
United States in 2004 for the treatment of uterine fibroids (23-25).

The reader is directed to the other chapters in this book for more detailed
descriptions of these key concepts involved in MRIgFUS systems. In this chapter, other
experimental work with MRIgFUS is reviewed. Different MRI-compatible ultrasound
applicators and uses of focused ultrasound within the MRI environment have been
developed, and they could have a major impact in the future.

EXPERIMENTAL MRIgFUS DEVICES

In addition to MRIgFUS systems that employ extracorporeal transducers, there has been
substantial work developing interstitial, intraluminal, and intracavitary MRIgFUS
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devices. While these applicators are more invasive, they offer the ability of targeting
tissue that is difficult to access with an externally focused beam due to lack of an
acoustic window or organ motion. Thermal ablation using other interstitial probes
(radiofrequency, microwave, laser, or cryotherapy) has also been an extremely active
subject of research in recent years as a less invasive alternative to surgical resection for
tumor treatments, and it is poised for widespread use in the clinic (26). Interstitial
ultrasound probes may offer significant advantages over these other energy sources, and
when coupled to an MRI, they could substantially improve such ablation treatments.

A major advantage of ultrasound is the ability to direct the energy deposition in a
particular direction using sectored, multichannel cylindrical applicators (27) or with
planar applicators that can be rotated to deliver the acoustic energy in the desired
direction (28). Control in the depth direction has been shown possible by using different
ultrasound frequencies (29), and applicators can be made at different lengths to heat
different sized targets.

MRI-compatible interstitial ultrasound probes have been constructed and tested
successfully with online feedback from MRI-based thermometry (30-33). For example,
Nau et al. recently reported on experiments that evaluated such probes during thermal
ablation of prostate in a dog model (33). The cylindrical transducer was sectored to give a
180° active region. They showed that by implanting multiple probes and by rotating the
transducer during sonication, large ablated regions can be produced. They also were able
to map the temperature rise online with MRI-based thermometry to predict the extent of
the thermal damage. MRI-compatible transurethral applicators with similar designs have
also been tested for prostate ablation (34-37). An example of the heating produced by
such a device is shown in Figure 1.

MRI-compatible transrectal probes designed for thermal ablation of prostate have
also been developed and tested in animals. The ability of these arrays to steer the beam
using a phased array and the use of MRI-based treatment planning and thermal feedback
could offer a significant improvement over transrectal focused ultrasound devices that
have been tested clinically under ultrasound imaging guidance (38,39). Hutchinson et al.
designed a linear phased array probe with 57 elements that can steer the focal region
along the axis of the probe and in the depth direction. The probe was designed with
aperiodic elements to increase element size without increasing grating lobes (40) and can
scan the beam during sonication to increase the focal volume (41). Tests of the probe in
vivo in rabbit thigh muscle were demonstrated under MRI control (10). Sokka and
Hynynen expanded on this design, adding motorized control of the probe to steer the
beam laterally (12). Based on in vivo experiments performed in rabbit thigh (Fig. 2), they
estimated that they could ablate the entire prostate in about 40 minutes.

MRI-compatible transesophageal probes designed for the treatment of esophageal
cancer (42) and transurethral probes designed for the treatment of prostate cancer
(34,35,37,43) have also been tested in animals. MRI-compatible transrectal ultrasound
applicators designed for hyperthermia treatments have also been investigated (44).

CLOSED-LOOP FEEDBACK CONTROL

As currently implemented clinically, volumes are thermally ablated with an externally
located focused ultrasound transducer using relatively short (approximately 10-20
seconds) sonications delivered to multiple overlapping locations while the temperature
rise and accumulated thermal dose (45,46) are monitored with MRI. Using short
exposures reduces the effects of the tissue perfusion and blood flow (47), which are



Experimental Uses of MRIgFUS 45

Figure 1 (See color insert) Three transverse MRI-based temperature images showing
sonications in canine prostate using an interstitial ultrasound probe. This tubular applicator
transmits over a 90° sector. The slices are separated by 6 mm each and are centered at the middle of
the heating zone. The red and orange overlays display temperatures greater than 52°C and 47°C,
respectively, and the prostate periphery is outlined in white. (A—C) Treatment of the left ventral
region (612 W for 12 minutes). (D-F) Treatment of the right ventral region (10-15 W for 12
minutes). Abbreviation: MRI, magnetic resonance imaging. Source: From Ref. 36. Courtesy of the
Institute of Physics Publishing, Bristol, U.K.

unknown for a given target tissue volume and can change in response to heat (48), on the
resulting temperature distribution. A delay between sonications is employed to avoid
accumulated heating along the ultrasound beam path that occurs when sonications are
delivered to neighboring locations (49,50). During these waiting periods, the MRI-
derived temperature and thermal dose distribution from the previous sonication are
inspected, allowing for adjustment of the sonication parameters and the target locations
for the subsequent sonications, ensuring that the entire target volume receives a lethal
thermal exposure while surrounding tissues are protected.

This treatment/feedback strategy is fairly conservative in that it does not demand
continuous temperature monitoring for extended periods of time and it keeps the thermal
deposition well controlled. However, the energy deposition during such sonications may
not be ideal, and due to the delay needed between sonications, the treatments can be long
for large tumor volumes. In addition, any erroneous heating that may occur during
sonication, such as heating above 100°C, mistargeted heating, or heating of surrounding
tissue structures, might be missed.

Several automated closed-loop strategies based on MRI-based control have been
suggested and implemented successfully in animal experiments. Such techniques can
potentially improve upon the human-based control described above that is currently used.
The first demonstration of automated feedback was shown using relatively simple
methods, such as proportional integral and derivative controllers, that force the
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Figure 2 (A) MRI-based temperature image during a high-power sonication (130 W for 30
seconds) into rabbit thigh muscle with an MRI-compatible phased array transrectal applicator. (B)
The resulting lesion (indicated by the arrow) is seen in T,-weighted imaging. The bright region to
the right of the lesion is a tissue fascia layer. Abbreviation: MRI, magnetic resonance imaging.
Source: From Ref. 12. Courtesy of the Institute of Physics Publishing, Bristol, U.K.

temperature at a single point to follow a predetermined trajectory during long-duration
heating with ultrasound (51,52), similar to what was done earlier with invasive
temperature measurements (53). Advances to this method, where a physical model of the
energy deposition and thermal conduction were taken into account, were reported next
(54). Others have suggested methods for automatic control of temperature during short-
duration focused ultrasound exposures (55). In addition, control over the thermal dose,
instead of the temperature rise, has been proposed (56,57). Automatic feedback based on
MRI-based temperature measurements has also been shown for controlling interstitial
laser ablation (58) and hyperthermia with a microwave phased array (59,60).

Two-dimensional magnetic resonance (MR) thermometry-based control of
ultrasound hyperthermia using phased arrays has also been proposed (61). The most
advanced employment of automatic two-dimensional control to date has been shown in
papers by Salomir et al., Palussiere et al., and Mougenot et al., who demonstrated in
animal experiments real-time, MRI-based temperature feedback control of both the
temperature trajectory and the spatial thermal distribution during long-duration focused
ultrasound heating (62—-64). With this method, the ultrasound transducer is moved so the
focal coordinate travels in a double spiral trajectory (Fig. 3). Temperature measurements
acquired during the first spiral are used to modify the velocity of the transducer during the
second spiral to achieve uniform heating over the target volume. This feasibility of this
technique has been shown in vivo animal experiments and with experiments using
animals with innoculated tumors (63-64). Alternative sonication trajectories for use in
automated MRI-based temperature feedback control have been proposed by Malinen et
al. for treatment of breast tumors with a phased array transducer (65).

Another feedback approach has been described by Chopra et al., who have been
designing MRI-compatible planar transurethral ultrasound probes for the treatment of
prostate cancer (37,43). With these probes, the ultrasound beam propagates radially from
a probe inserted in the urethra. This probe is rotated to ablate the entire gland based on
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Figure 3 (See color insert.) Temperature maps in rabbit thigh muscle in vivo obtained at the end
of a spiral trajectory with closed-loop MR thermometry-based control. (A) Coronal plane
(containing the focal point trajectory); (B) sagittal plane; and (C) transverse plane. Color levels:
blue, 42°C to 45°C; green, 45°C to 48°C; and red, above 48°C. Experimental data were obtained
with a 1 x 1 x 5mm voxel size and were further interpolated to a isotropic matrix (1 mm on each
direction). Temperature maps were spatially smoothed by convolution with a Gaussian kernel
(2mm FWHM). Abbreviations: FWHM, full-width half maximum; MRI, magnetic resonance.
Source: From Ref. 64. Courtesy of Wiley-Liss, Inc., Hoboken, NJ.

treatment planning images of the prostate gland. During the treatment, the system chooses
the acoustic parameters and rotation rate to conform the ablated zone using control points
at the edge of the gland. While this system uses a one-dimensional algorithm to control
the temperature at each point, these control points are updated as the probe is rotated,
resulting in control of a two-dimensional treatment.

Many of these feedback methods use relatively long, continuous heating produced
by a scanned ultrasound beam. While these approaches may be able to decrease the
treatment time of MRIgFUS procedures in some cases, such scanning approaches may be
limited due to the effects of perfusion and blood flow, which are not known for a given
tissue target and can change in response to heat (48). Clinical implantation of these
strategies may also be challenging due to issues related to the MRI-based thermometry.
Continuous temperature monitoring with MRI-based thermometry can be difficult since it
is susceptible to errors due to small patient motion, magnetic field drift (66), and tissue
swelling (67,68). Further, care will need to be taken with long sonication durations to
avoid pain and thermal damage to bony structures that may lie behind the focal plane.
While the ultrasound intensity will be relatively mild in this region, the temperature rise
may be significant due to bone’s high absorption of ultrasound and the long time required
for the bone to cool back to baseline.

NOVEL MRI METHODS TO DETECT TISSUE DAMAGE INDUCED
BY MRIgFUS

While standard MRI sequences and imaging with MRI contrast agents have been shown
to be sensitive to thermal tissue damage in normal tissue (4,20,69-71), in certain
situations alternative methods to detect such damage may be desirable. For example, it
may be difficult to distinguish thermal tissue damage from diseased tissues, such as
tumors. It may also be desirable to use thermally induced tissue damage as a method to
guide and control the procedure as an alternative to MRI-based temperature monitoring.
One may also want to detect tissue damage without an MRI contrast agent. Several novel
strategies to address these issues have been tested.
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MR elastography (MRE) methods such as ultrasound-based methods (72) allow for
imaging of mechanical properties of tissues. In this method, the tissue is deformed,
typically by either a low-frequency shear wave (73) or a quasistatic compression
(74), and the resulting tissue displacement is mapped using motion-sensitive MRI
sequences. The resulting images are sensitive to tissue stiffness, since stiffer tissues will
be displaced less by the deformation. Since tissue is known to become stiffer after
thermal coagulation (75), elastography should be able to detect thermal ablation produced
by methods such as focused ultrasound. Using MRE, Wu et al. demonstrated this ability
in tissue samples ablated with focused ultrasound (76). The ability to map tissue damage
with MRE could allow for treatment evaluation, as the MRIgFUS procedure is ongoing.
This group has also demonstrated that the images used to generate the MRE can be used
to generate temperature maps, allowing for complementary measures of the treatment
progress (77). MRE may be useful if one desires to evaluate the treatment progress before
an MRI contrast is administered or to monitor the procedure itself for tissues where MRI-
based thermometry is difficult, such as the breast due to its lipid content (66).

Diffusion MRI has also been investigated for detecting MRIgFUS-induced tissue
damage in clinical treatments of uterine fibroids (78). Jacobs et al. showed that diffusion-
weighted images and the apparent diffusion coefficient were different in ablated regions
in the fibroids, suggesting that they could be useful in evaluating the treatments before
contrast is used. This information may be useful, since the thermal damage in the fibroids
is not always evident in noncontrast 7,-weighted imaging, and if more treatment is
necessary, one might not want to administer multiple doses of MRI contrast agent.

Others have investigated contrast kinetics to evaluate thermal tissue damage
induced by focused ultrasound. Cheng et al. demonstrated that subtle tissue damage can
be investigated by looking at the enhancement kinetics of an MRI contrast agent (79). In
that work, the time course of the contrast enhancement was used to estimate two
physiological parameters, the vessel permeability (K"*"*) and leakage space (ve)
(80), which were then compared with standard MR images and histopathology. They
found that these estimated parameters showed the extent of subtle tissue damage that
surrounds the coagulation necrosis that was not seen in conventional MRI (Fig. 4).

Their data also indicate that these subtle changes when detected immediately after
the ablation correlated with the necrosis one week after the treatments. Such
measurements may be useful in postablation imaging to evaluate whether further
treatment is needed.

Contrast enhancement has also been investigated to determine whether residual
tumor exists after MRIgFUS of breast cancer. Gianfelice et al. looked at semiquantitative
metrics (increase in signal intensity, maximum difference function, and positive
enhancement integral) of the signal intensity profiles of dynamic contrast-enhanced
imaging (81). They found a strong correlation in particular between the amount of residual
tumor and the maximal increase in signal intensity with the percentage of residual tumor
detected in histology performed after post-treatment surgical resection.

MRIgFUS FOR TISSUE AND ACOUSTIC CHARACTERIZATION

The ability of MRIgFUS to heat tissue and monitor the resulting temperature rise under
controlled conditions allows for estimation of tissue characteristics. Since these
characteristics are not known, such estimates can be then used for treatment planning
purposes. For example, Wang et al. suggested a method to measure ultrasound absorption
using MRI-based calorimetry (82,83). In this technique, the temperature rise induced by a
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Figure 4 (See color insert.) Comparison of histopathologic regions and segmentation areas on
MR 40 hours after focused ultrasound heating in rabbit thigh muscle. The MRI information agreed
well with the histological findings. (A) Contours determined with histopathology overlaid on 7>-
weighted MR and maps of estimated contrast kinetics parameters (K" and v, for a sample lesion.
Four zones of damage are identified: a core of low signal in T,-weighted imaging (C1), a center of
low K™ (C2), a ring of highest K"*™ (S), and a region corresponding to the extent of high v, (I).
(B) Slope of the regression line fitted to MR versus histology measurements of area for all eight
lesions. Error bars represent the 95% confidence interval for the slope (z-test). Abbreviations: MR,
magnetic resonance; MRI, magnetic resonance imaging. Source: From Ref. 79. Courtesy of Wiley-
Liss, Inc., Hoboken, NJ.

focused ultrasound exposure is mapped with MRI-based thermometry. With knowledge
of the ultrasound intensity distribution—which is measured beforehand with hydrophone
measurements—one can solve for the ultrasound absorption in the tissue or the phantom.
The method was demonstrated in tissue-mimicking phantoms and ex vivo tissue samples
embedded in a nonabsorbing agarose phantom (82,83). Measuring thermal conductivity
using MRI-based temperature mapping and a heat source produced by focused ultrasound
has also been suggested. Cheng et al. demonstrated that if one can assume that the spatial
heating distribution is Gaussian, one can use dynamic measurements of the Gaussian
radius during short sonications to estimate thermal conductivity of tissue (84). By
assuming impulse heating by a short sonication, they show that a plot of the square of the
Gaussian radius versus time is linear with a slope proportional to the tissue conductivity.
They also suggest a method to use this data along with the temperature decay to estimate
tissue perfusion.

The use of MR-based thermometry has also been tested to determine treatment
parameters for focused ultrasound surgery. One example of this use is the determination
of the cooling time needed between multiple overlapping sonications. This cooling time
is needed if one wants to avoid thermal build up that occurs along the ultrasound beam
path (49), which can make the treatment difficult to control. In experiments in rabbit
thigh muscle, it was shown that this thermal buildup can be quantified using MRI-based
thermometry (85). One may also be able to use temperature mapping to determine the
correct power level to use during the treatment. The temperature rise is linear with
applied acoustic power for the sharply focused transducers used for thermal ablation
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(86). By measuring the temperature distribution during a low-power (sublethal)
sonication, one can thus estimate the power needed to reach a desired temperature rise
or lesion area by simply scaling the power. This ability was demonstrated in experiments
in rabbit thigh muscle (87). Such a method could substantially simplify treatment
planning, since no knowledge of the tissue parameters is needed to estimate the correct
acoustic power level to use.

OTHER EXPERIMENTAL USES OF MRIgFUS

Several other experimental uses of MRIgFUS have been investigated, including drug
delivery and gene therapy applications, cavitation-enhanced therapies, and novel clinical
applications. The reader is directed to the other chapters of this book for elaboration on
these developments.
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INTRODUCTION

The first clinical report (1) that combined magnetic resonance imaging (MRI) guidance
and temperature monitoring with focused ultrasound surgery demonstrated feasibility and
showed that high focal temperatures (60-90°C) induced by ultrasound can be monitored
by magnetic resonance (MR) thermometry. Although the single focused ultrasound
systems used in the first clinical studies (1-4) were integrated with the MRI scanner, they
were limited due to the small focal spot volume and the range of the mechanical motion
of the transducer in the depth direction. The early clinical systems were also limited in
their ability to use the MR thermometry. They could visualize single temperature maps,
but they did not track the thermal dose distribution (1).

Parallel with the clinical treatments, simulation and experimental studies
demonstrated the feasibility and benefits of MRI-compatible ultrasound phased array
technology (5-7) and quantitative MR thermometry for guiding the treatments
(8-10). This technology together with more advanced software was adopted to the
second-generation clinical phased array system that was designed to eliminate the
limitations of single focused ultrasound surgery systems. Since this system is the only
commercially available clinical MRI-guided focused ultrasound surgery (FUS) system,
only it will be reviewed here.

CLINICAL MRI-GUIDED ULTRASOUND PHASED ARRAY SURGERY
SYSTEM DESCRIPTION

The first commercial MRI-guided FUS system (Exablate 2000™) was developed by
Insightec, Inc. (Haifa, Israel) in collaboration with the investigators at Brigham and
Women’s Hospital in Boston. The system is based on the clinical experience with the
single transducer devices (1,2), simulation studies, and animal experiments (5,6,10-18).
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Transducer Array

A spherically curved ultrasound phased array transducer with 208 elements, a 120 mm
diameter, and a 160 mm radius of curvature, generates the ultrasound beam at a frequency
that can be chosen by the operator, within a range from approximately 0.9 to 1.3 MHz.
Each of the transducer elements is driven with an independent radiofrequency (RF) signal
with computer-controlled phase and amplitude. The focus can be moved electronically (by
adjusting the phases of the driving RF-signals) along the axial direction between 5 cm (skin
depth) and 20 cm without the need of mechanically moving the transducer (Fig. 1).

The RF-drivers are located in the base of the MR-table with the power supply and
controlling computer outside of the shielded magnet room.

Treatment Table

The sonication system is built into a standard MRI table that can be quickly docked into a
standard 1.5T magnet. Thus, the same magnet can easily be used for routine clinical
imaging and FUS. Currently, this system can only be used with MRI scanners from
General Electric. The transducer array is mounted in a mechanical two-dimensional
positioning system that can move it in the plane of the MRI table. In addition, the
transducer array can be tilted approximately 20° in two directions. Motion in each
direction is induced by a computer-controlled piezoelectric motor. Rotary encoders are
used to provide position feedback to assure accurate movement. The whole transducer
assembly together with the positioning device is sealed in a plastic chamber filled with
degassed deionized water (Fig. 2).

The ultrasound beam propagates up out of the table through a thin plastic window
that permanently seals the chamber. A gel pad is placed on top of this window and
acoustic coupling to the skin ensured with a layer of degassed water or acoustic gel. For
breast tumor treatments, a water circulation system is integrated with the unit. This
system circulates chilled water through tubing that surrounds the breast and serves to cool
the skin to avoid skin burns that have occurred in some trials (19).

Safety Monitoring

The system includes three panic buttons that allow the patient, the operator, or a nurse
who is in the MRI room with the patient to stop any sonication due to patient discomfort
or other unforeseen event. While the patient is sedated during treatment, she is awake
and routinely converses with the treatment team on her comfort level. Her feedback
is essential to a safe treatment, as she can let the treatment team know whether there is
heating on the skin. For the uterine treatments, she also can convey heating in the pelvis
or rectum, or if there is sacral nerve pain. For the breast treatments, it is important to
know about pain in the chest wall. By informing the staff of such heating, the treatment
parameters can be adjusted. In our experience, one can typically adjust the parameters
adequately to relieve the pain without compromising treatment.

Cavitation and Ultrasound Reflection Detection

In addition to the 208 elements, the array has central elements that are used for
monitoring of the treatment. One of the center elements of the array is connected to a
filtering and amplifier board for the detection of ultrasound emission at frequencies below
the fundamental driving frequency. The spectrum of the detected signal is displayed
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Figure 1 (See color insert.) Anatomical T,-weighted MR images (left) and MRI-derived
temperature maps of three sonications delivered at different depths into uterine fibroids (right). The
temperature maps were acquired at peak temperature rise and were oriented through the center of
the ultrasound focus parallel to the direction of the ultrasound beam. Temperature changes were
estimated from phase-difference FSPGR images. Contours indicate regions that reached a thermal
dose of at least 240 equivalent minutes at 43°C. The path of the ultrasound beam path is
superimposed on the anatomical images. Abbreviations: FSPGR, fast spoiled gradient-echo
sequence; MR, magnetic resonance; MRI, magnetic resonance imaging.

online during the ultrasound exposures for monitoring of cavitation (gas bubble formation
or activity) or boiling. When these events occur, a broadband ultrasound signal is detected
(20). One of these elements is also used to detect reflections in the ultrasound beam path.
Before the high-power sonications, a low-level short pulse is delivered, and the A-mode
signal detected by the element is displayed for the user. Poor acoustic coupling, for
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Figure 2 A diagram of the second-generation phased array focused ultrasound system.

example, due to gas in the beam path, is detected as a reflected signal and warns the
operator before the start of the sonication, who can then stop sonication using one of the
panic buttons.

Treatment Planning

Images in three orthogonal orientations (axial, sagittal, and coronal) are acquired by the
MRI scanner and transferred to the treatment computer for treatment planning. These
images show the location of the ultrasound array, thus allowing verification and
realignment of the coordinate systems (Fig. 3).

Using the system software, the user contours the skin surface on a contiguous set of
axial MR images to aid the system to determine the tissue attenuation effects on the focal
intensity. Then the treatment depth is selected and the target volume is outlined in the
coronal images. The outlined volume is displayed in the axial and sagittal images to aid in
the planning. The software fills the outlined target volume with multiple sonication
locations. The degree of the overlap of the focal spots can be chosen during treatment
planning. Tightly packed targets are chosen to ensure that all tissue in the targeted volume
is fully treated. This is used, for example, in cancer treatments. Loosely packed targets,
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Figure 3 Focused ultrasound beam path superimposed on T,-weighted images used for treatment
planning. (Left) Without angling the transducer, the beam path went through a scar (arrow). (Right)
With angling, the scar can be avoided.

where the predetermined coagulated tissue volumes are not overlapping, can also be
chosen (typically for debulking large benign tumors, such as uterine fibroids). During the
planning, the user interface displays the outline of the beam path for the whole sonicated
volume or each spot. These beam outlines are used by the operator to avoid bone or gas
that will have undesirable effect on the energy deposition (except, of course, in the
treatments of bone tumors) (Fig. 3) (21,22).

The planning software determines the initial value for the power and the pattern of
the sonications (Fig. 4).

This software uses the ultrasound field distribution at the depth of the focus and
then solves for the temperature distribution using the bioheat transfer equation
(23). Based on these simulations and earlier animal experiments, look-up tables were
developed to provide initial power settings for the sonications. The simulation methods
are based on algorithms reported earlier (5,24). The operator can interactively modify this
plan by moving the individual focal spot locations and controlling the sonication
frequency and power and the focal spot size and location.

Sonications

The sonications are directed to a desired depth by controlling the phase and amplitude of the
RF-signal driving each element of the transducer array such that all of the waves are in
the same phase at the desired location. This method is described in detail elsewhere
(25,26). The system is also designed to allow for control over the focal spot size. In these
treatments, the focal volume is increased by scanning the focus electronically during
the sonication along a predetermined pattern, as described in Refs. (13,27). Five different
scanning patterns can be chosen from to change the size and/or shape of the coagulated
tissue volume.

MR Imaging

A custom-made array coil was developed by USA Instruments to improve the signal to
noise ratio for the pelvic treatments. This coil has an open loop that is fixed on top of the
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Figure 4 (See color insert.) MR images of a uterine fibroid acquired before, during, and after
focused ultrasound surgery. (A) T,-weighted images used for treatment planning. The planned
sonication locations and outline of the target volume are shown. The targets were chosen so that no
area closer than 15mm from the outer edge of the uterus was ablated. The treatment plan was
adjusted during treatment based on thermal dosimetry acquired during each sonication. (B and C)
Temperature maps acquired during two sonications. The contours indicate the regions that achieved
a thermal dose of 240 equivalent minutes at 43°C. (D-F) Contrast-enhanced T,-weighted images
acquired before (D) and after (E and F) focused ultrasound. The dark areas in E and F show the area
with a coagulated blood supply, indicating a successful treatment. (A-E, coronal imaging in the
focal plane; C and F, sagittal imaging along ultrasound beam.)

water bath and a flexible part that wraps around the back of the patient, which contains
two additional coils. For more superficial tumors in the breast, a single-loop receiver-only
coil is used. The sonications are performed through the coil opening.

MRI examinations are performed on a 1.5 T standard whole body system (Signa,
GE Medical System, Milwaukee, Wisconsin, U.S.A.), although it is expected that the
system is soon available also for the 3 T magnet. For the localization and targeting,
standard T,-weighted fast spin-echo images are acquired in axial, coronal, and sagittal
directions. The ultrasound system is interfaced with the MRI scanner and controls the
MRI scanning and accesses the images for treatment planning and monitoring (Fig. 4).
Currently, treatment planning with contrast-enhanced images is not approved, as that is
an off-label use of the contrast agent. This is a substantial problem for treating breast
cancer, which may be hard to delineate with noncontrast MRI. Currently, the use of
contrast for treatment planning is undergoing tests for breast cancer (28).

Temperature Monitoring with MRI

The temperature elevations during sonications are monitored by obtaining temperature-
sensitive MR images. The ultrasound system software automatically prescribes and
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executes the temperature imaging. As in the initial clinical study (1), the temperature-
dependent proton-resonant frequency shift (29) is calculated using a fast spoiled gradient
echo sequence. The first image is triggered prior to the start of the sonication so that the
second image acquisition starts when the ultrasound beam is turned on. A series of
images are acquired during the sonication and after the power is turned off to map the
temperature history of the sonicated tissue volume. The scanner is programmed to
reconstruct the magnitude and real and imaginary images for each of these time points.
The real and imaginary parts are used to calculate the phase difference between the two
time points as described in Refs. (18,30). The proton-resonant frequency change is
estimated by dividing the phase change by 27 TE, where TE (the echo time) is the time
that the phase in the MR image develops. The magnitude images are used to detect any
bulk motion during the sonications. Any motion that destroys image subtraction results in
unreliable temperature maps. Such motions may also require repeating the treatment
planning. Also, if a large motion is detected in the real-time imaging during sonication,
the operator can halt the sonication.

The temperature dependence of the proton-resonant frequency has been shown to
be linear above the coagulation threshold (31-33). A problem with the proton-resonant
shift thermometry is that it does not detect the temperature elevation in fat (34,35). This
also causes uncertainty in the temperature measurement if the voxel contains mixture of
fat and other soft tissues. In these cases, special measures such as fat suppression are
needed to obtain accurate temperature measurements. Another problem is the gas in
the image that distorts the magnetic field and the temperature image. This can happen in
the ultrasound field when temperatures in excess of 100°C are induced and cause
tissue boiling. This distorts the temperature image at the focus but good estimation of the
temperature can be obtained outside of the boiling tissue such that the induced tissue
damage can be accurately predicted. Similarly, induction of inertial cavitation bubbles
and their use to enhance tissue heating do not prevent accurate lesion size prediction (36).

The ultrasound system workstation automatically prescribes and triggers the
temperature-sensitive MRI sequences during the sonications. The imaging plane is
determined by the operator either to be across the focus (coronal) or along the beam path
(axial or sagittal) by selecting the appropriate option in the user interface display. The
imaging plane follows the location of the ultrasound focus automatically from location to
location without operator input to the MRI scanner. After the sonication, the images are
automatically transferred to the ultrasound system workstation that performs near real-
time temperature elevation and thermal dose calculations and display. In the system that
is currently Food and Drug Administration (FDA) approved, the temperature and dose
distributions are displayed within seconds after the sonication is completed. A more
advanced system is currently undergoing FDA review, which displays each temperature
map immediately after each image acquisition.

The system uses the time-temperature profile for each MR voxel to calculate a map
of the accumulated thermal dose induced by the temperature exposure (10,18). The
boundary of an isothermal dose value of 240 minutes at the reference temperature of 43°C
is selected to predict the size of the coagulated tissue (12). The voxels that reach this
threshold are colored on temperature images. The cumulative thermal dose from all
sonications is displayed on top of the treatment plan after each exposure. For sonications
monitored along the beam direction, the dose is estimated in the coronal plane by
assuming radial symmetry of the beam. This dose contour can be used to determine where
additional sonications should be placed to reach complete dose coverage of the target
volume. In uterine fibroids, it has been found that the thermal dose underpredicts the
resulting nonperfused volume observed in post-treatment contrast-enhanced imaging
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(37,38). In some cases, regions that were obviously not heated at all become nonperfused.
A likely explanation of this underprediction is that the ablation is occluding blood vessels
(39), resulting in secondary tissue damage via ischemia. It should be noted that these
nonperfused regions are contained within the fibroid itself, so this phenomena is likely a
net benefit, as it increases the ablated volume.

Treatment Execution

After the treatment planning, a low-energy test pulse with the beam aimed in a single location
in the target volume is delivered. The temperature rise during such sonications can be
detected even for sonications that do not produce damage (40). The temperature imaging is
performed across the beam at the focal depth. The power is increased until the temperature
elevation at the focus is visible on the temperature sensitive image. The location of the actual
temperature elevation is then indicated to the system to precisely align the MRI and
ultrasound beam coordinate systems. After this, the same alignment procedure is repeated
while performing the temperature imaging along the axis of the beam.

When the test pulse is located in the planned position, the complete target volume is
sonicated with a series of high-power bursts, typically 10 to 20 seconds in duration. A
new location adjustment can be made after any of the sonications. The initial sonication
power, frequency, duration, and focal spot size are predicted by the system software. The
operator can adjust these sonication parameters based on the measured temperature and
thermal dose values so that predetermined volume of tissue coagulation can be achieved
with each sonication. During the volume sonications, the temperature imaging direction is
selected either along or across the beam axis (Fig. 4). After the completion of the planned
sonications, the system allows the operator to add sonications to any location that did not
receive adequate thermal exposure. During each sonication, a series of phased images are
obtained together with regular magnitude images. The fast spoiled gradient echo
magnitude images provide anatomical information and the patient anatomy can be clearly
seen. These images are used to determine if the patient moves during or between
sonications and that the temperature elevation is induced in the desired tissue volume.
This is critical safety feature during ultrasound surgery when awake patients are treated.

In addition, since the thermal coagulation of the fibroid tissue is not painful,
feedback from the patient is used to determine normal tissue heating. For example, if the
patient experiences sensations in their back during sonications in the uterine fibroid
treatments (due to thermal stimulation of nerves located next to the pelvic bone that is
heated by diverging beam beyond the focus), the parameters can be adjusted to reduce the
exposure of the nerves. This adjustment can be changing the angle of the ultrasound
beam, increasing the ultrasound frequency, or decreasing the focal volume and sonication
power. With this patient feedback combined with quantitative temperature mapping, a
reliable temperature rise can be achieved that is high enough to produce thermal
coagulation, but not high enough to produce boiling or pain (38).

Treatment Effect Verification

To ensure that the target volume was sufficiently treated, contrast-enhanced imaging is
performed to show the areas that were coagulated. For contrast-enhanced images, T-
weighted imaging is started before intravenous injection of the gadolinium-based contrast
agent and continued after the injection to demonstrate areas of lack of contrast
enhancement, indicating coagulation of the blood supply (Fig. 4) (41).
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FUTURE DIRECTIONS

The latest clinical studies evaluated the feasibility of deep tissue surgery using a second-
generation MRI-guided focused ultrasound system that utilizes a large-scale ultrasound
phased array applicator for electronic focal spot depth and volume control. The research
demonstrates that the phased array could significantly increase the focal spot size and
allow larger targets to be treated. In the first-generation system with a single element
transducer, the targeted volume was approximately 0.1 cm® per sonication. With the
second-generation system, volumes up to approximately 1cm? per sonication can be
coagulated. The results also show that the focal spot depth could be electronically
controlled up to 12 cm deep. In addition, the temperature information derived from the
MR thermometry was shown to be a reasonable estimate of the treatment effect in the
tissue. Therefore, MRI-guided focused ultrasound offers online control of the thermal
exposure in the target and surrounding tissues to assure safe and effective thermal
coagulation of tissue in a clinical setting. It is anticipated that the future phased array
systems would have a large number of elements thus reducing and eliminating the need
for mechanical motion. This will allow fast focal spot positioning needed for optimal and
automated treatment delivery (42-47) but will require array and driving hardware
development. The optimal utilization of bubble-enhanced heating (36,48-50) will most
likely require phased array applicators resulting in an increase in the focal spot size and
reduction in the treatment time. The treatment planning software will likely be extended
to utilize the MRI information to calculate the wave propagation through the
heterogeneous tissues and determine the phase and amplitude corrections needed to
provide desired focusing (51).

Several methods that allow for temperature monitoring in moving organs are also
being investigated (52-54), which could allow for monitoring of focused ultrasound
treatments in organs such as liver and kidney. If this motion-robust imaging is combined
with real-time tracking of the organ location and a phased array transducer that can
rapidly steer the focal point, one could treat these moving organs while the patient is
breathing freely. Previous tests of focused ultrasound ablation of such organs have been
performed in patients under general anesthesia (55,56) or during breath-holds (57).

There are experimental devices that integrate the MRI thermometry and ultrasound
delivery in a closed-loop feedback system that allows potentially faster energy delivery.
For example, spiral scanning to increase the treated tissue has been demonstrated in
animals (43,44). Similarly, a transurethral system with rotational element scanning while
controlling the temperature automatically had been shown to be effective in treating
prostate tissue in animals (58). Both of these systems utilize longer sonications (minutes)
while using the MRI thermometry to determine the completeness of the coagulation thus
reducing the overall treatment time. According to a simulation study, similar result can be
achieved by fast but optimized sonication patters with a multielement phased array
(59). All of these studies show that in the future, the MRI-guided focused ultrasound
systems will potentially be even more integrated where the online MRI thermometry is
used by the software to control and alter the treatment execution such that the target
volume is precisely coagulated with the minimal exposure to the surrounding tissues.
This will no doubt result in faster and better treatments in the future.

MRI-guided focused ultrasound systems will develop, making it feasible to treat
more targets that can be reached by the ultrasound beam without being blocked by bone
or gas. In addition, there will be development of site-specific devices to treat targets not
reachable via the external route. As an example, intracavitary arrays may be developed
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for prostate (60), cardiac ablation (61), and esophageal tumor treatments (62). It may also
be that interstitial or catheter-based ultrasound sources (58,63—67) will become clinically
available and preferred method for some treatments. All of these approaches will have
their own registration and control challenges that need to be solved for reliable clinical
treatment execution.
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INTRODUCTION

Treatment planning in radiation therapy refers to the stages before clinical operation in
which the beam strength, distribution, target windows, and predicted doses are calculated
on a per-patient basis. Such planning has become a standard part of radiation oncology
and is the primary role of medical physicists. Although many procedures have resulted in
documented treatment strategies (1), standardized treatment guidelines have yet to be
established in focused ultrasound therapies.

In principle, the process of focusing ultrasound into deep tissue to induce
temperatures high enough to ablate tissue is straightforward. It can be achieved with a
single, spherically curved radiator operating at frequencies approximately between 0.5
and 10 MHz, with most procedures performed around 1 MHz. The intensity achieved at
the focus varies with the procedure in the range of 103 to 104 W/cm?, sustained for 1 to
30 seconds. The main requirement is that the frequency be high enough to allow
significant energy absorption at the focus, yet not so high as to cause appreciable energy
loss in the region between the transducer and the focus. Unfortunately, tissue inhomo-
geneities can distort the intended focal point and make the temperature rise at the focal
point very hard to predict. For this reason, magnetic resonance (MR) targeting and
monitoring has been critical to provide insight on the behavior of the therapeutic
ultrasound field. The addition of more advanced prediction in the pretreatment stages of
therapy offers a way to go beyond simply providing quality assurance and, in fact, may
allow treatment within volumes otherwise unreachable.

A number of aspects of traditional radiation planning stages can be expedited in
magnetic resonance imaging (MRI)-guided focused ultrasound surgery (MRIgFUS) due
to the immediate availability of an imaging modality, allowing relaxed requirements for
immobilization and altogether eliminating the need for certain steps such as marking.
Presently, integrated MRI is being employed for treatment planning in order to register
patient location to the ultrasound transducer and focused beam. In this manner, the
operator may visually assess the ultrasound path via a graphic overlay and verify that no
critical structures are traversed (Fig. 1).

In this procedure, computer algorithms indicate the volume of tissue that will
potentially be exposed to ultrasound radiation during treatment. The actual treatment
volume and the size of the ablated area will have dependency on several controlled
parameters, including the sonication time, the focal depth, transducer geometry, transducer
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Figure 1 Geometric outline of the intended treatment volume (leff) and regions potentially
traversed by the ultrasound beam (center and right). The graphic can be used to rapidly check for
sensitive areas over the volume as well as aid in the initial positioning of the transducer relative to
the target.

efficiency, and element configuration. They also depend on the lesser-known acoustic
properties of the tissues within the ultrasound beam.

While the recent clinical results using MRI and MRI-based thermometry to guide
focused ultrasound surgery (FUS) have been promising, large variations in focal
temperature distribution have been reported (2). These results indicate that the
implementation of more advanced treatment planning techniques will be essential if
therapeutic ultrasound procedures are to be fully realized. The observed variations are the
result of a number of factors including tissue composition and heterogeneity as well as the
size and shape of the ultrasound beam. Significant tissue inhomogeneity leads to focal
beam distortion, which can restrict the ability to focus energy in deep-seated tissues. It is,
however, possible to restore a distorted focus (3,4) by means of planning algorithms
specifically tailored to ultrasound propagation.

This chapter covers the necessary steps for comprehensive treatment planning.
Unlike its better-established counterpart in radiotherapy, the integration of FUS with MRI
offers the ability to perform the planning in a short period, allowing the possibility of
combining planning and treatment stages into a single session. Procedures include an
imaging and registration stage, followed by tissue identification and segmentation,
modeling of the acoustic and thermal fields within the relevant region, identification of
sensitive areas, beam modification, and finally, quantitative prediction of the optimized
ultrasound beam.

FIELD MODELING

The initial planning step involves predicting the overall ultrasound path as it propagates
through the body. Calculating this path requires a priori knowledge of the acoustic
properties and orientation of all tissues in front of the transducer as well as accurate
registration between the transducer and the body. While all major tissues have been
characterized (5), many tissues, and bone in particular (6), can be highly patient-specific.
Some tissues, such as the breast, also have a significant degree of heterogeneity with
poorly defined boundaries and interleaved regions of fat and other tissues.

Both registration and tissue identification can be performed with information from
computed tomography (CT) or MR images. However, CT has the additional ability to
offer three-dimensional (3D) density information given the reconstructed X-ray intensity
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in Hounsfield units. This spatially dependent density, p, can be used to calculate the speed
of sound, ¢, and the acoustic impedance (~p-c). Moreover, the 3D maps created from
CT do not require further segmentation to distinguish between tissue types. While CT
measurement is vital for accurate modeling through highly heterogeneous structures such
as bone (3,7), MR may be sufficient for less complex structures. Future MR
developments may also allow automated tissue identification that could eliminate the
need for CT maps in soft tissues. With MRI, interfaces may be manually selected via an
interface or, given sufficient contrast between tissue types, the segmentation process may
be automated (4).

The acoustic properties of tissues may be altered by the onset of cavitation (8), as well
as self-induced changes in acoustic properties due to a dependence on tissue temperature.
The former effect has been broadly studied in vivo and shown to both enhance heating and
affect lesion shape and location (9), and a FUS protocol that induces and then uses gas
bubbles at the focus to enhance the ultrasound absorption and ultimately create larger
lesions in vivo. In the context of field modeling, a cluster of cavitating bubbles has a
shielding effect, scattering energy and moving the planned focus forward toward the
transducer. Thermal lensing is caused by temperature changes that rise or, in the case of fat,
lower the sound speed, causing the area to act as a lens. The effect has been reported to result
in a 1 to 2 mm error introduced into the planned focal location (10).

Given knowledge of the medium, accurate modeling of ultrasound must stem from an
equation that sufficiently describes the response of the tissue to the impending ultrasound
energy. Thermal and viscous losses are not only appreciable but play the central role in
thermal ablation. Nonlinear effects indicating that the tissue’s displacement can no longer
respond linearly with pressure are clearly present in high-intensity therapeutic beams. Yet,
in modeling the field propagation, nonlinearities can often be neglected due to the relatively
short distances traversed and the high gain of the focused beam. Nonlinear wave
propagation can lead to enhanced heating by transfer of energy in to higher harmonic
frequencies of the driving frequency (11). These higher frequencies have a higher
absorption coefficient and thus are more readily converted into thermal energy.

Equally important to model selection is the application of a valid method for
solving the relevant equation. The preferred method is dependent on the complexity of
the tissue being modeled, with a general trade-off between accuracy and computation
time. The key is to select a method that is sufficiently accurate to within a given
tolerance, without becoming computationally exhaustive. Properly selected near-real-
time planning is now attainable for many problems in therapeutic ultrasound. Even for
relatively coarse but rapid methods, the computation error is generally significantly
smaller than the uncertainty of the acoustic properties of the tissues being considered. In
this respect, placing exhaustive attention on reducing computational error is analogous to
sanding jagged wood with fine sandpaper.

Major methods of modeling propagation include finite element modeling (FEM)
(12), finite difference (FD) (13), temporal or spatial planar projection (spectral) (14), full
wave vector domain modeling (k-space) (15), and integral solutions. In the FD approach,
the values on a given mesh can be used to produce a discrete version of a spatial
derivative. These derivatives are obtained in terms of differences at the grid points. For
instance, in three dimensions, a discrete version of the wave equation (linear or
nonlinear), which can be solved on a cubic grid of size, may be derived directly from the
definition of a derivative. In treatment planning, the grid can represent any type of tissue
structure within the propagating ultrasound beam. This is in contrast to the finite element
approach, where a fitting function such as a polynomial is obtained for the regions
between the points, and the coefficients of the fitting function are determined by the
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values at specified nodes. In each case, the spatial derivative can be used to iterate the
solution in time, but in FD, the definition of the time derivative is used to infer the
solution at some point in time. The method, properly implemented, will provide a
complete solution in space and time for an arbitrary tissue structure. However, this
method can be quite computationally intensive and may become numerically unstable for
improperly selected time steps.

Particular attention will be paid to the spectral and wave vector methods, based on
computational advantages, discussed below, and their ability to easily incorporate real
data. That is, simulations generally start with an ideal source distribution of uniformly
radiating transducer elements. With spectral and wave vector algorithms, it is straight-
forward to start with a source distribution consisting of actual pressure field measure-
ments, which may be projected backward to the transducer surface. In a treatment planning
study conducted in vivo, the spectral planar projection method used with a laboratory-
measured source distribution was shown to significantly improve the ability to predict
temperature rise (16).

Spectral planar projection techniques have strong parallels with Fourier optics
(17) and use Fourier integral solutions of the overlying wave equation to reduce the
problem to a Helmholtz equation. For homogeneous tissues, the knowledge of the field in
a single plane is sufficient to specify the field everywhere in the tissue. A transfer
function propagates the field in the spatial frequency domain between a specified plane
and a new plane, which does not need to be parallel to the final plane. The transfer
function is dependent only upon the frequency of the ultrasound, making it particularly
advantageous to most therapeutic techniques, which generally use a continuous wave
(CW) or near-CW mode. For example, given an initial plane, a full treatment volume may
be described in under than a minute using a presently standard (2 GHz Pentium, 1 MB
RAM) desktop computer. A similar result may be acquired using the above-mentioned
FEM or FD approaches, but requiring much greater processing time (>10?x) due to the
fact that a single complex number can represent an entire infinite plane wave in the wave
vector-frequency domain, as opposed to a requirement in space time of storing and
tracking the instantaneous behavior of a wave over 3D space for each time step.

Specular reflection (14) may readily be added to projection techniques as well as
the inclusion of shear modes of vibration (18). At typical therapeutic frequencies between
0.5 and 2 MHz shear wave attenuation is too high to be appreciable in tissue, however
such waves can be as large or even larger than standard longitudinal modes in bone.
Consideration of shear waves becomes necessary in new procedures, such as transskull
treatment, that utilize the bone as a treatment window.

Where applicable, the spectral model has clear advantages and has already been
applied to the complex problem of transskull propagation (3). The primary limitations of
the spectral model arise from regions of significant heterogeneity or a large degree of
curvature between the sections of tissue being considered. The primary assumption is that
for a given layer, the local boundary conditions are those for horizontally layered media
with no curvature. Similar assumptions have been considered in underwater acoustics,
where cylindrical shells have been modeled as flat plates. The solutions are known to be
valid when the wavelength of waves is smaller than the radius of curvature. Following
this criterion, the layered-projection method is valid for the propagation of a field through
a curved surface, provided the surface is sufficiently smooth relative to the highest
relevant wave number. In practice, the field will be projected to a plane near the surface
and then divided into a series of virtual sources. The spectral method can be used if first
the planar approximation agrees to at least within % A or less depending upon the desired
tolerance of the maximum spatial frequency k. That is, a continuous surface must be
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present whose surface varies by less than Y% A over the section of the beam being
considered. Second, scattering due to inclusions smaller than the ultrasound wavelength
becomes impractical to model. Thus in regions containing objects on the order of or
smaller than the imaging wavelength, the planar spectral model is at its limit, and the
k-space approach becomes preferable. Alternative methods such as variable grid finite-
difference time-domain (FDTD) or FEM can also be applied, but they are slow and
require large amounts of physical memory.

The k-space method allows the medium to be expressed in terms of space-varying
density and sound speed. Such an approach was followed by Mast et al. (19), who have
studied 3D models for wave propagation in fluid-like inhomogeneous tissues. The
method operates as a spectral model to the extent that its operations are performed in
wave vector space but advances the waveform in small finite time steps, dz. In this
manner, the waveform “feels” its way forward in time determining the field with each
step and then replacing this newly calculated field as the initial value. Such operations
bring the possibility of variable timescale techniques, with larger steps used if the
waveform is within a homogeneous region. In the limiting case where the region is
completely homogeneous, the method is equivalent to the temporal planar projection
method (20).

Although it can be both computationally exhaustive and time-intensive, direct
solution of the Rayleigh—Sommerfeld integral is the most straightforward and still most
utilized method for calculating fields. The integral is strictly valid for the case of a planar,
baffled radiator. However, a number of studies have been performed showing how this
approach may be used to perform acoustic field calculations in inhomogeneous media
with curved interfaces for high-frequency ultrasound (21). However, under certain
conditions, measurable error is present not only near the transducer but also at the
ultrasound focus (22). Layered integral approaches have been described for therapy
(23,24), but generally break down as the curvature becomes large. Further, to stay
computationally feasible, the method generally considers only the forward-propagating
wave, potentially neglecting localized regions of high intensity caused by reflected
waves.

For the purpose of treatment planning, the ideal method for a particular situation is
the one that provides the fastest calculation while staying within an acceptable degree of
accuracy. In MRIgFUS, tissue geometry can be acquired from initial MR images in order
to outline the tissue boundaries, while literature values of tissue properties (5) can be used
as an input for the calculation program. Once the field is calculated over its entire route
through the patient, including any appreciable backscattered energy, the resultant field
has several direct applications in planning. The most direct application is the
identification of potential problematic regions within the focused beam. In addition to
avoiding sensitive areas, gas interfaces produce strong reflections and can result in
undesired heating at the interface. After identification, compensation for such interfaces
is possible by shaping the beam to avoid the interface. A simple version of this method is
currently used clinically in uterine fibroid treatments, as illustrated in Figure 1. In this
case, the beam is simply assumed to lie within conic volumes extending from the focus
toward and away from the transducer. Surgical planning algorithms perform beam
steering using standard beam-shading techniques, where a null pressure is planned in the
region with air, using information from MRI. If the air lies directly within the beam path,
associated array elements are turned off and addition planning is performed without these
elements.

A second application is the calculation of the acoustic intensity at and away from
the treatment target. Figure 2 shows both an idealized and a distorted focus.
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Figure 2 Ultrasound field distribution across the focus in water (leff) and with a part of
abdominal wall in front of the focus (center). Phase aberration correction was able to restore the
focus and increase the amplitude at the intended target location (right).

This measurement gives a quantitative prediction of the treatment location, and
how much it deviates from an idealized case. It is stressed, however, that knowledge of
intensity alone has been shown to be a poor predictor of damage (2). For this purpose, the
intensity is better utilized in the third and most critical application of the field calculation:
the prediction of the time-dependent temperature rise and the thermal dose (25), a
parameter that describes the overall exposure as a function of time and temperature.
Accurate dose prediction is highly dependent upon the ability to accurately predict the
heat transfer from acoustic to thermal energy. In this respect, much can be utilized from
treatment planning in hyperthermia (26). A full treatment of thermal dose prediction is
presented in the next section.

A final application for field modeling involves compensation for wave front
distortion. Individual elements of an ultrasound phased array may be propagated forward
to the intended focus, providing amplitude and phase information. Alternatively, a
theoretical point source may be positioned at the focus and then the wave propagated
through the tissue to the transducer array. The phase and amplitude at each phased-array
element will be recorded and will be used to drive the phased array to focus to the
intended target. For thermal treatment planning, the acoustic pressure amplitude
distribution will be calculated throughout the sonicated volume and then used in the
thermal simulation program.

THERMAL DOSE

Thermal predictions for focused ultrasound build upon a body of work that has been
studied beyond a decade for use in hyperthermia applications (26-29). The traditional
starting point for thermal dose calculation is the Pennes bioheat transfer equation (30):

or
ot
where Q provides the heat introduced by ultrasound. The equation is shown here with

spatially dependent density p, temperature T, arterial temperature T,, specific heat C,,
thermal conductivity k, and perfusion w. The equation is nearly always immediately

pCy—— = VT — wCl(T —T,) + Q
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simplified to neglect perfusion terms. Combined with variation in tissue characteristics,
the actual temperature profile has been very difficult to predict in vivo in the planning
stage. This inability has necessitated the clinical use of online temperature monitoring
such as MRI. Fortunately, recent advances in heat transfer modeling combined with
improved perfusion measurement techniques using dynamic contrast-enhanced CT and
MRI (31) promise to greatly improve the ability to plan thermal dose. In particular,
discrete vasculature thermal modeling technique (32) takes into account the thermal
behavior of individual blood vessels. Modeling of the bioheat equation is generally more
straightforward and may be reduced to a series of ordinary differential equations and
solved via the Runge-Kutta iterative method, FDTD, or spectral methods (Fig. 3).
A series of numeric and experimental studies have investigated such modeling for
treatment planning (12,16,33,34).

Once temperature is predicted as a function of position and time, the thermal dose
may be calculated. The notion of thermal dose was born out of empirical observation
showing a basic relationship between toxic effect on cells in vitro and in vivo dependent
upon both temperature and time. A convention of using 43°C as a reference temperature
has been adopted allowing an “equivalent” time to be calculated for temperatures away
from this value:

1=ty

I3 = Z R43_TAI

t=0

where T is the average temperature over the time step A¢ and R is 0.5 above 43°C and 0.25
below 42°C. In vivo examination of the thermal dose has shown its ability as a predictor
of thermal damage (2).

ABERRATION CORRECTION

The central problem in treatment planning lies in predicting the behavior of the
ultrasound field after passing through tissue layers. These layers can cause significant

“Specular” Echos

| 2D section from a 3D
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an ultrasound pulse reflecting
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Direction of forward
propagation

Figure 3 Planar section of a 3D image showing a 0.5 MHz pulsed beam reflecting at an interface
with a tissue at higher speed of sound. Abbreviations: 2D, two-dimensional; 3D, three-dimensional.
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reflection, diffraction, and absorption of the field. In order to correct for these aberrations,
an array of ultrasound transducers can be assembled and driven in such a manner that
restores a focus. Using a modeling method discussed above, each element in an array is
separately simulated using thickness, density, and orientation information obtained from
CT or MRI images. These algorithms require precise knowledge of the orientation of the
tissue relative to individual array elements using the images. For example, an error of
only 0.4mm represents a Y4-wavelength of a typical 1 MHz signal in tissue. In this
application, the primary purpose of the algorithm is to predict the amplitude and phase of
the ultrasound radiated by each element at the intended focal point.

To reconstruct a distorted focus, the calculated pressure phase is then compared
with the phase expected if the tissues were homogeneous. The phase change caused by
the tissues is recorded and used for correcting the driving phase of the transducer array.
The driving phase of each element is adjusted by an amount

A¢ = arg [P(r)/Po(r)]

where P is the acoustic pressure at the intended focal point in the tissue and Py
is the acoustic pressure expected at the same point in homogeneous tissue. Similarly, a
large element could be divided into M sections for propagation, with the driving phase
adjusted by

A¢ = arg (Z P,,,(r)/Po(r)> .

An example of the ability to correct distortion in soft tissue is presented in Figure 2.
The field was acquired using a combined 104-element annular-sector phased-array
transducer to correct for distortion encountered by a focused ultrasound wave when
propagated through tissue layers at 1.5 MHz. Prior to ultrasound measurements, the tissue
samples were imaged in a standard 1.5 T MRI system to provide information on the
thickness and composition of the tissue interfaces. Tissue samples were excised from
pigs, immediately after they were sacrificed. These samples consisted of skin, fat, and
tissue layers and with a thickness of approximately 40 mm. Ultrasound measurements
were conducted in a tank filled with degassed deionized water. The intensity plots shown
were acquired using a 0.075mm diameter polyvinylidene difluoride hydrophone
positioned normal to the axis of symmetry of the transducer array. The hydrophone
was scanned over a plane to produce the plots using a stepping motor—controlled 3D
positioning system. In the example, significant beam distortion was corrected by phase
adjustment and the relative peak amplitude squared was observed to increase by 1.4x the
value in the uncorrected case.

This straightforward phase adjustment can be surprisingly powerful and is even
used to focus ultrasound through the skull. Clement and Hynynen (3) are using the
approach with a layered wave vector-frequency domain model, which propagates
ultrasound from a hemisphere-shaped transducer through the skull using input from CT
scans of the head. The algorithm calculates the driving phase of each element as
described above to maximize the signal at the intended focus. In practice, a stereotaxic
reference frame must be affixed to the skulls in order to provide accurate registration
between the CT images, MRI, and the transducer. Figure 4 demonstrates the method,
which can be utilized in noninvasive ultrasound brain surgery and therapy.

The above method concerns only phase adjustment without concern of the signal
amplitude. It is altogether reasonable to assume that beam focusing may be further
enhanced through the introduction of amplitude correction in such a way that the acoustic
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Figure 4 Sections of the three-dimensional ultrasound field about the focus through an ex vivo
human skull before (left) and after (right) a treatment-planning model consisting of planar
projection followed by phase correction.

pressures from individual transducer array elements are adjusted to be normalized at the
focus. In fact, for the case of transcranial planning, a recent study (35) indicated a small
(6%) mean reduction in sidelobe intensity relative to the focal intensity and a reduction
(2%) in the full-width-at-half-maximum (FWHM) of the ultrasound beam at the focus.
However, these slight improvements came at the expense of large intensity loss at the
focus due to the fact that the amplitude correction method necessitates ‘“higher”
attenuation in regions that transmit “less” energy. The same study also considered a
second correction method that distributed amplitudes such that windows transmitting
more energy were exposed with higher ultrasound intensities. In this case, sidelobes also
decreased slightly (3%) with no change in the FWHM at the focus. However, the acoustic
intensity at the focus also remained the same. Overall, it may be concluded that amplitude
correction may offer measurable, but small gains in the focal quality.

SUMMARY

Ultrasound phased arrays and MRI are both already integral parts of FUS treatment. It is
seemingly inevitable that treatment devices will be increasingly utilized to their full
potential by implementing planning stages for safety assurance, correction of beam
aberration, and optimization of thermal dose. Numerous approaches are possible, but
successful planning will depend on developing sensible methods and theory. Practical
considerations include obtaining accurate knowledge of the thickness and internal
structure of tissues and precise registration between all points within the tissue and the
ultrasound array. Theoretical considerations involve finding a model as uncomplicated as
possible—keeping the problem computationally feasible—without oversimplification of
the problem.

The growing number of therapeutic applications and available treatment systems
provide clear motivation for the eventual standardization of the planning stages of
ultrasound therapy. Such measures would offer consistency and improved quality
assurance and the ability to accurately compare treatment data between institutions and
systems. Although it is premature to state the optimal modeling methods for a given
procedure, a growing body of clinical data will help to center upon ideal planning tools.
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Even with improved planning, patient-specific variation in tissue geometry and
composition will require monitoring for all stages of treatment. However, implementation
of the planning stages will both expand and improve the abilities of MRIgFUS.
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INTRODUCTION

The application of acoustic energy for tumor treatment is not a new idea. More than a half
century ago, focused ultrasound surgery (FUS) was already considered viable as a
“surgical” technique for treating deeply embedded soft-tissue tumors noninvasively.
Despite this early recognition of its potential, FUS has not been widely accepted as a real
alternative to invasive surgery. The reason is not the limitation of FUS technology but the
inadequacy of image guidance and the control of energy deposition. We believe strongly
that the integration of FUS with magnetic resonance imaging (MRI) represents a major
step toward a noninvasive image-guided therapy substitute that can replace most of the
existing tumor surgery methods. MRI-guided focused ultrasound (MRIgFUS) surgery
that has been developed during the last decade (1,2) provides accurate targeting of
focused sound waves that can be directed to destroy tumor tissue within MRI-detected
tumor margins. MRI not only provides tumor localization with high sensitivity but also
monitors temperature distribution in “real time,” effectively generating “temperature
maps” of the targeted surgical field during treatment. In turn, this allows the FUS delivery
of thermal energy at safe, therapeutically effective doses “without” damaging collateral
normal tissue. The integration of MRI and FUS creates an image-guided therapy delivery
system with which real-time, image-controlled, noninvasive soft-tissue coagulation is
feasible, and from which a wide range of clinical applications may ultimately develop.

THE DEVELOPMENT OF THE TECHNOLOGY

In conventional invasive surgeries, the surgeon is using hands for execution and eyes to
remove or repair diseased or damaged tissue. For this hand-eye coordinated surgical
procedure, the operator uses the eye for direct visualization of the extent of the disease,
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which is a rather crude and unsatisfactory method to define tumor margins. To be able to
visualize the surgical area of interest, the surgeon must manually dissect or cut through
normal tissue. In the process, the nontargeted, intervening tissue may be damaged; this
“invasion” of normal-tissue integrity can cause serious complications and impede
recovery.

An “ideal surgery,” on the other hand, should result in complete treatment (removal
or repair) without causing any damage to the collateral tissue, even when the target is
deep inside the body. Such an ideal and essentially noninvasive process would eliminate
the obvious inadequacy of human visual targeting and control as well as the invasive
instrumental access. Conceptually, this requires unobstructed three-dimensional (3D)
visualization of the targeted tissue and the surrounding normal anatomy by using an
imaging method. Targeted delivery of energy and deposition of the tissue-killing energy
dose within the target also requires image-based, real-time monitoring and control of the
energy delivery process. This requirement necessitates the image-based detection of
either the deposited energy itself or its effect on the tissue or both. If all the requirements
of image guidance (localization, targeting, monitoring, and control) can be accomplished,
the real-time feedback (closed loop control) can be established. This was first
demonstrated for the real-time MRI-based control of FUS (3) and of interstitial laser
therapy (4).

Advances in medical imaging such as diagnostic ultrasound (US), X ray-based
computed tomography (CT), and MRI have revolutionized our ability to reach accurate
and timely diagnoses and provide noninvasive 3D views into the patient’s body for safely
executing various image-guided interventions. These collective advances in imaging
science and image-guided therapy now enable the physician to visualize both normal
anatomical structures and diseased tissue before, during, and after treatment for
localization, targeting, and follow-up. Various imaging methods are used to complement
direct visualization during open surgeries and minimally invasive interventions. In the
last decade, interventional and intraoperative MRI emerged as the best choice for image
guidance (5-8). This is due to the inherent tissue contrast provided by MRI that allows
the accurate localization of the target lesion and its border definition. In addition,
temperature-sensitive MRI methods are used to monitor thermal ablations (9). Thermal
ablations can be applied using various minimally invasive probes (e.g., optical laser fiber,
radiofrequency needle, or microwave antenna) to deposit heat in deep-lying tumors;
intraprocedural MRI is also utilized to monitor and control cryoablation (10).

One of the most attractive methods of thermal ablation is, however, the completely
noninvasive tissue destruction by acoustic energy that converts to heat during absorption.
While other methods are only minimally invasive because of the use of percutaneous
needles and needle-like probes, FUS is completely noninvasive with no percutaneous
probes required. The US waves penetrate through soft tissue and can be focused to small
focal volumes with dimensions of a few millimeters. The acoustic energy absorption at
the focal spot leads to tissue temperature elevations with such sharp thermal gradients
that the boundaries of the treated volume are sharply demarcated without damage to the
overlying or surrounding adjacent tissues. No other probe-delivered heating methods can
achieve similar, well-controlled, deep thermal ablation.

Thus, the concept of “ideal surgery” ensures that only the targeted tumor tissue is
removed or destroyed and there is no associated injury of the adjacent normal tissue.
Although, it has been known for sometime that FUS can in fact be this “ideal surgery,”
(11) it was not competitive with traditional surgery because of the lack of appropriate
image guidance and thermal control. A fully developed image-guided therapy delivery
system should correctly localize tumor margins, find acoustic energy trajectories,
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carefully select acoustic windows, monitor energy deposition in real time, and accurately
control the deposited thermal dose within the entire targeted tumor volume. Only this
“closed-loop” image-guided FUS system can truly satisfy the requirements for ideal
surgery.

The most obvious imaging method for FUS is diagnostic US imaging. Eventually,
diagnostic US did indeed become the primary localization and targeting method for
FUS, but because temperatures still could not be accurately monitored, this method of
noninvasive soft-tissue ablation has not gained true widespread acceptance. US imaging
is not yet applicable for the real-time detection of tissue temperature changes and the
confirmation of thermally induced tissue changes. It is possible that eventually US will
provide some kind of temperature monitoring. However, the current lack of temperature
sensitivity is not the only shortcoming of US-based image guidance. The other major
shortcoming is the lack of its ability to detect tumor margins for accurate target definition
and it is unlikely that diagnostic US will ever be comparable to MRI in this respect.

Because of these shortcomings, the successful implementation of an image-guided
FUS has centered on the development of a noninvasive imaging system that can achieve
good anatomic resolution, high sensitivity to tumors, and accurate monitoring and control
of treatment outcomes in real time.

While the temperature sensitivity of MRI was well known, the original idea to use
MRI monitoring and control for thermal therapies came only in the early 1980s, when the
concept of MRI-guided hyperthermia (12-14) and interstitial laser therapy (15,16) was
described. In a series of publications our team at the Brigham and Women’s Hospital
described that during both interstitial laser ablation therapy and cryoablation real-time
monitoring is necessary for assessment of ongoing thermal effects in tissue (15-18). This
preliminary work showed that MRI can display the location and distribution of the
temperature elevation and accurately depict the extent of thermal damage, as confirmed
at histological examination (19).

There were two critical findings that preceded the development of MRIgFUS.
In a series of experiments, the static magnetic field of an MRI system was used as a
component of an electromagnetic (EM) transducer for generating acoustic pressure
waves. It suggested that the integration of an acoustic pressure wave generator with MRI
and magnetic resonance (MR) control can provide a novel combination of technologies
for the treatment of solid soft-tissue tumors (20). The other important finding was that
MRI temperature monitoring can be used to develop a real-time feedback that can control
all types of thermal ablations (16,21)

The Boston team initially described MRI-guided thermal ablations (Jolesz and
Bleier, Higuchi, Matsumoto, etc.) (16-19,21), and then, recognizing that the optimal
image-guided thermal ablation method is MRIgFUS, began work with General Electric’s
(GE) corporate research (Cline H) on the development of this new technology. The
Brigham research team and GE were looking for a research partner with experience with
therapeutic US. In 1990, GE invited the University of Arizona group to the Corporate
Research Center where Jolesz presented the original idea of MRIgFUS.

The first description of the temperature monitoring—based MRIgFUS system was
published in 1992 (22). This paper described the MRI-compatible US transducer
technology developed at the University of Arizona [already tested in vivo (23,24) and
was the basis for the development of the first therapy system by GE]. Initially, a prototype
experimental system was constructed to assess MRI thermal monitoring ability and the
MRI localization of the heat zone in muscle; later, the first clinical system was built
(3,22,25). In 1993, Hynynen et al. published a paper describing the feasibility of MRI-
compatible US transducers and demonstrated changes in MRI parameters seen in vivo
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during an FUS treatment (23,24). The results were consistent with those seen after
treatment with other thermal ablation methods. The feasibility of using the T,-weighted
images to visualize the locations of the temperature elevation at the focal spots in vivo
muscle and tumor tissue was also demonstrated with their experimental hydraulic
positioning system (23,24,26).

Accurate targeting and control initially requires the detection of thermal changes
below the level of tissue destruction or before the actual ablation begins. Fortunately,
with temperature-sensitive MRI, the sonication beam can be localized at power levels that
are below the threshold for thermal damage of the tissue (27). Temperature imaging
based on the proton resonance frequency shift is the best method to obtain the
temperature distribution and change during sonication and to calculate the thermal dose
distribution and volume resulting from multiple sonications. MRI thermometry is
applicable for monitoring the thermal exposure and allows real-time control of the
sonication parameters to optimize clinical treatments (28-31). Since the temperature rise
induced by a FUS beam scales linearly with power, the temperature maps acquired during
subthreshold sonications can be used to determine the power necessary to produce
thermal tissue damage with a desired size.

THE THERAPY DELIVERY SYSTEM FOR MRIgFUS SURGERY

MRIgFUS surgery effectively combines two technologies (MRI and US) into a
breakthrough, noninvasive image-guided therapy delivery system that fulfills the
requirements of the “ideal surgery.” By using a precisely focused, high-power acoustic
beam, the tissue destruction is limited to the focus. In fact, before the sound waves are
concentrated at the focus point, they propagate through the tissue without damaging it.
Further, at the focus, the intensified acoustic energy beam raises the tissue temperature to
a range where tissue is coagulated by protein denaturation and capillary bed destruction.

MRI, with its excellent sensitivity for imaging soft-tissue tumors, is preferable over
other imaging modalities for localizing 3D tumor margins and targeting tumor volumes.
In addition, MRI is also capable of measuring temperature changes inside the body with
accuracy in the range of £3°C at 1.5 T field strengths—or with even greater accuracy at
higher field strengths. Because of its excellent temperature sensitivity, the focal point can
be visualized and localized well before any irreversible tissue damage is induced at
about 20°C above normal body temperature. Moreover, MRI’s ability to capture the
temperature change enables the physician to delineate temperature maps and tumor
volume and apply this quantitative information in real time to allow for “closed loop”
therapy (1,2).

This noninvasive real-time closed loop ablation methodology is unique to
MRIgFUS. The following is a list of the key advantages: (i) MRI provides excellent
tumor localization, much improved over direct visualization at open surgery. This is
because it provides 3D volumetric tumor definition and can see “beyond the surface”; (ii)
MRI can be used for planning the trajectory of the acoustic beams by finding an optimal
acoustic window for safe passage of the US beam; (iii) MRI can accurately localize the
higher temperature focal spot by temperature-sensitive imaging and verify its position
within the target (and thus, damage to normal tissue is averted). If the position is not
correct, it can quickly be adjusted before any therapeutic energy is delivered; and (iv)
MRI can detect tissue coagulation during and at the end of the procedure through the use
of MR thermometry, and with intravenous (i.v.) contrast, the occlusion of tumor
vascularity.
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Successful design, testing, and development of a clinical MRIgFUS system is a
significant engineering challenge. The MRI environment is frequently hostile to and
sometimes incompatible with electronic and electromechanical systems. For example, the
magnetic field inside a 1.5 T MRI is 150,000 times stronger than the earth’s magnetic
field and twice this number in a 3 T scanner. The challenge in designing an MRIgFUS
system is dual: First, MRI uses very low EM signals generated in the body to reconstruct
the anatomy, and any external EM interference could easily destroy the MR image.
Second, the static and dynamic EM fields of the MRI can influence the FUS component,
including beam-forming electronics and high-accuracy robotic systems to such an extent
they will fail to function.

Following the early implementation of the technique (3,25,32) and after the
development of a prototype workstation at the Brigham and Women’s Hospital by
McDannold et al., InSightec (Haifa, Israel) developed the first commercial MRIgFUS
therapy delivery system known as the ExAblate® 2000. This system 1is the first of its kind
that had real-time closed loop control for MRIgFUS. Currently, both Philips and Siemens
Medical Systems are developing MRIgFUS surgery but those systems are not
commercially available.

CLINICAL APPLICATIONS OF MRIgFUS

The first 50 years of FUS technology have been very interesting but clinically disappointing
(33). Without appropriate image guidance, the method did not live up to the initial high
expectations. The technique was first used for destruction of portions of the central nervous
system (CNS) (34) and has been extensively tested for so-called “trackless” brain surgery in
both animals and humans (35,36). Since its introduction, FUS has been investigated as an
alternative method to invasive surgery and radiation therapy and considered for many
clinical applications including benign and malignant prostate disease and tumors of the
liver, kidney, breast, bone, uterus, and pancreas. These clinical investigations and the
related extensive literature have been described in several review papers (37-40).

The introduction of MRIgFUS represents a new and extremely promising chapter in
the history of FUS technology. After preliminary feasibility testing of the first integrated
MRI-FUS therapy delivery system by a team of Brigham and Women’s and GE
researchers, the first clinical application, ablation of benign breast fibroadenomas, was
selected.

Breast Fibroadenoma

The treatment of benign breast tumors was chosen to test feasibility of MRIgFUS. There
were several compelling reasons: firstly, the breast is easily accessible to the US beam,
with no bone or gas obstructing the acoustic window to the tumor. Secondly, breast MRI
defines focal fibroadenoma well, especially after i.v. Gadolinium. Thirdly, these lesions
are benign but can be very symptomatic. In a feasibility study, 11 fibroadenomas in 9
women were treated with MRIgFUS under local anesthesia using MRI-based temperature
monitoring. Of the 11 lesions treated, 8 demonstrated complete or partial lack of contrast
material uptake after treatment on T';-weighted images (41).

After the transfer of technology from GE to InSightec (Haifa, Israel), there were
significant further improvements made to the technology that resulted in the development
of the previously described ExAblate 2000 system and the continuation of clinical trials
for benign tumors now in the pelvis, namely uterine leiomyomas or fibroids.
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Uterine Fibroid

The clinical trials and clinical practice of MRIgFUS for treatment of symptomatic uterine
leiomyomas will be covered in a separate chapter. In this section, the experience will be
reviewed briefly. Prior to FUS treatment, the initial proof of concept came from the work
in MRI-guided laser ablation of benign uterine fibroids, which demonstrated a 30% to
40% decrease of tumor volume and associated symptomatic relief at three-months to one-
year follow-up. (42). Based on these preliminary studies, initial Phase I/II trials of the
ExAblate 2000 device for this treatment began. The first paper by Tempany et al.
reported the initial results in nine women, with symptomatic leiomyomas, all scheduled
for hysterectomy. They all agreed to undergo MRIgFUS prior to surgery. Thermal lesions
were created within target fibroids using an MRIgFUS therapy system. The developing
lesion was monitored using real-time MR thermometry, which was used to assess
treatment outcome in real time to change treatment parameters and achieve the desired
outcome. In six cases, the leiomyoma received full therapeutic doses, and 98.5% of the
sonications were visualized. Focal necrotic lesions were seen in all cases on MRI, and
five were pathologically confirmed after hysterectomy. Thus, it was demonstrated that
MRIgFUS can successfully cause thermal coagulation and necrosis in uterine leiomyoma
and is feasible and safe, without serious consequences (43). Following this, a Food and
Drug Administration (FDA)-approved multicenter trial was initiated by InSightec.

In October 2004, the FDA approved the use of MRIgFUS for the treatment of
uterine fibroids treatment (44—47). MRIgFUS offers the patient a noninvasive alternative
to hysterectomy or myomectomy—invasive surgical procedures that often result in
postoperative complications and lengthy recuperation times. By contrast, MRIgFUS
treatment is performed on an outpatient basis and allows the woman to resume her normal
daily activities within a couple of days. Although the specific clinical application in this
instance treats a benign disease (uterine fibroids), the procedure is quite challenging,
involving deep abdominal treatment within a complex pelvic anatomy in which there are
several critical organs (bowel, uterus, nerves, and urinary bladder) that must be protected
from damage. To date, 2200 patients have been treated with MRIgFUS. The accrued
results demonstrate significant improvement in more than 80% of the patients at 12
months, and very good durability at 24 months, with approximately 20% of the patients
looking for alternative treatments at 24 months.

MRIgFUS TREATMENT OF CANCER

FUS has been investigated as a tool for the treatment of cancer for many decades but is
only now beginning to emerge as a potential alternative to conventional therapies. FUS
treatments follow a surgical concept and strategy. In oncologic surgery, the tumor or index
lesion should be correctly localized and the target well defined. If the target definition is
incorrect, the surgical approach is doomed to fail, as the tumor resection margins will be
positive and tumor will be left behind after resection. The applications of FUS for tumor
ablation rely of the sensitivity of MRI to define tumor margins. This critical delineation of
the tumor’s extent may be better than the surgeon’s visual and tactile ability during open
surgery but is inevitably still not perfect. If MRI does not correctly define the boundary of
the tumor, then the FUS will essentially become, as is often the case in many surgeries, a
tumor debulking procedure. In such a case of incomplete tumor removal, the treatment has
to be combined with radiation or chemotherapys; it is anticipated the MRIgFUS in which
image guidance replaces visual assessment will be an improvement over conventional
tumor surgery but it is still not a magic solution or cure for cancer.
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Breast Cancer

The first Phase I trial for breast cancer treatment first with the GE system and then with
the InSightec system was done by Gianfelice et al. (48-50). To test the feasibility of
breast cancer treatment by MRIgFUS, two breast cancer cases were performed at the
Brigham in Women’s Hospital with the original GE prototype system. The treatments
were followed by mastectomy. Using a Siemens prototype system in Germany, a single
treatment was attempted (51).

In the first study (48-50), before undergoing tumor resection, 12 patients with
invasive breast carcinomas were treated with multiple sonications that were monitored
with temperature-sensitive MRI. The effectiveness of the treatment was determined by
histopathological analysis of the resected mass that was performed to determine the
volumes of necrosed and residual tumor. FUS ablation was well tolerated by the patients,
and with the exception of minor skin burns in two patients, no complications occurred.
More the 90% of the tumor volume was treated and the residual tumor was identified
predominantly at the periphery of the tumor mass. This indicated the need to increase the
total targeted area (i.e., with an increased number of sonications). In a later more-
complete study (and with the use of improved technology), 24 female patients were
treated by MRIgFUS. Following MRIgFUS they received adjunct chemotherapeutic
(tamoxifen). Percutaneous biopsy was performed after six-month followup, and if
residual tumor was present, a second MRIgFUS treatment session was initiated, followed
by repeat biopsy one month later. Overall, 19 of 24 patients had negative biopsy results
after one or two treatment sessions. In a later study (48-50), gadolinium contrast was
used for targeting and there was further improvement of tumor volume coverage by FUS.
In breast cancer, the role of MRIgFUS is to replace conventional lumpectomy and the
desired outcome is a total coagulation of the tumor. The most current data indicate the
rate of recurrence is significantly higher in patients treated by lumpectomy only, as
compared to patients treated with lumpectomy and radiation therapy administered as an
adjuvant therapy following surgery. “The medical community should therefore view
lumpectomy as a debulking tool.” A surgery panel convened in the summer of 2003
concluded that total coagulation of breast carcinomas should reach or exceed 95%. To
date, the ExAblate 2000 has been used to treat 150 breast cancer patients. In the most
recent cohort of 30 patients treated in Japan, the pathology results were 97% =+ 3% tumor
destruction (52). Based on this data, an extended Phase II Investigational Device
Exemptions (IDE) protocol is slated to begin during Q2/2006. This protocol will include
treatment by MRIgFUS, follow-up MRI to assess treatment outcome, lumpectomy, and
pathological assessment of the excised tissue.

Liver Cancer

Liver metastases and increasingly hepatocellular carcinomas, in conjunction with the
worldwide pandemic of hepatitis c, are now important and common causes of death,
which otherwise have relatively poor treatments available for them, which vary from
quite toxic in terms of chemotherapy to the very invasive with surgery. The potential,
therefore, of minimally invasive work in this field is highly desirable and could help a
great many patients. Many patients with liver disease have associated coagulation
defects that may or may not be easily treatable while minimally invasive or noninvasive
procedures are a substantial improvement in terms of morbidity in comparison to surgery.
Thermal ablations provide a potential alternative to surgery in the treatment of primary or
metastatic liver cancer (53-55).
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Percutaneous radiofrequency, microwave, laser ablation, and cryotherapy have all
been utilized to treat livers malignancies successfully.

Several investigations used US image guidance for high-intensity focused
ultrasound (HIFU) procedures used to treat liver lesions. This essentially noninvasive
approach is a very preferable alternative to the more invasive surgeries that are required
to achieve similar outcomes.

Most of the work has been done in China and some is from Oxford, U.K. where they
evaluated the safety and performance of the device (40,56). All these studies described
their results as extremely promising.

There are several technical problems with liver FUS therapy that should be resolved
before the advantages of MRI guidance are realized (57). Without motion compensation,
the phase subtraction—based temperature measurement does not work; therefore, currently,
ExAblate treatments are performed only inpatient with general anesthesia and without
respiratory motion during sonications. Also, in the current phased-array arrangement,
MRIgFUS cannot reach lesions behind ribs or lung and is confined at the moment to
treatment of low liver lesions that peak out from below the rib line or to left lobe lesions
that can be accessed with conventional application through the epigastrium. It is
anticipated that improvements in the phased-array transducer technology eventually will
allow access to lesions between ribs.

Prostate Cancer

There have been multiple efforts to evaluate the feasibility of HIFU for the treatment of
localized prostate cancer in a population of potentially curable patients (58,59). Current
results with the US-guided EDAP system (EDAP/TMS, Vaulx-en-Velin, France) show
that HIFU is a treatment option achieving similar results to those of other nonsurgical
treatments for prostate cancer (60).

MRI has a significant advantage in defining the extent and type of local prostate
cancer. It is anticipated that the combination of MRI-based diagnosis and MRI-controlled
FUS therapy will provide a competitive advantage over radical prostatectomy in the
treatment of prostate cancer.

Renal Tumors

Renal-cell carcinomas are relatively slow growing and very frequently asymptomatic for
the majority of their time course. They are found increasingly commonly at quite early
stages due to the widespread use of cross-sectional imaging, particularly screening CT.
This has resulted in more patients seeking minimally invasive treatments such as thermal
ablations rather than the more invasive and aggressive surgical procedures that are
available. “Nephron-sparing” approaches are very important for patients with either
single kidney or chronic renal failure. Multiple papers are now available describing the
use of radiofrequency, cryotherapy, or laser approaches for the destruction of renal
masses using minimally invasive procedures, which show very good early promise when
the whole mass of the tumor can be treated (61). MRI-guided percutaneous cryoablation
of renal tumors can be done safely and effectively (62).

HIFU treatment of renal carcinomas was attempted by US image guidance (63).

Many of the same problems that are encountered in MRIgFUS of the liver apply
equally to renal procedures. The kidney is an even more mobile organ than the liver and
has much greater respiratory excursion than the liver; so control of this motion is
absolutely crucial in the undertaking of such a process. We believe that similar
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procedures to those described in the liver, however, should be able to treat renal masses,
particularly the lower pole or exophytically located.

Bone

Metastatic bone tumors develop in 50% to 60% of cancer patients and are often very
painful, generating micro- or macrofractures in the bones. Many patients with bony
metastatic deposits have continuing disabling pain despite the use of other conventional
therapies such as radiotherapy, chemotherapy, hormonal manipulation, and analgesics.
Further palliative therapeutic options for this group of patients are, therefore, highly
desirable to improve the way we treat these patients. The percutaneous delivery of
thermal ablative energy directly into skeletal metastases is evolving as a very effective
new modality in the palliation of painful tumors. The majority of the studies in this area
have been carried out using radiofrequency electrodes as the source of heat although
studies using cryotherapy and laser fibers are also published in the literature with similar
promising overall results (64,65).

Callstrom and Charboneaeu (66) have reported on a study of 62 patients who had
severe pain secondary to bony metastases. All their patients were treated with per-
cutaneous radiofrequency ablation and 95% of their patients experienced a significant
drop in pain scores that continued to improve over 24 weeks of follow-up, and this
improvement was associated with a very significant fall in the opiate usage in this group.
These studies indicate that there is substantial gain to be achieved in the palliation of
painful metastases using MRIgFUS. They also concluded that the tumor interface with
normal bone should always be treated for best pain relief. and if the thermal ablation is
limited to the center of the tumor, very little gain is achieved in terms of pain
improvement. These suggest that pain relief is primarily due to the coagulation of nerve
fibers and not the soft-tissue tumor itself.

MRIgFUS can ablate soft-tissue tumors in the bone but also has the potential to
provide very effective pain palliation in a single treatment that can be repeated in the case
of pain recurrence. Diagnostic US cannot be used for targeting and monitoring in bones
since US is absorbed and or reflected by bones, preventing visualization.

Bone absorbs US very avidly, which explains why it disrupts US beams, making
treatment of lesions obscured by bones so problematic, as described above. This ability of
bone, however, can be utilized to carry out thermal ablation treatments by targeting the
abnormal areas with FUS and depositing energy in to these areas to raise the temperatures
sufficiently to cause tissue destruction. This process suggests that we may be able to
utilize FUS as a modality to treat bone lesions palliatively.

Patients are currently being treated under a Phase I protocol in various sites using
the InSightec system. The initial results are promising with relatively quick improve-
ments in pain scores in most patients without the patient having to undergo any form of
interventional procedure. MR is simply used to target the FUS deposition so a very
effective, easy, and accurate way of depositing the heat is achieved.

This form of therapy has great potential and can be combined with radiation and
provide improved pain relief, particularly for very painful metastases, which are re-
fractory to other therapies.

Brain Tumor

Invasive open craniectomies or brain surgery typically entails attempts to resect and
remove deep-seated target lesions by cutting or dissecting through normal brain—a
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surgical course that frequently results in damage to intervening tissues. Given this, a
completely noninvasive treatment alternative capable of treating targeted brain tissue
without injuring normal brain could prove extremely attractive. Therefore, the use of
FUS as an “ideal” brain surgery method has been under investigation for some time
(11,34-36).

Considering the preponderance and widespread use of MRI in clinical neuroima-
ging, which allows the display of the lesion and all surrounding structures in 3D, an MR-
based image-guided therapy would be ideal. The combination of high-resolution 3D brain
imaging with the ability of MRI for thermal monitoring, resulting in MRIgFUS for
treatment of brain tumors has become a primary goal for many investigators in the last
decade. Utilization of therapeutic US in the brain has been seriously limited by the
commonly accepted view that these exposures would require that a piece of the skull
bone be removed to allow the US beam to propagate into the brain. As US beams do not
normally pass through bone, rather are deflected by it, the skull posed a considerable
barrier to the potential of transcranial FUS treatments.

However, in 1998, after experimental studies, it was demonstrated that trans-
cranial delivery of therapeutic US into the brain is feasible (67). Using phased-array
transducers surrounding the skull, the phase shifts caused by the uneven cranial bone
thickness can be compensated for by thickness measurements generated from X-ray CT
data. These phase corrections allow a sharp focus to be generated at various (relatively
lower) frequencies. A prototype MRI-compatible FUS phased-array system for trans-
skull brain tissue ablation (Hemispherical 500-element US phased array operating at
frequencies of 700-800 kHz) was developed by InSightec and the Brigham and Women’s
Hospital Focused Ultrasound Laboratory (68). The device was then modified to operate
in the orientation that will be used in the clinic and successfully tested in phantom
experiments.

ExAblate® 3000

A system for the MRI-guided and monitored FUS thermal surgery of brain through intact
skull was developed by InSightec and tested in rhesus monkeys (69) and in three patients
at the Brigham and Women’s Hospital. The US beam is generated by a 512-channel
phased-array system (Exablate 3000, InSightec, Haifa, Israel) that is integrated within a
1.5 T MR scanner. The MRI thermometry was shown to be useful in detecting the tissue
temperature distribution next to the bone, and it should be used to monitor the brain
surface temperature. The effect of thermal lesions for brain edema was also investigated
(70,71).

An FDA IDE-approved Phase I clinical trial centered on brain-tumor treatments
through the intact skull. This research is currently being conducted solely at the Brigham
and Women’s Hospital in Boston but will expand to multiple U.S. sites later. Initial cases
involve inoperable malignant brain tumors, but in the future, benign tumors will also be
considered. MRIgFUS lesions can also be used for functional neurosurgery for the
treatment of epilepsy, movement disorders, and other CNS diseases.

APPLICATION OF MRIgFUS FOR NON-NEOPLASTIC DISEASES
Arthritic Joints

There is also the potential for treatment of these painful joints. As shown in animal
experiments, it is possible to perform synovectomy noninvasively using MRIgFUS
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(72). This noninvasive FUS method can be used to treat patient with arthritis who do not
respond to drug treatment.

Vascular Occlusion

The histological examinations indicate that not only do the treated tumor cells show
coagulative necrosis but small tumor vessels are also severely damaged by the HIFU
treatment. The damaged tumor vessels might play a critical role in secondary tumor cell
death by decreasing tissue perfusion (73). Highly perused nontumorous tissues such as
the renal cortex can also be coagulated from outside the body with FUS and MRI can be
used to guide and monitor this procedure. Arterial occlusion was achieved by FUS energy
deposition in rabbit arteries (74,75). In some cases, hemorrhage or vessel rupture was
caused by the sonication. This condition should be avoided during noninvasive FUS
surgery (76).

Acoustic hemostasis can be used to prevent diffuse tissue hemorrhage after trauma
or surgical incisions. Liver hemorrhage, the major cause of death in hepatic trauma, is
especially difficult to control. By using FUS, liver hemorrhage can be reduced to a slow
oozing of blood. The mechanism of hemostasis appears to be coagulative necrosis of
small blood vessels (77). Hemorrhage of punctured major blood vessels (femoral artery
and vein, axillary artery, carotid artery, and jugular vein) was also interrupted by HIFU
treatment and the vessels were patent after the procedure (78).

Slow-flow arterial venous malformations (AVMs) are often extremely problematic
and long lasting and recurrent problems for patients. Surgery is frequently disfiguring and
unsuccessful and embolization procedures are of a variable success. We anticipate that
improvements in FUS technology should allow much greater power deposition to be
achieved within individual slow-flow AVMs that should be able to overcome some of the
problems. Much of the vascular flow of these lesions, which is very slow is responsible
for the difficulty with which heat can be deposited within them but if FUS could be
utilized successfully to treat such abnormalities, it could be a very successful and useful
way of taking the treatment of this type of lesion forward. Cavernous hemangioma of
brain and other organs is a disease that can be treated by MRIgFUS in the future.

It is also possible to use FUS to create lesions in cardiac valves. Mitral and aortic
valve perforation was achieved in animal experiments and this extracorporeal treatment
procedure may prove useful for valvulotomy or valvuloplasty (79).

Cavitation-Based Clinical Applications

The interaction between the acoustic beam and tissue results in several mechanisms such
as reflection, refraction, scatter, absorption, propagation, and cavitation. Cavitation aside,
the primary tissue heating mechanism is absorption generated by molecular vibrations
that are induced, in turn, by the acoustic beam—creating, in essence, a pressure wave and
intermolecular friction. The vibration amplitude depends, however, on the pressure
amplitude and, hence, is significantly higher at the focus where the pressure is the
highest, implying a higher temperature rise at the focus. The difference in temperature
rise between the focus volume and the surrounding tissue depends on the specific acoustic
design; and generally, this difference is very significant.

By using short bursts at high-pressure amplitudes, thermal effects can be minimized
or eliminated, and the nonthermal effects of cavitation can be used. Various mechanical
effects have been observed with such exposures. Cavitation can disrupt the blood-brain
barrier (BBB) (80-82), cause selective vascular damage, generate tissue necrosis, and
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produce complete tissue disintegration (76,83). The disruption of atherosclerotic plaques
and thrombi are also thought to be cavitation-mediated events (84). Finally, high-
amplitude FUS beams can also be distorted to create shock waves at the focus, which
might influence cell-membrane permeability that can be used for gene delivery to cells
(85-89).

Cavitation effects can be further amplified by injecting preformed microbubbles
into the vasculature. While these bubbles have been developed for imaging, they have
also been shown to reduce the power required for inducing tissue effects by at least two
orders of magnitude. It may also be possible to include therapeutic agents in the shell of
the micro bubbles so that they break and release their contents in the target location when
exposed to US (90).

Percutaneous catheter-delivered US energy appears promising in peripheral vessels
to reduce arterial stenoses and recanalize complete arterial obstructions (91). US and
microbubbles are capable of recanalizing acute arteriovenous graft thromboses (84).

If MRIgFUS can recanalize obstructed blood vessels using extracorporeal beams,
there is enormous potential for this technique for treating stroke and maybe even coronary
occlusion.

Gene Therapy

As a result of the human genome project and continuing advances in molecular biology,
many therapeutic genes have been discovered. Gene therapy is a promising approach to
the treatment of many forms of disease, including cancer. US-mediated transfection
appears to be a promising method for gene transfer into mammalian cells (92,93).

Gene therapy as a form of molecular medicine is expected to have a major impact
on medical treatments in the future. However, the clinical use of gene therapy today is
hampered by inadequate gene delivering systems to ensure sufficient, accurate, and safe
DNA uptake in the target cells in vivo. Of critical concern in its implementation is the
ability to control the location, duration, and level of expression of the therapeutic gene.
MRIgFUS has a potential to accomplish gene therapy with spatiotemporal control.
Because US waves can be focused on different anatomical locations in the human body
without significant adverse effects, the control of DNA transfer by FUS is a promising in
vivo method for spatial regulation of gene-based medical treatments (94-96).

BBB Opening

The BBB is a persistent obstacle for the local delivery of macromolecular therapeutic
agents to the CNS. Many drugs that show potential for treating CNS diseases cannot cross
the BBB, and there is a need for a noninvasive targeted drug delivery method that allows
local therapy of the CNS using larger molecules. In the presence of intravenously injected
microbubbles (routinely used as US imaging contrast agents), low US powers and
pressure amplitudes can cause BBB transient disruption. This method may have potential
for targeted delivery of macromolecules in the brain (97,98). Local BBB opening is an
advantageous approach for targeted drug delivery to the brain. The cellular mechanisms
of such transient barrier disruption are largely unknown. Several mechanisms of
transcapillary passage are possible after sonications: (7) transcytosis; (i7) endothelial cell
cytoplasmic openings—fenestration and channel formation; (iii) opening of a part of tight
junctions; and (iv) free passage through the injured endothelium (with the higher power
sonications). These mechanisms could be considered in further development of the
strategy for drug delivery to brain parenchyma (99).
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Our ongoing research shows that BBB can be reproducibly opened by localizing
the cavitation-generated, mechanical stresses to the blood vessel walls by injecting
preformed gas bubbles into the blood stream just prior to the sonications. Since the
microbubbles are intravascular, any adverse effects to the adjoining brain tissue should be
minimal. The opening is reversible and the power levels used are orders of magnitude
lower than that required for generating tissue ablation or the tissue damaging cavitation
threshold. Because this technique allows the procedure to be performed in a clinical MRI
scanner, the images can be used online to aim and monitor the US exposures. Thus,
MRIgFUS can target an image-specified tissue volume anywhere in the brain—a feature
very desirable for both molecular targeting and molecular imaging of the brain. This
controlled opening of the BBB at a desired location would permit novel, noninvasive
methods of treating brain tumors and interrogate brain function by using various chemical
probes. Specifically, it would provide targeted access for chemotherapy and gene therapy
and allow the use of large, molecular-sized peptides, neuroactive proteins, and various
antibodies (93,100,101).

Using animal experiments, we demonstrated that Herceptin~, a humanized anti-
HER?2 (c-erbB2) monoclonal antibody, can be locally and noninvasively delivered into
the CNS through the BBB under image guidance by using an MRIgFUS BBB disruption
technique. The amount of Herceptin delivered in the target tissue had a good correlation
with the extent of the barrier opening monitored by MRI, making it possible to indirectly
estimate the amount of delivered Herceptin by MRI (100,101).

®

CONCLUSION

Without the ability of MRI to localize the tumor margins and without MRI-based
temperature-sensitive imaging, correct targeting and closed-loop control of energy
deposition is not possible. These are the reasons that the original US-guided FUS
technology is inadequate and has not become widespread for most clinical applications.
Given these limitations, FUS initially appeared to have a narrow application area and was
not able to compete with other surgical or ablation methods. Today, MRIgFUS has
become a safe and effective alternative to probe-delivered thermal ablations and
minimally invasive surgery. Moreover, it has the potential to replace treatments that use
ionizing radiation such as radiosurgery and brachytherapy. Although the cost of
integrating MRI systems with complex and expensive phased arrays is high, this
expenditure will largely be offset by eliminating costly hospitalization and anesthesia and
by reducing complications. In effect, an investment in this emerging technology will
ultimately redound to the benefit of the health care delivery system and, most important,
to the patient. The MRIgFUS system provides a safe, repeatable treatment approach for
benign tumors (e.g., uterine fibroid and breast fibroadenoma) that do not require an
aggressive approach. MRIgFUS can also be used for debulking cancerous tissue. It has
already been tested as a breast cancer treatment; its application for other malignancies in
the brain, liver, bone, and prostate is under development. MRIgFUS offers an attractive
alternative to conventional surgery because it incorporates intraoperative MRI, which
provides far more precise target definition than is possible with the surgeon’s direct
visualization of the lesion. MRIgFUS is undeniably the most promising interventional
MRI method in the field of image-guided therapy today. It is applicable not only in the
thermal coagulative treatment of tumors but also in several other medical situations for
which invasive surgery or radiation may not be an effective treatment option. The future
use of FUS for treating vascular malformation or functional disorders of the brain is also
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exciting. It is uniquely applicable for image-guided therapy using targeted drug delivery
methods and gene therapy. Further advances in this technology will no doubt improve
energy deposition and reduce treatment times. In the near future, FUS will offer a viable
alternative to conventional surgery and radiation therapy; in the longer term, it may also
enable a host of targeted treatment methods aimed at eradicating or arresting heretofore-
intractable diseases such as certain brain malignancies and forms of epilepsy (2).

Despite this potential, many individual problems in the widespread application of
MRIgFUS remain. Motion, predominately due to respiration, is problematic because it is
often inconsistent and the movement of the upper abdominal organs in response to
respiration for instance is usually not entirely consistent, making exact targeting difficult.
Ribs overlying the path of the FUS would disrupt the beam, preventing accurate
application of destructive energy and marked vascularity of a target in the tissue may
prevent an easy visualized tissue response. MRIgFUS is the ultimate noninvasive tumor
treatment method. It requires, however, correct localization and targeting with MRIL.
Future improvement of MRI technologies will result in better definition of tumor margins
and more accurate localization of targeted tissue. With further advances in acoustic
technology, especially with phased arrays with greater numbers of elements, treatment
sessions will be shorter and the number of anatomic locations that will be amenable to
therapy will increase. Ultimately, MRIgFUS will replace a substantial number of invasive
and minimally invasive surgical procedures and also radiation therapy applications. The
possibility of repeat treatment without tissue toxicity and the ability of real-time control
make MRIgFUS a major alternative to ionizing radiation-based methods. MRIgFUS is a
disruptive technology that will eliminate the need for many invasive approaches to
benign tumors. In combination with new drugs and improvements in MRI, effective,
multiple, repeatable treatments of tumors will be enabled, without the current comor-
bidities. This may generate a paradigm shift in cancer treatment, effectively transforming
cancer into malignant chronic disease.

Although MRIgFUS technology is still in its infancy, this revolutionary imaging
technology has already been established as a viable, noninvasive treatment for uterine
fibroids, breast carcinomas, certain brain malignancies, and bone tumors. With additional
research, we will no doubt develop MRIgFUS applications for CNS and vascular
diseases, targeted drug delivery, gene therapy, and more. The integration of MRI and
FUS surgery has resulted in real-time, image-controlled, closed loop—feedback based,
noninvasive therapy delivery systems. Moreover, MRI has the ability to control tissue
heating and the deposition of thermal dose. This feature significantly improves the safety
and efficacy of FUS in the treatment of tumors. The major advantage of MRI guidance
over other imaging modalities is its ability to achieve accurate targeting while avoiding
thermal injury of normal tissues. Over the next decade, MRIgFUS will almost certainly
replace several invasive open surgeries and will likely supplant minimally invasive
approaches as the preferred treatment approach.
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INTRODUCTION

One of the most important potential applications of focused ultrasound surgery (FUS)
ablation is the treatment of breast tumors. Breast cancer is the most commonly diagnosed
cancer in women in the United States. In 2006, breast cancer is expected to account for
212,920 new cases (31% of all new cancer cases among women) and 40,970 deaths
(1). Between 1991 and 2001, a 2.3% annual decrease in the age-adjusted breast cancer death
rate was documented, mainly due to earlier diagnosis as well as advances in treatment.

A shift to limited treatment from mastectomy to breast-conservation treatment
(BCT) with lumpectomy and radiation therapy has occurred in patients with early stage
tumors. The standard treatment for women with breast cancer desiring breast
conservation is lumpectomy followed by external beam radiation therapy. Several
randomized trials showed that women who undergo a lumpectomy alone and do not
receive breast radiation therapy have at least a three-fold increase in local recurrence
compared with those who received adjuvant radiation therapy following surgery
(2-5). Lumpectomy alone without radiation results in local failure up to 39%. These
data imply that surgical removal is an approximate removal of the bulk of the cancer and
a more complete eradication of the microscopic residual tumor is achieved primarily by
radiation therapy. Magnetic resonance imaging—guided focused ultrasound surgery
(MRIgFUS) may offer an alternative to conventional surgical lumpectomy if the majority
of the cancer cells are destroyed during MRIgFUS treatment.

The cosmetic results and side effects after conventional BCT are acceptable to most
patients; however, the noninvasive ablation method with FUS is thought to be
psychologically and cosmetically more satisfactory. MRIgFUS is also suitable for
treating patients who are at high risk for surgery; the nonsurgical procedures require less
anesthesia and are associated with reduced in-hospital recovery time and therefore cost,
less risk of infections, and less scar formation.

PATIENT SELECTION CRITERIA FOR BREAST MRIgFUS

Selection of appropriate patients is of paramount importance for determination of the
success of MRIgFUS. If a definitive treatment is planned, this method can be applied only
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in a limited group of women. Candidate patients should have limited disease with good
prognostic factors and the tumor should not be adjacent to the skin nor the chest wall.
Exclusion criteria in most studies include the following: large or multifocal tumors, large
ductal carcinoma in situ, cancers with extensive intraductal component or lymphovas-
cular invasion, tumors with irregular margins, history of radiation or local thermal
therapy, significant background illness or underlying medical condition, contraindica-
tions for magnetic resonance imaging (MRI), or an inability to lie still for up to 150
minutes. The ultrasound (US) beam can potentially heat scars on the skin. Patients with
scarring should be excluded if the treatment plan requires that the scar lie in the path of
the beam. Pregnant or lactating patients and those receiving anticoagulation therapy are
also obviously excluded. There are not enough data on treatment of invasive lobular
cancer or other special types of cancer (mucinous, medullary, papillary, etc.) and patients
with these diagnoses may not be ideal candidates for MRIgFUS. Lesion location is also
an important criterion. For superficial targets, there are risks for skin burn and
undertreatment, leaving residual tumor cells close to the skin. Also patients with cancers
in close proximity to the nipple may not be suitable candidates.

Criteria can be relaxed for patients who are not candidates for open surgery for
medical reasons and MRIgFUS would be utilized as a palliative therapy. The
noninvasive treatment of fibroadenomata with MRIgFUS is a promising alternative for
patients who are uncomfortable with palpable lumps and prefer noninvasive therapy to
avoid surgical scars.

TECHNIQUES FOR BREAST MRIgFUS

Patient preparation for MRIgFUS is similar to that for MRI-guided diagnostic procedures
(e.g., core needle biopsy or wire localization) regarding imaging, contraindications,
anesthesia, and approach. Core biopsy is always obtained prior to treatment to establish
histological diagnosis as well as attain status of receptors and prognostic factors. Local
anesthetic is typically used and deeper planes of anesthesia and analgesia (e.g., conscious
sedation) may be used for MRIgFUS due to potentially intense pain and longer procedure
duration.

Prerequisites for MRIgFUS of breast tumors include ability to localize tumor and
its surrounding anatomic structure allowing clear definition of targeted tissue volume.
The tumor location has to be favorable to be able to target it within the FUS focal volume.
Lesions should be between 1 and 20 cm from the skin and not adjacent to the chest wall.
The ability to monitor temperature or thermal effects during energy deposition in real
time is also required as well as controlling amount of energy deposited and spatial extent
of ablation. Low field open scanners have limited signal-to-noise ratio and limited
temperature resolution; breast MRIgFUS is best done at higher field strengths (1.5 T and
higher).

In FUS ablation, the patient lies prone with the breast positioned on water pillow on
a specialized table that fits inside of an MRI scanner. The transducer is acoustically
coupled with the water bath and embedded in magnetic resonance (MR) table (Figs. 1-3).

Before the start of the procedure, an anxiolytic is given to reduce movement and an
analgesic is administered to counter the associated discomfort. The transducer is then
positioned so that the US beam is focused directly on specific positions within the tumor,
outlining its margins as accurately as possible. At these focal points within the cancer, the
beam produces temperature elevations that result in coagulation necrosis. FUS treatment
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Figure 1  FUS treatment of a fibroadenoma. FS T2WI FSE MR. The patient is prone, with the
breast positioned on the water pillow. The transducer is outlined at the bottom. Abbreviations: FSE,
fast spin-echo; MR, magnetic resonance. Source: From Ref. 6.

consists of a series of sonications inside of the prescribed region of treatment comprising
the tumor itself plus a surrounding margin.

Many focal points within prescribed region of treatment are individually heated to
sculpt the ablation zone. As with all MRIgFUS, in breast treatment, the heat builds and
dissipates quickly, and the desired rapid temperature elevation to 60°C to 90°C is
produced.

CLINICAL APPLICATION OF BREAST MRIgFUS

The first clinical protocol to test the feasibility of MRIgFUS for management of benign
fibroadenomata was reported by Hynynen et al. using an early commercial delivery
system (General Electric Medical Systems, Milwaukee, Wisconsin, U.S.A.) with a single
channel US transducer (6). From the 11 lesions treated, eight treatments were partially or
nearly completely successful. Temperature-sensitive phase-difference-based MRI was
performed during each sonication to monitor focus localization and tissue temperature
elevation (from 12.8°C to 49.9°C) from these treatments. Success was established on the
basis of postcontrast T -weighted images showing a partial or complete lack of contrast
material uptake as well as clinical examination, revealing that the treated fibroadenomata
were smaller and softer. One patient experienced treatment failure due to the placement
of excess local anesthetic anterior to the fibroadenoma. Unavoidable microscopic bubbles
in the local anesthetic caused scattering of the US beam and thus limited the power
delivered to the target. The authors recommended that if local anesthetic is used, it should
be placed not in front rather beyond the lesion. Moreover, they recommended that the
tumor location be monitored throughout therapy. No adverse effects were detected,
except for one case of transient edema in the pectoralis muscle two days after therapy.
The authors suggested that the best time for follow-up MRI may be approximately one
week following FUS, when edema has resolved in the treated area. With this single-
channel prototype, sonication times were each approximately 10 seconds to treat a focal
size of 4 x 6 mm. Lesions up to 10cm from the surface of the skin could be treated with
this generation of the technology.
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Figure 2 MRI images of a 1.8 cm poorly differentiated invasive ductal carcinoma MRIgFUS in a
44-year-old woman. Pretreatment sagittal (A) and axial (C) images: an irregular enhancing mass is
seen in the upper outer quadrant of the right breast in the pretreatment CE T,-weighted fat saturated
images (arrow heads). Posttreatment sagittal (B) and axial (D) images: three days after MRIgFUS,
minimal strikes of enhancement are seen without mass-like enhancement (arrow heads) (CE
T,.weighted fat saturated images). This may represent hyperemia due to reactive inflammation or
residual tumor. On the axial image, dark signal void area is seen at the site of the prior enhancing
mass. At histopathology, about 50% of the carcinoma and adjacent normal tissue showed thermal
effects. The remaining portion of the carcinoma appeared viable. Abbreviations: CE, contrast
enhanced; MRI, magnetic resonance imaging. Source: Courtesy of Drs. K. Hynynen, D. Smith,
C. Kaelin, and N. McDannold.

A subsequent feasibility test for breast cancer treatment by MRIgFUS was performed in
2001 at the Brigham and Women’s Hospital on two breast cancers (unpublished), using
the original General Electric (GE) prototype system, and one additional patient was
treated with a prototype therapy system (InSightec-TxSonics, Haifa, Israel and Dallas,
Texas, U.S.A.) with a 1.5 T MRI scanner (Magnetom Vision Plus, Siemens, Erlangen,
Germany) (7). All three patients underwent lumpectomy revealing partial thermal effects
and residual viable carcinoma cells.
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(A) (B)

Figure 3 MRI images of a 1.4cm Grade II invasive ductal carcinoma MRIgFUS in a
57-year-old woman. (A) A rapidly enhancing mass is seen in the upper outer quadrant of the
right breast in the pretreatment sagittal CE T;-weighted fat saturated images (arrows). (B) Six
days after MRIgFUS, no enhancement is seen at the site of the tumor (arrows) (sagittal CE
T,-weighted fat saturated images). At histopathology, about 25% of the carcinoma and adjacent
normal tissue showed thermal effects. The remaining portion of the carcinoma appeared viable.
Abbreviations: CE, contrast enhanced; MRI, magnetic resonance imaging. Source: Courtesy of
Drs. K. Hynynen, D. Smith, C. Kaelin, and N. McDannold.

The collaborating studies concluded that MRI-guided FUS of breast cancer is
feasible and effective in selected breast cancer patients. Gianfelice et al. conducted the
first Phase I trial of MRIgFUS (8) with a next-generation treatment system that evolved
from the GE technology (InSightec-TxSonics), used in conjunction with a 1.5 T MRI
scanner (Signa Horizon, GE Medical Systems, Milwaukee, Wisconsin, U.S.A.).
Histopathologic analysis of the resected specimen showed that residual cancer was
predominantly identified at the periphery of the tumor mass. This shortcoming indicated
the need to increase the total targeted area at the periphery. FUS ablation was well
tolerated by the patients, and with the exception of minor skin burns in two patients, no
complications occurred. In a later study by the same authors, with the use of improved
technology, 24 patients were treated by MRIgFUS followed by adjuvant hormonal
treatment with tamoxifen (9). Percutaneous biopsy was performed after six-month
follow-up, and if residual tumor was present, a second MRIgFUS treatment session was
initiated, followed by repeat biopsy one month later. Nineteen of 24 patients (79%) had
negative biopsy results after one or two treatment sessions. In a subsequent report by
Gianfelice et al., dynamic contrast-enhanced (CE) MRI was used both to identify the
target volume and to assess residual tumor following MRIgFUS treatment. Twelve
women with invasive breast cancers measuring less than 3.5cm (10) were treated. The
ablated region was identified as a dark nonenhancing area, surrounded by enhancing
edematous regions. The treatment system evolved over the course of this study.
Graduation from a single channel transducer to a phased array transducer, used in the
later treatments, enabled focal depths of up to 20 cm from the skin surface. Moreover, the
necessary number of sonications to treat a volume was reduced. Flexibility in directing
energy to the target was facilitated with the addition of the ability to angle the transducer.

Zippel and Papa conducted another Phase I clinical trial between 2002 and 2004 to
examine the possibility of ablating breast carcinoma using MRIgFUS (11). Ten patients
underwent the procedure at the Chaim Sheba Medical Center in Israel, using the
ExAblate® 2000 (InSightec, Ltd., Haifa, Israel.). On average, 20 to 50 sonications were
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delivered over a one- to two-hour period to complete a treatment. All patients underwent
standard lumpectomy and axillary sampling to complete standard treatment.
Histopathology showed no viable tumor cells in two patients. The remaining eight
patients had varying amounts of residual tumor up to 30%.

In the most recent Phase II MRIgFUS trial, a cohort of 29 patients was treated with
the ExAblate 2000 by Furusawa et al., correlative pathology revealed 97% £ 4% tumor
destruction (12). The treatment was well tolerated, with a minimum of adverse effects,
especially when performed under local anesthesia. One patient, however, experienced a
third-degree burn to the skin below the transducer array, which was attributed to user
error. Pathology specimens from lumpectomy showed that residual tumor in two patients
was located on the anterior or posterior margins of the treatment. These outcomes
emphasized the need to include a Smm safety margin in the prescribed region of
treatment.

Feasibility of guiding FUS with US has been shown by Wu et al. (13,14). Without
MRI guidance, no temperature mapping was possible, and the delineation of the treated
volume was less accurate. However, there were no severe side effects, and histo-
pathologic analysis supported the prior trials revealing homogeneous coagulative
necrosis, including the tumor and normal breast tissue within the target region (14,15).

Past studies have provided data about treatment accuracy, efficiency, and safety.
Many questions regarding MRIgFUS and generally about nonsurgical ablation can only
be answered through well-conducted prospective studies. To date, the ExAblate 2000
System has been used to treat approximately 150 breast cancer patients. In addition, the
InSightec, Ltd. is currently conducting an Food and Drug Administration (FDA) investi-
gational device exemption (IDE)-approved Phase II protocol in breast cancer. This
protocol will include treatment by MRIgFUS, follow-up MRI to assess treatment
outcome, lumpectomy, and pathological assessment of the excised tissue.

In November 2001, the FDA cleared InSightec for a Phase III IDE for breast
fibroadenomata. In Phase III, patients will not undergo subsequent surgery. Studies
evaluating MRIgFUS safety and efficiency in treating breast lesions, both benign and
malignant, have been conducted at independent sites worldwide. During this trail, a
definitive study on the frequency of local recurrence will be conducted.

Furusawa et al. have treated 16 patients to date, as part of a 100-patient Phase III
trial (16). In this trial, patients will receive adjuvant radiation therapy instead of
lumpectomy and rate of recurrence will be closely monitored. Additional 22 patients, who
did not meet criteria for enrollment into the clinical trial, were treated with MRIgFUS.
One case of local recurrence of pure type mucinous carcinoma was noted (16).

The American College of Radiology Imaging Network is planning to start a trial
to determine the effectiveness of MRIgFUS, with the goal to ablate 95% of the volume of
an invasive breast cancer in at least 70% of appropriately selected patients. In this
proposed study, patients with histologically proven breast cancer will be treated with
MRIgFUS prior to their surgery. The potential effect of treatment on lymphatic drainage
as well as the sensitivity of post-treatment MRI in identifying residual cancer will be
investigated.

HISTOPATHOLOGY OF BREAST MRIgFUS

Macroscopic examination of breast specimens that are excised after FUS typically shows
treatment-induced complete coagulative necrosis as a yellow-white area of central
necrosis surrounded by a red hemorrhagic ring (Fig. 4) (7,12-15,18-20).
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Figure 4 Pathological changes following MRIgFUS of breast cancer. (A) Macroscopic specimen
shows the target as white area with a hyperemic rim (arrows). (B) Pretreatment histology shows
invasive carcinoma with lobular features (H&E). (C) Posttreatment histology shows almost
coagulative necrosis in the treated area (H&E). (D) Posttreatment histology on other areas shows
thermal fixation with preserved tissue architecture and microscopic cellular details in the treated
area (H&E). Abbreviation: H&E, hematoxylin and eosin. Source: From Ref. 17.

At the margin between the treated and untreated regions, there is typically a rim of
congestion that represents an inflammatory reaction to thermal ablation. Corresponding
histopathology of resected specimens characteristically reveals coagulative necrosis and
thermal fixation of the treated tissue, which should include the tumor and margin of an
obviously normal breast tissue surrounding the tumor (Fig. 4). The marginal rim of
congestion is composed of inflammatory cells, including histiocytes, lymphocytes,
macrophages, and giant cells. Normal fatty breast tissue frequently shows histologically
signs of fat necrosis.

Pathologic evaluation to assess treatment response postablation is comparable to
assessment after neoadjuvant treatment of breast cancer. There are several evaluation
systems for breast cancer treatment response (B-18 by Fisher, Miller-Payne, Symmans,
AJCC, Chevallier, Sataloff, Rouzier, MNPI) differing mainly in number of categories
(21-23). Most of these systems define complete pathologic response as the absence of
invasive breast cancer in the breast; a prerequisite is that the tumor site must be identified.
Residual tumor is often found at histology in scattered nests within the tumor bed;
therefore, extensive pathological examination of the specimen is needed to establish a
correct correlation with treatment effectiveness.

MRI may accurately predict the pathologic response; however, there is possibly a
high false-negative rate with decreased or no enhancement detected by MRI despite
viable tumor cells. Non—tumor-related enhancement might also increase after treatment
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secondary to reactive inflammation and fat necrosis, leading to potentially false-positive
MRI exams.

ADVANTAGES OF BREAST MRIgFUS

From the patient perspective, MRIgFUS produces minimum of adverse effects and is well-
tolerated especially when performed under local anesthesia. Moreover, the procedure does
not compromise cosmesis or result in scarring or disfigurement of the breast.

The two main technical advantages of MRIgFUS over the other minimally invasive
ablation techniques are its noninvasiveness and its real-time, closed-loop MR feedback.
MRIgFUS can precisely deliver energy to a given point in soft tissue, accurate within
I mm, without interrupting skin integrity. High sensitivity of MRI for breast cancer
allows accurate treatment planning and later examination for residual tumor. In addition,
during MRIgFUS, there is ongoing feedback detailing temperature changes at and around
the treated region, which allows the operator to be fully in control of the induced thermal
effect (24,25).

The experience so far shows that MRIgFUS can be used for complete ablation of
breast tumors in a safe and reliable way. Safety results are measured by the adverse event
reports that were captured by the treating physicians. Hardly any severe [third-degree
skin burn (12)] and a few minor adverse events were reported. Proximity to the skin
should be avoided and it is important to keep safety margins during the MRIgFUS
treatment of breast carcinomas.

Disadvantages of Breast Cancer Ablation

The main argument against noninvasive treatments of breast cancer, including MRIgFUS,
is that the margin status cannot be assessed due to lack of pathologic specimen. Radiologic
assessment, mainly postprocedure CE MRI, must replace histopathology. As no additional
tissue is obtained, the histological diagnosis and tumor markers (estrogen and progesterone
receptor status and HER?2 status) must be determined from the pretreatment core biopsy.
Additional tissue can be taken at core biopsy for molecular profiling, which is increasingly
becoming part of standard practice.

Nonsurgical ablation also relies on imaging for an accurate determination of tumor
extent. CE MRI is very sensitive for detection of invasive breast cancer and may improve
the determination of the invasive tumor size (26-28). For small node negative breast
cancers, size remains the major determinant of the need for adjuvant systemic therapy.
Although MRI is shown to be more accurate than mammography or US in size
assessment, even MRI currently cannot exclude small amount of residual invasive cancer.

Axillary lymph node sampling is standard for breast cancer staging. Sentinel lymph
node (SLN) surgery is increasingly utilized in early breast cancer. No data are collected to
date on FUS therapy effect on lymphatic drainage. Vargas et al. studied the success rate
of SLN biopsy in patients enrolled in a clinical trial of preoperative focused microwave
phased-array tumor ablation (19). Sentinel nodes were found with an overall success rate
of 91% of patients treated with antecedent breast tumor ablation, which is comparable
with other reports on success rate of SLN biopsy in the literature. These results imply that
there is no impairment in the ability to perform sentinel node biopsy after thermal
ablative treatment.

In the breast, medium-sized vessels (2-5 mm in diameter or larger) are frequently
encountered. In vicinity of prominent vessels, local heat may be insufficiently delivered
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to the target volume, because the blood vessels may act as heat sink. As a result, islands
of tumor cells in the presence of a larger vessel may survive.

A potential cause for insufficient local heating is generation of microscopic bubbles
by local analgesic injection. These may cause scattering of the US beam and limited the
power delivery to the tumor (6).

MR thermal monitoring may be challenging in a breast that is of predominantly
fatty composition (25). Proton resonance frequency shift techniques work in aqueous
tissue, but not in fatty tissue. Moreover, subtraction-based temperature-sensitive
sequences are very sensitive for motion. Misregistration due to breathing or bulk patient
movement may be problematic.

CONCLUSIONS

MRIgFUS of breast tumors is feasible and safe, without marked adverse effects. The
published studies have shown that MRI is suitable for both FUS treatment planning and
delineation of FUS therapy-induced changes.

There is a possibility of residual viable cancer cells with MRIgFUS; however,
residual tumor is a frequent finding with surgical removal and re-excision: In 50% or
more of lumpectomies, the margins are inadequate, involved, or close. Histopathological
studies also demonstrated that histologically negative or close biopsy margins do not
guarantee complete excision (29,30).

The desired result of MRIgFUS is a total coagulation of the tumor, which would be
equivalent to surgical removal at lumpectomy. MRIgFUS has the potential to become an
important modality for the local treatment of malignant breast tumors in combination
with radiation therapy. Additional studies are needed to prove that this noninvasive
method is equivalent to conventional surgery in safety and total ablation of the target and
further follow-up is desired to compare long-term local control of the disease.
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UTERINE FIBROIDS
Definition and Introduction

Leiomyomata uteri are the most frequent myometrial disorders and the most common
pelvic tumor in women. Although they are commonly referred to as fibroids, the tumor
consists of uterine smooth-muscle tissue and is enriched in fibrous extracellular matrix
(1). In some cases, fibroids appear to originate from smooth-muscle cells of the uterine
blood vessels (2).

Macroscopically, these clonal tumors are firm, round, or oval-shaped. Microscopic-
ally, they are composed of smooth-muscle bundles in a whirl-like pattern, well circum-
scribed but not encapsulated. Of importance in therapy, they are often highly vascular.
They can be singular, but generally, there are multiple fibroids in the same uterus varying
in dimensions and location. In extremely rare cases, approximately 0.1%, a uterine
sarcoma is identified on pathology instead of a fibroid and thus malignant transformation
of myomas into sarcoma is rare.

Incidence

The prevalence of clinically significant fibroids peaks toward the end of a woman’s
reproductive cycle, in her perimenopausal years, and declines after menopause
(3). Although most women with uterine leiomyomas do not seek therapy, 20% to 25%
of women in the reproductive age do have significant enough symptoms caused by these
fibroids to cause the woman to seek and warrant therapy (2). Genetic predisposition
seems to contribute. Fibroids are particularly common in the black populations with a

111



112 Hanstede et al.

three-fold increase compared to Caucasian populations. Also, the clinical disease of black
women is more severe (4). Parity reduces risk, and a familial tendency to develop fibroids
reduces the risk significantly (5), as does obesity and early age at menarche. Depending
on the method of the diagnosis, the incidence of women having these lesions varies from
5.4% to 77% (6).

Etiology and Pathogenesis

The etiology and pathogenesis of fibroids remain largely unknown. Fibroids decrease in
size during menopause and under other hypoestrogenic conditions and also after
downregulation treatment with gonadotrophin-releasing hormone (GnRH) agonists
(7). This supports the fact that fibroids are steroid-dependant tumors. Although estrogen
has been implicated as the important hormone, evidence has been found on the role that
progesterone also plays on the growth of fibroids. It is controversial whether estrogen or
progesterone is the more important influence (8).

Classification

Fibroids are classified by their location, which affects the symptoms they may cause and
how they can be treated. Leiomyomas may be subserosal, submucosal, or intramural;
however, most fibroids are combinations. Subserosal myomas are on the external surface
of the uterus the uterine serosa, and they can be can be sessile or pedunculated. This type
of fibroid is the easiest to remove by laparoscopy. Submucous myomas are in the inner
aspect of the myometrium, in the endometrial cavity, and some of these can also be
removed by hysteroscopic resection. Intramural leiomyomas predominantly occur within
the thick myometrial layer (intramural) of the uterus. They may distort the uterine cavity
or cause an irregular external uterine contour. Many of these do not cause symptoms
unless they become quite large.

Symptoms

Fibroids can present with a variety of symptoms depending on their size, location, and the
reproductive status of the woman. Uterine fibroids can cause abnormal uterine bleeding,
pain, and pelvic pressure symptoms (9). The impact of uterine leiomyomas on
reproduction is more controversial.

The most common kind of abnormal bleeding associated with leiomyomas is
menorrhagia or hypermenorrhoea, prolonged or excessively heavy menstruation
(10). The heavy bleeding can cause medical problems and frequently results in iron
deficiency anemia. The frequent change of tampons or pads may cause a significant
interruption in women’s productivity.

Pelvic pressure is due to mass effects from the fibroid and enlarging of the uterus.
The pelvic and abdominal discomfort is analogous often to the discomfort women
experience during pregnancy. Neighboring structures can be pressed on by the fibroid and
may lead to difficulty with urination when there is an anterior myoma or defecation and/
or dyspareunia when there is a myoma located posterior.

Acute pain is rare but can occur in situations with degeneration of the fibroid due to
insufficient blood supply, for example, torsion of a pedunculated fibroid. Even so, acute
abdominal pain can occur in situations of cervical dilatation where a submucous fibroid is
protruding through the lower uterine segment.
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Diagnosis
Physical Examination

When there is a suspicion of leiomyomas, a regular pelvic examination is the first step.
The myomatous uterus produces an enlarged irregular uterine contour, but many times
submucosal or deeply intramural myomas can be missed if the examiner relies just on the
examination. Also, other conditions such as adenomyosis, ovarian cysts, or ovarian
neoplasm may be mistaken for fibroids. Office hysteroscopy is an additional diagnostic
tool using a hysteroscope, which is a thin telescope that is inserted through the cervix into
the uterus. The uterine cavity is filled with either saline or carbon dioxide in order to
distend and better visualize the uterine cavity.

Imaging Examination

Pelvic or transvaginal ultrasonography (TVUS) is often used to confirm the diagnosis of
uterine fibroids (Fig. 1) and exclude other conditions and assists in documenting finer
levels of discrimination of myomas growth than that obtained by pelvic examination.
Some fibroids are too large for TVUS and thus transabdominal ultrasound (US) can be
done. For smaller central ones, saline infusion sonohysterography, a TVUS with sterile
saline instillation into the endometrial cavity is used when a clear view of the uterine
cavity is required (11,12). It is a significant advance in TVUS evaluation of the
endometrial cavity because it has an accurate sensitivity for the detection of structural
endometrial pathology affecting the uterine cavity including submucous fibroids. In
addition, US enables accurate measurement of the size of the uterine fibroids. Three-
dimensional (3D) TVUS, although not widely available, allows detailed evaluation of
uterine cavity with an additional dimension. Unfortunately, neither of these two advances
in US are routinely available and both require sonologists with special expertise to both
perform and interpret these studies. Thus, US, although very sensitive for the detection of
enlarged bulky uteri, is not very specific for the diagnosis or precise location of fibroids
(Fig. 1). Problems also arise when faced with differentiating adnexal or subserosal or
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Figure 1 Transvaginal ultrasound exam of the uterus reveals an enlarged uterus with a
hyperechoic texture, compatible with a fibroid uterus. Note that the number, size, or volume of
individual fibroids is not easily discernable.
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pedunculated masses. In this situation, multiplanar magnetic resonance imaging (MRI)
with intravenous contrast can be very useful.

Computed axial tomography (CAT) scan or computed tomography (CT) scan is too
nonspecific to be of routine use for the imaging evaluation of uterine pathology or
fibroids. It does have the unique advantage of detecting calcium, which is relatively
common in degenerated fibroids. Also, in the instance where differentiation of a
pedunculated fibroid from pelvic mass may be arising from the uterus or the bowel, CT
with rectal contrast can be useful. But, it is not helpful in characterizing adnexal masses
in general. One situation where it is helpful is in assessing disseminated leiomyomatosis
and for mapping the extent of disease.

MRI has gained widespread use and popularity for use in pelvic imaging and in
gynecology. It is noninvasive and safe, with no radiation effects, especially important for
younger women. The multiplanar sequences allow differentiation of the substructure of
the uterus, cervix, vagina, and ovaries (Fig. 2). It allows the radiologist to differentiate
uterine anatomy and reliably localizes precisely pelvic pathology. The routine use of both
T1- and T2-weighted (T1W and T2W) sequences, before and after the injection of i.v.
gadolinium, allows for optimization of the inherent tissue contrast available with MRI. It
is uniquely able to characterize soft tissues with these sequences and can provide precise
diagnoses for many forms of abnormalities.

It has special advantages for imaging of fibroids. The first and foremost one is to
confirm the diagnosis. There are many different types of fibroids, clinically, and
pathologically, they have a broad range of features. So, not surprisingly, there are
variations in their location and appearance on MRI (Figs. 3-5). Magnetic resonance (MR)
allows characterization of the fibroids; with accurate size and volume measurement, the
tissue can be characterized such as fibrotic or hypercellular (Fig. 5) and by using i.v.
contrast, the perfusion, vascularity, and presence of necrosis can be determined (Fig. 6).

Figure 2 MR appearance of a normal uterus. Sagittal T2-weighted MRI image using eight-
channel external multicoil array. This image shows the uterus and its substructures—the
myometrium, junctional zone, and endometrium—are all clearly visualized. Abbreviations: MR,
magnetic resonance; MRI, magnetic resonance imaging.
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Figure 3 MR appearance of uterine fibroids. (A) Sagittal T2W image showing multiple well-
defined low (dark) signal intensity masses. These are typical of fibroids with very well-defined
borders. (B) Sagittal T2W image of single large fibroid with heterogeneous mixed T2W signal
throughout. Abbreviations: MR, magnetic resonance; T2W, T2 weighted.

Figure 4 MR appearance of uterine fibroids. Sagittal T2W image showing multiple fibroids; the
MR defines the locations that may be correlated with clinical symptoms. Most of these are in the
myometrium and one is a submucosal fibroid with extension into the cavity. Note the locations—
above and compressing the bladder and one just above and stretching the endometrial cavity.
Abbreviations: MR, magnetic resonance; T2W, T2 weighted.
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Figure 5 Hypercellular “white” fibroid. MR appearance of a hypercellular “white” fibroid. Note
the focal anterior uterine mass, which has high T2 signal throughout. Abbreviation: MR, magnetic
resonance.

MR Appearance of Fibroids

The ability to classify tissue on MRI is based upon a multiparametric analysis of all the
sequences with T1, T2, T1 fat-suppressed, and i.v. contrast-enhanced sequences all
playing critical roles. The T2W images first allow location and diagnosis of fibroids as
described above. The MR signal on any of the sequences can be isointense and higher or
lower than skeletal muscle. The i.v. gadolinium can determine the solid or cystic/necrotic
nature of the tissue and if done in rapid bolus fashion can help with perfusion analysis.
The gradient echo technique used for gadolinium imaging can also be used to detect fat
or calcium. The “classic” fibroid is a well-circumscribed mass with low signal intensity

Figure 6 Overview of the MRIgFUS ExA-
blate 2000 system—an image of a patient in
set-up position. Abbreviation: MRIgFUS, mag-
netic resonance—guided focused ultrasound
surgery.
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on all pulse sequences. On T2W MRI exams, uterine fibroids are usually easily
identifiable (Figs. 3-5). These will normally enhance with i.v. contrast or gadolinium. As
is well known, in older perimenopausal women, adenomyosis and fibroids may have very
similar clinical presentations (Fig. 6).

Treatment

Assessing Outcome in Uterine Fibroid Studies

There are many ways to assess the efficacy of fibroid therapy. Clearly, the simplest is
complete resolution of symptoms after definitive surgical removal of the entire uterus and
all fibroids, as in a hysterectomy. In other less invasive therapies, the patient’s subjective
response along with physical and imaging findings can be evaluated in total. The classic
way to assess outcome has been to assess the size and volume of the uterus. The very
early studies often did this with unblinded examiners by pelvic exam, which clearly made
understanding the real treatment effects difficult. However, as GnRH agonists were
developed and tested in the 1980s and 1990s, the use of US volumetric measurements was
introduced. This is a powerful technique since a relatively small change in a measure
diameter can result in a significant difference in the volume. However, for this reason, it
is also prone to error again, because small differences in measurement can appear to
produce significant differences in volumetric analysis.

Moreover, the volumetric analysis typically derived from the formula for the
volume of a prolate ellipsoid. While this is an accurate measure of a concentrically
enlarged uterus without subserosal fibroids, it is again prone to error as the shape of the
uterus becomes more irregular.

Additionally, volume reduction was not always necessary or helpful in terms of
reducing symptoms. Some women with uterine fibroids have only symptoms of heavy
menstrual bleeding, and a volume reduction does not predict clinical success. Therefore,
newer studies often assess both the endpoints of menorrhagia and impairment of quality-
of-life (QOL) through validated questionnaires or instruments.

The classic measurements of QOL are general questionnaires, such as the short
form (SF)-36 and the SF-12 developed by the medical outcome trust. These measure
general QOL and can be used across procedures and disease states. They are especially
useful in terms of looking at postoperative recovery and disease related impairment.

In addition, there is a validated uterine fibroid-specific QOL instrument. This is
called the uterine fibroid symptoms quality of life (UFS-QOL) (13). This has two major
sections. The symptom severity score (SSS) assesses in a single measurement, both
symptoms related to bleeding and those related to bulk or volume-related complaints. The
scale runs from 0 to 100. Normal women typically score approximately 20 on the SSS
and women with uterine fibroids indicate their increased symptomatology with the mean
score of 40. The symptom severity score has eight questions on it and is scored via a five-
point Likert scale.

There is also a health-related quality of life (HRQL) component to the UFS-QOL.
With this, there is a total HRQL score as well as subscores regarding the following
domains: concern, activities, energy/mood, control, self-consciousness, and sexual
function. The direction of scoring on these tests is opposite that of the symptom severity
score. A woman with no impairment in these domains would score 100 points. The main
score for a subset of normal women placed normal women at a mean of approximately
86, and women with uterine leiomyomas at a mean of 62. Both the HRQL total score and
all of the subscores showed a significant difference between women with uterine
leiomyomas and normal women.
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There are also a series of instruments used to discriminate between normal
menstrual flow and abnormal menstrual flow. The most commonly used instrument is the
pictorial blood loss assessment chart. This uses standard sanitary products as well as a
pictorial diary to quantitate the amount of staining of each sanitary product as well as the
amount of clots. There are also several other bleeding diaries that are used. A combination
of these two endpoints is often used for assessing the efficacy of fibroid therapy.

Uterine myomas can generally be managed expectantly unless they cause
symptoms. But, when treatment is indicated, there are several choices. For many years,
hysterectomy or less radical surgery such as myomectomy has been the primary choice of
treatment. The traditional treatment for fibroids cause symptoms and because the vast
majority of fibroids are intramural they are also difficult to treat in nonsurgical, minimally
invasive fashion. Eventually size, location, presenting symptoms, age, reproductive
desires, and the skills of the surgeon all factor in determining the mode of treatment.
Women desiring future fertility or women who want to maintain their uterus for several
reasons carry an obvious appeal for effective nonsurgical therapies for uterine fibroids and
minimally invasive technology for reducing symptoms from uterine leiomyomas.

Because fibroids are nonmalignant and, therefore, cause morbidity not mortality
and because leiomyoma research is underfunded as compared with that for other benign
diseases, there has been a historical tendency of little innovation in treatments of fibroids.

Treatment

Uterine myomas can generally be managed expectantly unless they cause symptoms. But,
when treatment is wanted, surgery has been the mainstay. Size, location, presenting
symptoms, age, reproductive desires, and the skill of the surgeon factor in the mode of
treatment.

Surgical Therapy

Hysterectomy is the second most common surgical procedure performed worldwide,
exceeded only by cesarean section. Nearly 20% of women will have had a hysterectomy
by the age of 40 and one-third by age 65. Hysterectomy has an approximately 3%
incidence of major complications. Traditionally, total abdominal hysterectomy has been
the surgical approach for gynecological malignancy but in fibroid treatment, there is
seldom a need for total hysterectomy, with removal of cervix and ovaries. Vaginal
hysterectomy can only be performed when the uterus has a fairly normal size, because the
operation is done through the vagina and therefore considered less invasive. Laparoscopic
hysterectomy requires a greater surgical expertise than the vaginal and abdominal
methods but is increasingly used for fibroids.

Myomectomy conserves the uterus and is offered to women who wish to retain their
fertility. The site and size of the fibroids determines the surgical route employed and only
the visible and accessible leiomyomas can be removed. Myomectomy is associated with
long-term problems such as fibroid recurrence and adhesion formation. Laparoscopy and
hysteroscopy also provide minimally invasive options for myomectomy.

Hysteroscopy is associated with lowest morbidity and can be performed without
any surgical incisions. The problem with both techniques is that not all leiomyomas can
be treated this way. Besides many fibroids that can be easily removed laparoscopically
may not require surgical intervention (14).

Endometrial destruction techniques of removing or destroying the full thickness of
the endometrium were introduced halfway through the 1980s. This tissue may be
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removed under direct hysteroscopic view by transcervical resection of endometrium
technique using an electrosurgical loop, laser, or a roller ball to ablate the endometrium
using thermal energy of sufficient power to produce necrosis of the endometrium. Other
techniques developed to destroy the endometrium are cryoablation (15), hot saline
solution irrigation (16), diode laser hyperthermia (17), microwave ablation (18), heated
balloon system (19), and photodynamic therapy (intrauterine light delivery) (17,20).

These techniques have also been applied to fibroid treatments. Myolysis is a
technique where there is an in situ destruction, coagulation, and devascularization of the
myoma by electrical, thermal, and US energy sources or carbon dioxide laser (21) or
cryotherapy (22). Current methods of myolysis have achieved success in relieving
symptoms relating to myoma volume. This can be performed by laparotomy or
laparoscopy.

Image-Guided Therapy

Angiographic imaging of the uterus and fibroids can be performed with intra-arterial
catheters placed into the uterine arteries via a groin approach. This technique combined
with injection of embolic materials, such as beads or gel foam, is know as uterine fibroid
embolization (UFE) or uterine artery embolization (UAE) and was originally devised to
reduce pelvic bleeding due to postpartum hemorrhage (23). Since 1995, it has been
introduced as a treatment for symptomatic uterine myomas sparing the uterus (24,25). It
completely occludes both uterine arteries and subbranches, with particulate emboli to
cause ischemic necrosis of the uterine fibroids but has no gross permanent adverse effect
on the otherwise normal uterus. Without a good blood supply, it has been shown fibroids
will decrease in size between 30% and 50% and decrease in symptomatology
(26,27). The normal myometrium rapidly establishes a new blood supply through
collateral vessels from the ovarian and the vaginal circulations.

This procedure is not without complications (27,28). Complications include
postprocedure pain and postembolization syndrome possibly related to the release of
cytokines and toxins from the ischemic tissue. Due to acute degenerative procedure, there
is also concern of premature ovarian failure due to interference with the ovarian blood
supply and infection leading to fallopian tube damage with subsequent infertility. Other
complications that may occur are secondary amenorrhea due to endometrial atrophy or
intrauterine adhesions and the unknown effect on conception and pregnancy (27). Many
advances have been made more recently to avoid some of these complications with for
example more highly selective catheterizations to avoid ovarian artery embolization.
A recent randomized controlled study from 27 hospitals in the United Kingdom comparing
embolization and surgery showed that patients recover faster, but it was associated with
9% rate of patients seeking an alternative treatment after UAE because of inadequate
symptom control (29).

Medical Therapy

Medical therapy, conservative therapy for fibroids is limited because the biology of
leiomyomas is not well understood. Combined oral contraceptives, nonsteroidal anti-
inflammatory drugs, and progestogens (including the Mirena intrauterine device) are used
but are not always effective in the presence of uterine fibroids.

GnRH analogs have been used successfully to achieve hypoestrogenism in uterine
myomas, resulting in a uterine shrinkage generally by 35% to 65%, amenorrhea, and a
reduction in vascularity and therefore is widely used as a preoperative adjuvant in
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hysterectomies as myomectomy (30). In addition, this same hypoestrogenism is the limit
for this form of therapy, because it induces significant menopausal side effects and the
risk of osteoporosis with long-term use. Furthermore, after discontinuation of the
medication, there is resumption of menses and the tumor will rapidly regrow.

MRI-Guided Focused Ultrasound Surgery

Magnetic resonance imaging—guided focused ultrasound surgery (MRIgFUS) is a ground-
breaking minimally invasive alternative to surgery for fibroids (31-35). This novel
therapy with MR guidance and control is unique and has three critical advantages, which
are (i) it uses MRI to define the pelvic anatomy and pathology, (ii) it uses MR
thermometry, which allows for immediate feedback on the location and tissue
temperature changes of the sonication, and (iii) it uses MR with i.v. contrast to show
the necrotic tissue immediately after the treatment. Focused ultrasound causes local tissue
thermal coagulation, ablates the target fibroid, and allows preservation of uterine
function. It is a feasible and safe outpatient procedure that does not require hospitalization
(36). Also appealing is that the procedure is preformed as an outpatient procedure, day
surgery, and it does not require general anesthesia, which greatly reduces recovery time
and the risks of side effects. This has an economical impact also, given the decreased time
of return to work following therapy.

Fibroids, an Ideal Application of MRIgFUS

There are a number of reasons why uterine fibroids are well suited to treatment with
MRIgFUS. Fibroids are generally quite large, well defined, clearly seen on MR, and,
importantly, they are nearly always benign. Therefore, the consequences of partial or
incomplete treatment have less of an impact than they would for a malignant tumor.
Fibroids are rich in extracellular matrix, which makes them relatively easy to treat with
thermoablative energy and fibroids are relatively large and therefore easy to target. Also,
the fibroid has the ability to dissipate heat via blood perfusion due to the peripheral blood
supply. This cooling mechanism prevents significant heat buildup that could potentially
cause thermal injury to adjacent structures. As discussed previously, there has been a
history of prior thermoablative techniques used for this lesion. Fibroids are also very
common in women, which makes clinical trial recruitment easier.

The MRI that is necessary before, during, and after this therapy also helps in
screening and patient selection as well as in making evaluation more straightforward. An
objective measurement of volume reduction can be made easily. Likewise, the fact that
studies suggest that the nonperfused volume (NPV) following treatment correlates with
outcome gives a surrogate marker for treatment outcome. Because of the uterine fibroid
symptoms quality-of-life questionnaire (UFS-QFOL), which is the only validated
measure of leiomyoma symptomatology (13), evaluating the endpoints of successful
management such as change in abnormal uterine bleeding, disappearance of pelvic
pressure symptoms, and improvement in QOL can be made fairly easy.

Overview of MRIgFUS Procedure

Patient Selection. Patients with symptomatic fibroids present to their doctors and
often self-seek this therapy. MRI of the pelvis with standard imaging (multiplanar T2W
and TIW sequences before and after i.v. gadolinium) is obtained in all cases presenting
for screening at our institution. The clinical history, physical exam, and MRI findings are
all used to determine suitability.
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Clearly, the usual exclusion criteria for MR scanning apply to MRIgFUS; thus,
women with pacemakers or other major contraindications are not considered. We like to
scan all our patients in the prone position during screening and thus emulate the treatment
position as much as possible. This allows the patient to understand what she may undergo
and we can determine the position of the uterus and fibroids. The fibroids and uterus
should be directly below the anterior abdominal wall, with no bowel loops intervening.
We also mark all lower abdominal wall scars with markers such as vitamin E capsule, to
allow visualization on the MR images. We ask our technologists to be sure to cover the
entire anterior wall, all the way through the skin surface. This allows us to determine if
there will be significant beam passage through scar tissue. This must be avoided if at all
possible as it can lead to problems with skin heating and possible skin burns. The T2W
images as shown above allow planning and selection of key targets for therapy. The i.v.
contrast images determine perfusion, and it is our contention that the fibroid should not
have significant necrosis within it, before therapy to allow for optimal treatment effect.
The only way to document this is by doing the pretreatment MR with i.v. contrast.

So, in summary, the ideal patient with fibroids for treatment is one with a fibroid of
size of 12 weeks’ gestation or between 5 and 10cm, located anteriorly, with no bowel
loops in front, and is well perfused (enhance with gadolinium) and the patient is “family
complete” and clearly symptomatic.

Procedure Day. The procedure is done as a day surgery or outpatient treatment;
the patient comes to the MR suite, fasting from midnight the night before, and is prepared
before entering the magnet. The preparation involves assessment by the treating
physician and nurse. An i.v. line and Foley catheter are placed. It is routine to use
intravenous conscious sedation (IVCS) for this procedure. This is a combination of a
sedative and pain medication that allows the patient to be relatively pain-free,
comfortable, awake, and responsive all through the procedure. This form of anesthesia
requires the full-time presence of a nurse and a doctor to ensure no complications or
adverse events.

As the US beam can cause skin heating, and internal thermal necrosis and distal
beam passage through the back can cause nerve heating, the patient must be closely
monitored for any of these sensations. Prior to the procedure, the patient is told what may
be expected and that she should immediately report any skin heating, internal pain, sciatic
nerve stimulation, or back pain. Thus, it is very important for the treating physician to
establish regular and clear lines of communication with the patient all through the
treatment.

Skin preparation: Prior to entering the magnet, the patients skin is inspected for hair
removal and to ensure no scars or focal lesions are present before starting the procedure.

Skin injuries can occur due to defocusing of the US beam, which is most commonly
due to superficial scars. A recent case where this occurred and lead to skin burn illustrates
this problem (37).

In the magnet, the patient is positioned prone on the ExAblate 2000 table
containing the transducer (Fig. 6). This position is confirmed with fast imaging to ensure
the transducer is aligned with the fibroid to allow direct US beam passage.

For the duration of the entire procedure, which is over three hours, the patients lie
prone on the table with the transducer. This position can be uncomfortable for some and
can lead to neck and back pain. For this reason, we use supportive pillows and pain
medications.

One very important aspect of this procedure is the continuous communication
between the treating physician and the patient. She must understand that the feedback
regarding what she feels during each sonication is very important. Her reports of burning
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in the skin and sciatic nerve pain/stimulation are both critical clues to the treating doctor
to change the sonication parameters.

The procedure begins with the delivery of low-power (50—100 watt) sonication,
with real-time thermometry acquired simultaneously. The resultant images will provide
feedback on location, allowing the operator to determine the correct placement of the
focal spot. Any alterations in location can be made at this point and after any individual
sonication in the procedure. If the sonication location is correct and the phase map shows
it clearly, then the procedure continues with increases in the power gradually up to
therapeutic dose.

Once therapeutic dose is achieved, the procedure continues with delivery of all
planned sonication. After each one, the operator confirms the patient’s comfort and then
proceeds. The treatment monitor will display all sonications delivered that have achieved
the threshold dose, usually over 60°C. In fact, it is more usual to try to reach 70°C to 80°C,
as this will ensure real tissue necrosis. At the end of the procedure, the patient receives
20cc of i.v. gadolinium and then post gadolinium images are acquired. These will
demonstrate the necrotic tissue in the fibroid as a nonperfused area (Fig. 7A and 7B). The
patient is then escorted out of the MR suite and recovers for about 30 to 60 minutes and
her skin is examined carefully to ensure that there is no damage. There has been one case
report of a significant skin burn received during an FUS treatment, which serves to
illustrate the real importance of understanding this procedure and taking all possible
steps to avoid such events (37). Then, if all is well, the patient can be discharged home
and because she has received IVCS, is discharged into the care of an adult family
member.

Overview of Clinical Trials and Results

At this time, there have been several large multicenter trials conducted, some in part of
the pre-FDA assessment and these are summarized here. Basically, the first trial was a

Figure 7 MR assessment of treatment effect. Coronal TIW post-i.v. gadolinium image (A)
before and (B) after MRIgFUS. The pretreatment image shows homogeneous enhancement of the
entire fibroid with gadolinium, and the posttreatment image shows the focal area of non-
enhancement or necrosis after MRIgFUS. Abbreviations: MRIgFUS, magnetic resonance
imaging—guided focused ultrasound surgery; i.v., intravenous; TIW, T1 weighted.
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safety and feasibility one, treating symptomatic women who then went on to
hysterectomy, with pathology evaluation of treatment effect. Several others followed
this where the treatment effect was followed by responses to the uterine fibroid quality of
life (UF-QOL) and MRI appearance.

The Feasibility Study

The goals of the initial trial treating uterine fibroids were to assess feasibility, safety, and
adverse events and confirm correct targeting of MRIgFUS for myomas (36). Furthermore,
the relationship between NPV and tissue necrosis was evaluated, as was the completeness
of necrosis. The design of the study enrolled women who underwent MRIgFUS treatment
within 30 days prior to hysterectomy. However, some sites were required by national
authorities to allow women to consider hysterectomy optional (38).

This trial produced some lessons that can be useful for treatment for all indications.
First, a wide variety of patients can undergo treatment. Women with body mass indexes
(BMIs) from 21 to 41 could all successfully undergo treatment. There was a learning
curve in which there were initial issues visualizing low-energy sonication. Also, using gel
pads to avoid having sonication pass through the bowel is a learned skill. In patients with
anterior abdominal wall scars, there is increased absorption of the treatment beam at that
point, which can result in skin burn. The focussed ultrasound beam can be safely angled
to avoid this problem. Most patients tolerate the procedure very well with the given
medication, which is titrated and administered according to the individual patient’s needs.
Therefore, procedure-related pain is not a major component in coagulative necrosis
caused by MRIgFUS, in contrast to the pain after the procedure due to ischemic necrosis
in UAE.

The MR-based volume and pathologic volumes were greater than the planned
treatment area; in some patients, this might suggest that coagulation of blood vessels
occurred, caused by the focused ultrasound beam, which results in necrosis of the tissue
periphery (36). A good correlation was found between the NPV and necrosis. Using
focused ultrasound prior to surgery led to increased febrile morbidity in three of the early
patients. Using prophylactic antibiotics prior to MRIgFUS when followed by surgery
appeared to eliminate this risk. In later trials where surgery was no longer a part of the
design, the antibiotics were no longer indicated.

The Clinical Outcome Study

The goal of this study was to achieve effective treatment at 6 to 12 months after
MRIgFUS while maintaining a low risk of adverse effects. Fibroid volume, fibroid
symptoms, and QOL scores were measured before treatment and six months after
treatment. In this study, almost 80% of women who had been treated reported a
significant improvement in their uterine fibroid symptoms on follow-up HRQL
questionnaires. The mean reduction in fibroid volume at six months was 13.5%, but
nonenhancing volume remained within the treated fibroid at six months. This early
description of MRIgFUS therapy treatment of fibroids includes follow-up data and shows
that although the volume reduction is moderate, it correlates with treatment volume and
the symptomatic response to this treatment is encouraging.

In this multicenter clinical trial setting, women were interviewed at six months with
an extension of followup to one year, using a 10-point improvement in the transformed
SSS of the UFS-QOL as the primary endpoint (13). Secondary endpoints included the
HRQOL scores, a second UFS-QOL scale that measured six dimensions of HRQL and
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SF-36 (Medical Outcomes Trust) scores, an additional method of assessment of HRQOL.
Furthermore, a strict reporting of adverse events was in conformity with the Standard
Code of Federal Regulations.

In a study by Stewart et al., 109 women were enrolled and screened, and 62%
underwent treatment (39). The remaining 67 were screen failures. Of these, 40% did not
meet all the inclusion and exclusion criteria. The remaining 60% of the exclusions
occurred after review of MRI images prior to treatment screening. Typical reasons were
that the fibroid was not safely accessible to the FUS beam, the fibroid was already
necrotic, or that there was adenomyosis present. All included patients had significant
fibroid symptoms as measured by the SSS. A significant improvement of QOL
parameters in women undergoing MRIgFUS was shown with a volume reduction relative
to treatment reduction [77%, respectively 51.2% (38) SSS]. The baseline SSS is the only
covariate of efficacy. The SSS discriminates between women with symptomatic fibroids
and normal women (27). MRIgFUS appeared to be a safe intervention for uterine fibroids
and showed no complications as seen in other new investigational devices for fibroids or
UAE. The study design did not maximize efficacy because of the strict treatment
guidelines (only 10% of the fibroid volume was treated). The volume reduction was small
but could support the fact that volume reduction is not essential for symptoms’ resolution.
The mean time of return to work after MRIgFUS is significantly lower compared
with UAE and abdominal myomectomy or hysterectomy, which has an important
economical impact.

There are now multiple studies reporting the growing clinical experience with
MRIgFUS in the treatment of uterine fibroids (36,38,40,41). Initial studies were confined
to smaller volumes in targeted fibroids and these have shown highly effective symptom
relief. The original treatment guidelines determined by the FDA and used in the early
clinical trials were restricted by volume to be ablated and, more importantly, by the
length of the procedure. The technology, as it was first developed, was relatively slow as
there was a required cool-down period between sonications and the time allowed by the
FDA was limited to two to three hours in total. In an attempt to overcome this problem,
the group at St Mary’s hospital in London developed a way of potentiating the results of
FUS within large fibroids by the pretreatment of uterine fibroids with GNRH agonists.
This regulatory neuropeptide causes a hypoestrogenic state by interfering with the
hypothalamic—pituitary—ovarian axis. They decrease the vascularity of the fibroids and
make the operation much less risky by lowering blood loss to produce a much more
avascular field and can help optimize FUS treatment in large vascular fibroids. The
results have been published by Smart et al. who found that by utilizing GNRH agonists
given intramuscularly once a month for three months prior to FUS treatment, we can
reduce the size of the target fibroid uterus by approximately 30% to 40% and this fibroid
can then be readily treated with FUS at the end of this time when it is in a much smaller
state (42).

The MRIgFUS technology is improving and more effective sonications are now
available and the ExAblate device has recently been approved by the FDA for use on 3 T
MRI. These advances will lead to shorter treatment times, more effective tissue necrosis,
and with the higher signal-to-noise ratio afforded by 3 T will allow greater accuracy and
smaller lesions to be treated. An example of improved efficacy with changing protocols is
demonstrated in the most recent study to be published in Radiology in June 2007, by
Fennessy et al. (43). Under the original study protocol, A, 96 patients were treated; and 64
patients were treated under an optimized protocol, B. Protocol A allowed a maximum
treatment time of 120 minutes and a maximum fibroid treatment volume of 100cc
(roughly 6 cm in diameter) or up to 33% of total fibroid volume. Protocol B allowed a
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maximum treatment time of 180 minutes and maximum fibroid treatment volume of
150 cc (about 7 cm in diameter) or up to 33% of total volume in subserosal fibroids (those
on the outer wall of the uterus). The findings showed significant symptom relief in three
and six months and sustained relief in one year. Women treated with the optimized
protocol reported greater symptom relief and QOL improvement than those treated with
the original protocol. No serious adverse effects were reported.

As more results are studied and published, there will be several key features to look
for; these include the continuing safety of the procedure, especially as we tend toward
larger volume treatments. There is now a registry being established for tracking all
treatments that will lead to similar methods of analysis as the UFE or fibroid registry has
been able to provide. The other important aspect is to evaluate the durability of the
response to the treatment and the rate of alternative treatments sought after MRIgFUS.
We are currently awaiting the completion of the three-year follow-up studies that should
provide important results to address these issues.

CONCLUSIONS

MRIgFUS is an excellent noninvasive method of treating uterine fibroids. It represents a
major change in the clinical approach to this disease as truly disruptive technology is
forcing new challenges upon the health-care system and its delivery. It will remain to be
seen how fast this becomes integrated into routine clinical care, but there is no doubt it
will eventually become a major treatment option not just for uterine fibroids but for many
solid tumors throughout the body.
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INTRODUCTION

Magnetic resonance imaging (MRI)-guided noninvasive ultrasound treatment of the brain
has substantial advantage over invasive neurosurgery in which unavoidable disruption of
anatomic structures results in functional disturbances. Since the early 1940s, the potential
of focused ultrasound to produce focal, targeted deep destruction within the brain has
been researched extensively. Early on, animal and clinical results were encouraging,
showing well-defined tissue coagulation at the focal zone (1-5). However, the experi-
ments of Lynn et al. (6) demonstrated that ultrasound is strongly attenuated by bone, and
the energy loss increases bone temperature, resulting in brain-tissue coagulation close to
the skull. Another problem is related to the variable thickness and density of the skull
bone, which results in distortion of the ultrasound wave front propagating through the
bone. Because of these two problems, it is difficult to focus ultrasound beams through
the cranium. As a result, most scientists accepted that therapeutic ultrasound could not be
delivered through an intact skull.

After craniotomy, when the bony flap is removed through an acoustic window, the
brain can be sonicated. There are a few clinical studies that have explored ultrasound
surgery after craniotomy. In the first clinical trial, ultrasound was used to ablate small
tissue volumes for the treatment of Parkinson’s disease (7). The ultrasound beams were
delivered into the brain through the intact dura with the aid of X ray—identified bony
landmarks. After the sonications, the skull bone and the skin were replaced. Thus, the
whole procedure was performed under sterile conditions. The lesion-inducing method was
relatively successful in a series of over 100 patients (7). In later clinical trials, the skull
bone was removed and the skin was placed over the bony defect. Then, after the wound
healed, the sonications were performed through the intact skin. This allowed multiple
sonication sessions, and there was no need for a sterile operating room setting. This method
was also used in the ablative treatment of a small series of glioma patients demonstrating
feasibility (8). In another study with glioma patients, focused ultrasound beams were used
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only to induce mild temperature elevations (5-7°C for 30 minutes, hyperthermia) to
sensitize the tumor for subsequent radiation therapy (9). More recently, the feasibility of
both ultrasound (10) and MRI (11)-guided thermal ablation of brain tissue and tumors has
been demonstrated through a surgically created bony window. The requirement for the
removal of a piece of the skull prior to the sonication makes the procedure that is
potentially noninvasive quite invasive and expensive and adds to the risk of complications.

ULTRASOUND PROPAGATION THROUGH THE SKULL

Although ultrasound attenuation in the human skull is high (12), some ultrasound does
propagate through the bone. This was shown by early clinical studies that used transskull
transmission of ultrasound pulses for detecting the midline shift of the brain (13). This
method was commercialized and clinically used to diagnose intracranial mass effect due to
bleeding or tumors. The propagation of ultrasound through the skull for therapeutic purposes
was demonstrated by Fry and Barger (12) who investigated the insertion losses caused by
pieces of human skull. More recently, the density dependence of speed of sound (14,15) has
been demonstrated. These measurements indicated that frequencies below 1 MHz may
provide an adequate transmission through skull for tissue-destruction purposes. Later,
computer simulations (16,17) and experiments with ex vivo human skulls (18) have
demonstrated that the optimal frequency is dependent on the skull thick-ness but is, on
average, approximately 700kHz. The optimal frequency is a compromise between the
absorption that decreases and the diameter of the focus (inversely proportional to the focusing
gain) that increases with decreasing frequency. Simulation studies have shown that thermal
coagulation of the deep brain structures should be possible with large arrays that propagate
the ultrasound beam through most of the available and relatively large skull surface (16).

FOCUSING THROUGH HUMAN SKULL

Fry (19) produced thermal lesions in cat brains through a piece of human skull immersed
in water. These studies showed that in favorable conditions, a low-frequency (around
0.5 MHz) beam could be focused through some parts of the skull and adequate energy for
thermal ablation could be transmitted through the skull bone. However, the results
showed that the location of the focus is shifted by several millimeters from its geometric
focus. In addition, only very limited exposures were done without investigations of the
location-to-location or skull-to-skull variations. Most importantly, the thermal exposure
on the skull (in water at room temperature) was not investigated (19).

Later studies have shown that when large aperture applicators that are needed to
overcome the skull-heating problem are used, the variable thickness of the skull bone
causes enough wave propagation variations to completely destroy the focal spot (20). This
distortion can be eliminated using phased arrays, as was first demonstrated by experiments
investigating the feasibility of transskull diagnostic imaging of the brain (20,21). Later
Thomas and Fink (22) used a linear imaging array to show that phase and amplitude
compensation can be used to refocus the beam through the skull, based on hydrophone
measurements inside of the skull. The first experiments using two-dimensional arrays,
practical for therapy delivery, demonstrated the feasibility of focusing through the skull by
using a hydrophone at the focus to determine the phase corrections (23). That study
evaluated the beam area gain requirements for focal therapy delivery and concluded that
thermal therapy was marginally feasible if surface cooling was utilized for most of the skull
area. In addition, the study investigated the potential for cavitation-enhanced focal tissue



MRI-Guided Focused Ultrasound Treatment 131

destruction and demonstrated its advantage over the utilization of linear ultrasound
absorption to increase the tissue temperature. The main advantage in using cavitation-
enhanced tissue destruction is that the time average power can be reduced, due to either the
bubble-enhanced energy absorption (24,25) or direct tissue damage of the tissue (23,26).
Also, it has been shown that intravenously injected ultrasound contrast agents can reduce
the required power and even the temperature threshold for tissue ablation (27). Furthermore,
that study gave the first indication that through-skull focusing is possible with very low
frequencies (250 kHz) without any distortion correction. This observation was studied in
detail with simulations (28) and it was shown that the method may simplify the device
requirements for cavitation base therapies that do not require high time average powers and
sharp focusing [such as the disruption of the blood-brain barrier (BBB)].

The first demonstrations of through-skull focusing were done with small
hydrophones (22,29), but the goal of noninvasive, model-based focusing was quickly
achieved. The first experiments showed that it was possible to achieve good quality
focusing by deriving the skull shape and thickness from magnetic resonance (MR) images
and using them in an acoustic model, together with the average skull properties measured
by Fry and Barger (12), to calculate the phase shifts required to compensate for the skull-
induced distortions (30). However, this information was not adequate when multiple
skulls were tested and it became clear that the speed of sound dependency on the skull
density needs to be taken into account (14). The first reliable transskull focusing with
multiple skulls was achieved by determining the skull density along the beam path from
computed tomography scans and then modeling the beam propagation through the skull
to determine the phase shifts required (31). Similar results were later reported by others
(32). Further simulation studies have investigated optimal methods for intensity compen-
sation (33) and multifrequency sonications, where each transducer element is operating at
the frequency that provides the maximum power transmission through the local skull
bone traversed by the beam (34).

DEVELOPMENT OF LARGE GAIN THERAPEUTIC
ULTRASOUND ARRAYS

Based on simulation studies (16,17), the first large-scale array able to deliver adequate
ultrasound gain and power for thermal or cavitation-based ablation of tissues was
developed in-house at the focused ultrasound lab at the Brigham and Women’s Hospital
(18). The 64-element array was hemispherical in shape with a diameter of 30 cm. The next
array had 500 elements (custom manufactured by Imasonic, Inc., France), and it was made
MRI-compatible and tested by coagulating in vivo rabbit brains through ex vivo human
skulls (35). The driving system of the array was developed by InSightec, Inc., Haifa, Israel.

The group, lead by Mathius Fink, developed an ultrasound-guided 300-element system
and used it to ablate sheep brains with the aid of an implanted needle hydrophone (36).
Recently the group reported successful ablation in monkey brain with noninvasive beam
focusing. This series of experiments provided independent verification that transskull
ultrasound surgery is feasible.

CLINICAL MRI-GUIDED FOCUSED ULTRASOUND SYSTEM

Based on the early experience, InSightec Inc., in collaboration with the scientists at Brigham
and Women’s Hospital, developed a clinical prototype device. The hemispherical
array with 500 elements (later 512 elements) had similar dimensions and shape as the
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original 64-element array. The array was coupled to the patient’s head with the aid of a
rubber membrane that allowed water to be circulated between the head and the array. This
water space allows coupling of the ultrasound beams to the head and provides skin cooling.
The details of the system are described elsewhere (35). The system was tested first with
monkeys (37), then with an initial series of three patients, and demonstrated feasibility. The
plan is to continue this initial trial at the Brigham and Women’s Hospital in Boston.

CLINICAL POTENTIAL

The potential of focused ultrasound to treat brain tumors was recognized in the early
1940s. Most direct neurosurgical approaches cause damage to cortical areas immediately
surrounding a lesion, as well as to the white matter at the depths of the lesion and to brain
tissue involved in the surgical trajectory. Therefore, a noninvasive tumor destruction
method is particularly useful for tumors positioned deep in the brain. Focused ultrasound
is an “ideal” surgical tool with maximal destructive effect within the target and with
minimal permanent injury to surrounding normal brain tissue and, more importantly, no
resultant neurological deficit. The early trials to treat brain tumors were aborted because
of the inability to achieve good focusing through the intact skull bone and the heating of
the skull bone during sonication. In addition, there was no imaging method to delineate
the targeted brain tumors, and it was impossible to identify or monitor the focal spot by
temperature-sensitive imaging.

With the introduction of MRI as a localizing, targeting, and monitoring method for
thermal therapies, a novel mechanism for controlling energy deposition became
available. By combining focused ultrasound with MRI-based guidance and control, it
may be possible to achieve complete tumor ablation without any associated structural
injury or functional deficit. Many MRI parameters (T, diffusion, proton resonance
frequency) are sensitive to temperature changes, which makes MRI appropriate for
providing image guidance or image-based control for thermal ablations.

The role of MRI during thermal ablations is twofold: to monitor temperature changes
and to detect tissue coagulation. Both information types can be used to establish a closed-
loop feedback mechanism. In the brain, physiologic effects such as perfusion or metabolic
response to elevated temperature can also be used for monitoring the ablation. The integrity
of the nontargeted surrounding tissue can also be monitored by imaging sequences, which
are sensitive to biophysical, vascular, metabolic, or functional parameters. Both flow and
tissue perfusion can affect the rate and extent of energy delivery and the size of the treated
tissue volumes. Diffusion imaging, functional MRI, and MR spectroscopy all can be
utilized to detect changes in adjacent normal brain parenchyma.

Since the original description of MRI monitoring and control of laser-tissue
interactions (38), MRI-guided laser ablation of brain tumors has become a clinically
tested and accepted minimally invasive treatment option. It is a relatively simple straight-
forward method, which can be well adapted to the interventional MRI environment
(39,40). Overall, early results suggest that interstitial laser therapy (ILT) is a safe and
effective therapy method. During and after ILT, the induced edema is clinically tolerable
and relatively large tumors can be treated without craniotomy.

The positive results and feasibility of MRI-guided ILT treatments are encouraging
for any other thermal therapy methods including focused ultrasound. The most important
comparison for MRI-guided focused ultrasound surgery (FUS), however, is not ILT but
stereotactic radiotherapy and radiosurgery. Advantages of FUS over radiation therapy and
radiosurgery are multiple. Primarily because of the lack of radiation toxicity, which is an
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unavoidable side effect of radiation therapy. Radiosurgery of lesions >4 cm is associated
either with an unacceptable level of radiation toxicity or an ineffectual radiation dose.
Radiosurgery also causes cranial nerve neuropathy. Radiation sensitivity of the optic
nerve is especially problematic. Focused ultrasound has no radiotoxicity, the treatments
are repeatable without limit, and online temperature monitoring can assure that critical
structures, like nerves, will not be damaged by heat.

FUS will be particularly successful in the treatment of benign brain tumors like
meningiomas. It will be extremely helpful for the ablation of meningiomas located in
regions where complete surgical resection cannot be safely achieved (for example,
meningiomas of the cavernous sinus or other skull base locations), It remain to be seen
how FUS measure up to traditional neurosurgery for surgically accessible meningiomas
in the areas of the convexity, falx, and parasagittal region, where today complete re-
section is the treatment of choice. In the case of acoustic neurinoma radiosurgery, the
surgical paradigm has already been challenged. If MRI-guided FUS can achieve hearing
preservation, it could be the method of choice over traditional or radiosurgery. Given the
prevalence and the benign nature of the pituitary adenomas, a noninvasive treatment
option can replace microsurgery. If the microadenoma can be targeted and coagulated
without the heating of the hypothalamus, optic nerve and the cavernous sinus FUS can be
an exceptionally simple and effective therapy solution.

As far as the primary malignant brain tumors are concerned, FUS will not radically
change the field. FUS is a surgical method and as such it requires a well-defined target.
Most of the gliomas are diffuse and infiltrative and cannot be fully excised or ablated.
MRI-guided FUS may be valuable in treating low-grade thalamus gliomas. Their deep
location makes them difficult to access and surgery is rarely feasible. FUS may also be
applicable as a palliative solution for recurrent glioma when the regrowth is relatively
well circumscribed. Brain metastases are the most common intracranial tumors in
adults. The lesions are usually well circumscribed and marginated, therefore targeting is
relatively straightforward. FUS can be the choice over surgery for single metastasis.
Unfortunately, multiple metastatic lesions are seen in 60% to 75% of all cases and in
patients who were initially thought to have a single brain metastasis by MRI. Although,
FUS has a great potential to treat well-marginated single brain metastasis, in the case of
multiplicity, it will not be applicable as the only treatment. However in combination with
chemotherapy (especially after the FUS-induced opening of the BBB), FUS may be the
future primary treatment of brain metastasis.

Beyond thermal coagulation of tissue, FUS has various other effects that can be
therapeutically useful. The capability of occluding vessels could make FUS a therapeutic
tool for the treatment of vascular malformation (41). Lesions can be induced using MRI
targeting to treat movement disorders (Parkinson’s) or epilepsy. FUS can be used not only
as a functional neurosurgical method, but also as a way to achieve targeted drug delivery.
FUS can be used to selectively open the BBB and introduced large molecular drugs into
targeted brain regions (42—45). These large molecules can be used for chemotherapy or
can act as functional neuropharmacological agents (46,47). MRI-guided focal opening of
the BBB, combined with ultrasound technology that permits sonications through the
intact skull, will open the way for new, noninvasive, targeted therapies.
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New Clinical Applications of Magnetic
Resonance—-Guided Focused Ultrasound

Wiladyslaw M.W. Gedroyc
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INTRODUCTION

The ability to use magnetic resonance (MR) for the accurate targeting of delivery of high-
intensity focused ultrasound, together with the easy depiction of tissue thermals results,
means that focused ultrasound surgery (FUS) can potentially be used in a wide variety of
applications in the body. Different inherent tissue responses to heating and variable
heating responses due to alterations in vascularity can be easily appreciated using online
thermal mapping carried out with MR in response to focused ultrasound heating. As a
result, it is relatively easy to take steps to overcome different tissue responses either
between individuals or within an individual so that a consistent and accurately placed
lesion can be produced with each sonication. Multiple alterations in the parameters of the
ultrasound deposition can be carried out such as power, spot site, cooling durations,
frequency of transducer, etc. to interact with tissue variations and keep the response
visualized in the tissues constant. Similarly, areas of subtle tissue abnormality that may
not be visualized on other modalities, such as ultrasound or computed tomography, are
frequently easily appreciated on MR and therefore complex targeting of such
abnormalities can be quite readily achieved using online MR imaging.

These qualities allow MRIgFUS to potentially be used as a destructive noninvasive
tool in many different body areas with great accuracy of delivery and substantial safety in
its application since adjacent organs and the path of the ultrasound beam are particularly
well visualized with MR, so that possible involvement of tissues that could be
inadvertently damaged can be appreciated very rapidly at an early stage and avoided (1).

Despite this potential, many individual problems in the widespread application of
MRIgFUS remain. Motion, predominately due to respiration, is problematic because it is
often inconsistent and the movement of the upper abdominal organs in response to
respiration for instance is usually not entirely consistent making exact targeting difficult.
Ribs overlying the path of the focused ultrasound would disrupt the beam, preventing
accurate application of destructive energy and marked vascularity of a target in the tissue
may prevent an easy visualizable tissue response.

TREATING LARGE FIBROIDS

The largest experience to date in terms of patient numbers with MRIgFUS has been in the
treatment of uterine fibroids (2). Initial studies were confined to smaller fibroids and
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these have shown highly effective symptom relief. The problem of how to treat much
larger fibroids, however, remains. Conventional sonications require a long procedure time
to cover a large fibroid, which may be anywhere between 10 and 20 cm in diameter.
Frequently the time required to cover this whole area is inappropriate for patients since
they would have to be on the machine for probably several sessions lasting more than four
hours each, and, similarly, the time it takes out of the MR scanning schedule may also be
highly problematic. In an attempt to overcome this problem, our group has developed a
way of potentiating the results of focused ultrasound within these large fibroids by the
pretreatment of uterine fibroids with gonadotrophin-releasing hormone (GNRH) agonists.
This regulatory neuropeptide causes a hypoestrogenic state by interfering with the
hypothalamic-pituitary-ovarian axis. Fibroids, which are highly estrogen dependant, will
shrink when GNRH agonists are given over a period of time. This effect is well known in
gynecological surgery where GNRH agonists are frequently used as a pretreatment in
patients who are going to have myomectomies. Surgeons utilize this effect to decrease the
vascularity of the fibroids and make the operation much less risky by lowering blood loss
to produce a much more avascular field. We have found that by utilizing GNRH agonists
given intramuscularly once a month for three months prior to focused ultrasound treat-
ment, we can reduce the size of the target fibroid uterus by approximately 30% to 40%,
and this fibroid can then be readily treated (2) with focused ultrasound at the end of this
time, when it is in a much smaller state (Fig. 1).

In addition, at this time, the vascularity has been reduced, and the response to each
individual sonication is much greater (3). On average, there is a 50% larger response in
terms of tissue destruction per unit joule applied after GNRH pretreatment. In a series of
consecutive patients with fibroids greater than 10 cm, who all had three months of GNRH
pretreatment, we found that our symptomatic responses were completely comparable to
those of a group of patients who had fibroids smaller than 10cm. Overall, our results
showed that 83% of patients treated in this way had a greater than 10-point improvement
in symptom severity scores [considered to be highly significant (see Chapter 8)] when
treatment was applied in this manner, which is similar to the results of the group of patients
with fibroids that were all smaller than 10cm. In addition, the median symptomatic
responses showed a highly significant fall in these large fibroids at three and six months,
and this was prolonged to 12 months posttreatment. All of these patients had procedure
times broadly similar to those of patients with the much smaller fibroids. The results of this
work with GNRH is that we have developed a way of potentiating the effect of heat within
fibroids by a simple medical pretreatment, which we believe alters the vascularity of the
fibroids and, as a result, influences the thermal response of this tissue to focused
ultrasound. This technique therefore allows us to much more easily treat the larger fibroids
found in many women, which may be symptomatic and difficult to control conservatively
or with other more invasive therapies. The elegance of this approach has highlighted the
potential for finding similar methods for the treatment of other solid viscera with this
paradigm. If we can find hormonal or other potentiators, which influence vascularity in
tissue for organs such as liver, kidney, prostate, etc., we may be able to potentiate the
treatment of such abnormalities in these organs in a totally noninvasive fashion.

LIVER MR-GUIDED FOCUSED ULTRASOUND

There is very extensive work available in the field of liver thermal ablation indicating
great promise in destroying local liver disease (4). Multiple modalities of heat application
have been used and all achieved broadly promising outcomes. The largest experience in
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(A)

Figure 1 (A) Patient with 10-cm diameter posterior-wall fibroid (arrow) pre-GNRH treatment.
(B) Same patient post-GNRH treatment and postfocused ultrasound. Note that the overall size of the
posterior-wall fibroid has shrunk very substantially and that postfocused ultrasound, almost the
entirety of the fibroid has been treated with a large nonperfused area (arrow) induced in the
previously large fibroid when it was in a smaller state. (C) Same patient as above three months
following FUS and GNRH treatment. At this stage, the patient’s symptomatology is much
improved, and the overall size of the previously large fibroid is now a maximum of 5 cm diameter,
with a very substantial overall reduction in volume. Abbreviations: FUS, focused ultrasound
surgery; GNRH, gonadotrophin-releasing hormone.

any one center has been from Vogl et al. (5) with more than 1500 patients treated with
approximately 35% to 40% five-year survival in patients who are otherwise unsuitable for
surgery after thermal ablation and up to a 56% five-year survival in groups of patients
who would otherwise be suitable for surgery but simply refused it. The majority of this
series is concerned with treatment of metastatic disease but similar, very promising
results have been achieved with hepatocellular carcinomas from a variety of groups,
predominately using radiofrequency ablations (6).

Percutaneous radiofrequency, microwave, laser ablation, and cryotherapy have all
been utilized to treat livers masses successfully. Several papers have also emerged using
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ultrasound guidance for high-intensity focused ultrasound procedures used to treat liver
lesions (7,8), and these papers also suggest that this type of application is extremely
promising. It is clear from all of this body of work that excellent results may be achieved
in the liver relatively easily, without substantial complications, and that excellent
improvements in patient survival and symptomatology may be achieved with this type of
approach, in contradistinction to the much larger, more invasive surgeries that are
required to achieve this type of response in this field. Liver metastases and increasingly
hepatocellular carcinomas, in conjunction with the worldwide pandemic of hepatitis c,
are now important and common causes of death, which otherwise have relatively poor
treatments available for them, ranging from the quite toxic in terms of chemotherapy to
the very invasive with surgery. The potential therefore of minimally invasive work in this
field is highly desirable and could help a great many patients. Nevertheless conventional
minimally invasive procedures still require a significant invasion with large bore needles
passing though the liver, which when there is underlying liver disease as is usually the
case with hepatocellular carcinoma can be problematic in terms of bleeding comp-
lications, etc. Many of the patients with liver disease have associated coagulation defects,
which may or may not be easily treatable and while minimally invasive procedures are a
substantial improvement in terms of morbidity in comparison to surgery, they still have
their problems. The potential of focused ultrasound is the ability to achieve a completely
noninvasive method of treating such local abnormalities requiring any needles to pass
through the liver. Clearly this potential must be investigated as the advantages this could
bring to the treatment of these patients are immense. It would be very feasible to treat
patients before surgery or transplantation without any influence on the surgery and it
would be very easy to treat a much larger group of patients with a wide range of tumors if
this technology could be applied to all liver lesions.

Currently our application of MRIgFUS cannot reach lesions behind ribs or lung and
is confined at the moment to treatment of low liver lesions, which peak out from below
the rib line or to left lobe lesions, which can be accessed with conventional application
through the epigastrium. It is anticipated that improvements in the transducer technology
available will allow access to lesions between ribs in the relatively near future allowing
us to treat many more patients but at the moment these are the simple limitations.

Respiratory movement is also currently a problem due to the repeated motion of the
liver, which is often inconsistent so that the variability of the liver position may be very
problematic for any procedure. To recapture control of the three-dimensional space
around the target liver lesion, we perform our liver cases at the moment under general
anesthetic. We use MR-compatible ventilators, which are linked to and under the control
of the FUS machine. This means that at the time of sonication, the respiratory excursion
of the patient is controlled by the ventilator via the FUS machine so that it is always at the
same point. This means that the transducer and the target are in constant relationship to
one another at the time of the sonication. As a result, we can place lesions with great
confidence in a particular target at the exact desired site and subsequent lesions can be
placed with confidence in relation to these initial lesions to produce an overlapping
confluent area of destruction in the target. Using general anesthesia in this context
overcomes the problems of respiratory motion of the liver, although it certainly does
nothing for the complexity and duration or the potential invasiveness of the whole
process. It is hoped that in the future, we may be able to carry out procedures that can
lock onto lesions by scanning so quickly that they may be followed throughout the phases
of respiration, no longer requiring general anesthesia. Until these problems are resolved
with improvements in technology, general anesthesia allows an achievable, safe, and
accurate procedure to be carried out. Despite the anesthesia, the patient can still walk out
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following the procedure once they have recovered from the general anethesia (GA). We
are carrying out pilot work in this area using the above technology. To date we have
treated only two patients with this type of approach. The first patient was a purely
palliative case where we treated a large tumor, part of which presented below the rib line,
that we could reach with focused ultrasound, and we achieved a reasonable palliation
with approximately 20% destruction of this tumor. Subsequently, we have successfully
and easily treated a 2 cm hepatocellular carcinoma in the left lobe of the patient, which
was easily accessible via the epigastrium (Fig. 2).

In both cases, we found that lesions could be readily produced in the targeted liver
with no complications and that the general anesthesia system for the control of respiration
worked highly effectively without any danger to the patient; accurate, confluent lesions
could be placed to encompass the whole lesion plus margins of at least 0.5 cm or more, if
required, on all sides. This procedure in the second case took 120 minutes. Interestingly,
the patient had virtually no significant pain postprocedure and returned to normal acti-
vities the next day.

We are currently trying to recruit more patients with suitable accessible lesions as
described above so that we can gain further experience with this type of approach.

Further technological improvements in the speed and targeting of the scanning along
with transducer developments should allow us to be able to treat many more patients,
hopefully without the use of general anesthesia, within 18 months as technology matures.

KIDNEY

Renal tumors are relatively slow-growing and very frequently asymptomatic for the
majority of their time course. They are found increasingly common at quite early stages
due to the widespread use of cross-sectional imaging. This has resulted in more patients
seeking minimally invasive treatments such as thermal ablations rather than the larger
surgical procedures, which are available. Multiple papers are now available describing
the use of radiofrequency cryotherapy or laser approaches for the destruction of renal
masses using minimally invasive procedures, which show very good early promise when
the whole mass of the tumor can be treated (9,10). Long-term results are not yet available,
but this is due to the relatively recent evolution of these processes. Many of the same
problems that are encountered in MRIgFUS of the liver apply equally to renal procedures.
The kidney is an even more mobile organ than the liver and has much greater respiratory
excursion than the liver, so control of this motion is absolutely crucial in the undertaking
of such a process. We believe that similar procedures to those described in the liver
however should be able to treat renal masses particularly the lower pole, which are visible
below the liver and we are in the process of recruiting patients to this area but we believe
that focused ultrasound should provide an excellent totally noninvasive method for the
treatment of appropriate renal tumors in the near future.

MR-GUIDED FOCUSED ULTRASOUND OF BONE

Many patients with bony metastatic deposits have continuing disabling pain despite the
use of other conventional therapies such as radiotherapy, chemotherapy, hormonal
manipulation, and analgesics. Further palliative therapeutic options for this group of
patients are therefore highly desirable to improve the way we treat these patients. The
percutaneous delivery of thermal ablative energy directly into skeletal metastases is
evolving as a very effective new modality in the palliation of painful deposits. The
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Figure 2 (A) A 35-year-old patient with hepatitis C. This is a postcontrast dynamic arterial
phase fat saturated echo image. Note the area of arterial blush in the left lobe in the midline,
which is a new lesion representing a hepatocellular carcinoma. This patient has previously
undergone laser thermal ablation of a right lobe lesion. (B) Same patient as above post—focused
ultrasound therapy in the sagittal planes. Image obtained still on the focused ultrasound table.
Note area of hyperintensity in the left lobe (arrow), which represents hemoglobin degradation
encompassing the previously noted arterially hyperintense lesion. Contrast in pelvicalyceal
system posteriorly is from previous injection of gadolinium. (C) Axial view post-focused
ultrasound therapy while still on the focused ultrasound table. (Caption continues on page 143)
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majority of the studies in this area have been carried out using radiofrequency electrodes
as the source of heat, although studies using cryotherapy and laser fibers are also in the
literature with similar promising overall results (11,12).

Callstrom et al. (11) have reported on a study of 62 patients who had severe pain
secondary to bony secondaries. All their patients were treated with percutaneous radio-
frequency ablation techniques either with conscious sedation or under general anesthesia.
Ninety-five percent of their patients experienced a significant drop in pain scores, which
continued to improve over 24 weeks of follow-up. This improvement was associated with
a very significant fall in the opiate usage in this group. These types of studies have
indicated that there is substantial gain to be achieved in the palliation of difficult
metastases with this type of simple approach—using heat sources to destroy areas of
tumor tissue within bone. An interesting aspect to emerge from this study is that the
tumor interface with normal bone should always be treated for best pain relief, and if
the thermal ablation is limited to the center of the tumor, very little gain is achieved in
terms of pain improvement.

Bone absorbs ultrasound very avidly, which explains why it disrupts ultrasound
beams, making treatment of lesions obscured by bones so problematic as described
above. However, this ability of bone can be utilized in thermal ablation treatments by
targeting the abnormal areas with focused ultrasound and depositing energy into these
areas in order to raise the temperatures sufficiently to cause tissue destruction. This
process suggests that we may be able to utilize focused ultrasound as a modality to treat
bone lesions palliatively in the first instance in a fashion similar to the type of work that
has been so successfully pioneered with percutaneous placement of radiofrequency
probes. So far, only a few cases have been attempted on painful deposits; the initial
results are promising with relatively quick improvements in pain scores in most patients
without the need to undergo any form of interventional procedure. MR is simply used to
target the focused ultrasound deposition so a very effective, easy, and accurate way of
depositing the heat is achieved. Diagnostic ultrasound cannot be used for this type of
targeting in bones for the above mentioned reason that ultrasound is absorbed by bones,
preventing visualization.

This particular application is in a very early stage of development with several
investigators slowly recruiting patients. The potential for this type of approach is large
and there is clearly a need for a further therapy modality in this field to improve our
overall treatment of painful metastases, which are refractory to simple treatments. It is
hoped that focused ultrasound guided with MR may be able to fulfill this particular role.

NEW POTENTIAL AREAS OF TREATMENT

MR-guided focused ultrasound provides us with a controllable tissue destructive
modality, which works on a simple physical principle common to all living tissue. This is
the coagulation of cellular proteins by raising the temperature so they become inactive

(Caption continued from page 142) Area of hyperintensity (arrow) represents hemoglobin
degradation with no significant enhancement post-i.v. contrast. (D) Image obtained immediately
post—focused ultrasound therapy while still on the table post—contrast administration. This is a
subtraction image indicating that there is an area of decreased perfusion (arrow), which represents
the treated lesion post—focused ultrasound. (E) Same patient as above but one month later. This is a
T>-weighted image with no contrast. Note the area of hyperintensity in a ring around the previously
treated portion, representing hemoglobin degradation products (arrow); no activity was noted in this
lesion at this time. Abbreviation: i.v., intravenous.
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and the cells die. It is not dependant on the responsiveness of individual histologies or cell
receptors, etc. but purely depends on whether enough power can be deposited at the target
site. Having said this, multiple other physical factors of course determine whether enough
power can be deposited, and tissue vascularity and obscuration by overlying structures are
highly important factors to the success of such individual procedure.

By destroying tissue, focused ultrasound can therefore potentially be used to treat a
great variety of soft-tissue abnormalities—if a suitable way of applying it to the target
tissue can be achieved, which overcomes the problems of suitable acoustic windows and
patient motion (Fig. 3).

(A)

(©)

Figure 3 (A) Sagittal T»-weighted images of the pelvis showing a large mass in the center of the
pelvis superficially resembling a uterine fibroid (arrow). This, however, is a male patient, and this
was due to a large pelvic schwannoma. Surgery was considered highly problematic in this young
patient and focused ultrasound was carried out to try to debulk the area. (B) The same projection as
in (A) but in a postcontrast fat-saturated 7',_weighted gradient-echo image showing enhancement of
the periphery of the mass with no perfusion in the center post—focused ultrasound indicating the
areas of destruction here (arrows). (C) Similar sequence to (B) but in the axial plane again showing
areas of noncontrast enhancement indicating destroyed portions of the patient’s schwannoma
post—focused ultrasound (arrow).
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The more subtle use of focused ultrasound therapy in drug and gene probe delivery
systems is not considered in this chapter.

Slow-flow arterial venous malformations are often extremely problematic and long-
lasting and cause recurrent problems for patients. Surgery is frequently disfiguring and
unsuccessful and embolization procedures have variable success. We have tried to treat
some of these slow-flow arteriovenous malformation’s (AVM), particularly within the
pelvis, with focused ultrasound, with initially very limited success. We anticipate that
improvements in technology will allow much greater power deposition to be achieved
within individual slow-flow AVMs, which should be able to overcome some of the
problems. Much of the vascular flow of these lesions, which is very slow, is responsible
for the difficulty with which heat can be deposited within them, but if focused ultrasound
could be utilized successfully to treat such abnormalities, it could be a very successful
and useful way of taking the treatment of this type of lesion forward.

Other soft-tissue masses, either primary or residual/recurrent malignancies after
other forms of therapy, such as surgery and radiotherapy, should also be potentially
amenable to focused ultrasound treatment in many instances. The high tissue specificity
of MR allows excellent targeting of such areas and this combination of MR guidance and
focused ultrasound may provide an excellent adjuvant form of therapy in this and other
similar soft-tissue abnormalities. The minimization of treatment-associated morbidity and
disfigurement from more radical surgery particularly in recurrent disease under these
circumstances would be of great benefit to these patients.
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Targeted Drug Delivery
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INTRODUCTION

With the advancement of acoustic technology, ultrasound has become not only a
diagnostic but also a therapeutic tool. Among many therapeutic applications of ultra-
sound, here I would like to focus on its capability for drug delivery both in vivo and in
vitro. I will also discuss on the methods and issues for enhancing ultrasound therapeutic
capability by using sonosensitizers that accumulate at tumor tissues.

DRUG DELIVERY BY ULTRASOUND IN VITRO
Background of Sonoporation In Vitro

It has been known that ultrasound has the capability of delivering exogenous substances
into cells through the cell membrane. The report from Saad and Hahn is one of the early
works that has shown that ultrasound can enhance the cell membrane permeability
(1). Studies from Fechheimer et al. showed that a large molecule such as a plasmid DNA
can be introduced into cells using ultrasound (2). Although ultrasound-induced drug/gene
delivery into cells was an interesting and appealing technique, it was not able to become a
standard drug/gene delivery method compared to electroporation and lipofection. The
low efficiency was one of the main issues that had to be solved to make this method
practical.

Recently, however, with the appearance of microbubble-based ultrasound contrast
agents, drug/gene delivery into cells by ultrasound is starting to be extensively in-
vestigated. This phenomenon is named “sonoporation,” which is an analogy of the word
“electroporation.” Both researches on improving the sonoporation efficiency and also on
the mechanism behind it are the most important in this field.

The most widely accepted model and explanation for sonoporation is that the
collapse of the microbubble caused by ultrasound produces a transient hole in the cell
membrane making exogenous substances enter the cell. Tachibana et al. showed pores
created on cell membranes by ultrasound through an electron microscopic examination
(3). Moreover, Deng et al. showed physiological evidence that ultrasound with
microbubble is triggering transient cell membrane porosity by directly measuring the
transmembrane current during ultrasound exposure in Xenopus oocyte. They were able to
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show that ultrasound exposure with microbubble ultrasound contrast agent Optison was
indeed creating membrane pores and that this event was reversible in a second order
(4). The importance of microbubbles in sonoporation was also evaluated from a different
perspective. Guzman et al. evaluated the relationship between the cell-to-bubble ratio and
the bioeffects caused by ultrasound. According to their study, it was concluded that cells
must have a proper distance to the microbubbles to achieve sonoporation. Cells too close
to bubbles will be destroyed by the collapse (blast) of the bubbles caused by ultrasound,
while cells located too far away from the bubbles will receive no effect (Fig. 1) (5). They
also evaluated whether the molecular size of the exogenous substance will affect the
transportation efficiency of those molecules into the cells by sonoporation and showed
that the molecular size of the substance does not contribute to the sonoporation and
delivery efficiency at least up to 464 kDa (6). This result is one strong evidence that
supports the idea that ultrasound-induced drug/gene delivery is caused by transient
membrane porosity. If exogenous substances are introduced into cells through these
pores, it is reasonable that the size of the substance will not affect the efficiency of
delivery up to the size of the pores themselves. Zarnitsyn and Prausnitz have also shown
that when cells are sonoporated with plasmid DNAs, gene expression efficiency is lower
than the sonoporation efficiency (7). They showed that a substantial amount of plasmid
DNA must be delivered into cells to achieve gene expression, and that, as the amount of
plasmid DNA delivered into cells differ in each sonoporated cell, only those cells that up
took enough amount of plasmid DNA can achieve gene expression.

The major problem of the sonoporation technique in vitro is its low efficiency.
Although the efficiency has improved with the use of ultrasound contrast agent, the
overall outcome of sonoporation is still inferior to those by electroporation and
lipofection. Another problem is its high toxicity. The blast of microbubbles causes
destruction of cells, which can be named cell lysis. For example, according to the
experiments that we have performed, more than 50% of the whole cell population is
destroyed, while only less than 10% of the cells can achieve sonoporation even at the
most suitable condition (8). These numbers are in a comparative range with those
reported by others (5-7), again addressing the necessity to improve the total sonoporation
efficiency. There are reports suggesting that the sequence of ultrasound exposure, such as
duty cycle and pulse repetition frequency, can be an important factor for improving
sonoporation efficiency. The experimental settings, however, differ from one report to
another and the most important factor is not yet determined.
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Methods to Evaluate Sonoporation

The easiest and most reliable method to evaluate sonoporation of cells is to sonicate cells
with a molecule named calcein. Calcein (fluorescein-methylene-iminodiacetic acid) is a
fluorescent indicator for calcium with a molecular weight of 622 Da. Once calcein is
introduced into cells, it emits green fluorescence excited by blue light, which can be
detected by a fluorescent microscope or a flow cytometer. Nonviable cells can be
simultaneously stained with propidium iodide, which is a red fluorescent die that stains
the nucleus of nonviable cells. Simultaneous detection of these two dies makes it possible
to evaluate whether the cells are sonoporated, nonviable, or viable without being
sonoporated. Evaluation can be done by using either microscopes or flow cytometers.
When using flow cytometers, cell viability can also be evaluated by measuring the size
and complexity of the cells using forward and side scatter measurements, as viable cells
tend to show larger values of size and complexity. Moreover, flow cytometers allow data
collection with a large number of events in a shorter time. The intracellular localization of
the fluorescence can be confirmed by confocal laser scanning microscopic examination.
The correlation between the molecular size of the exogenous substance and sonoporation
efficiency can be investigated by using different fluorescence with various molecular
sizes (5,6,8,9).

Materials Tested for Sonoporation In Vitro

Several materials have been tested for intracellular delivery of exogenous substances
using sonoporation. As mentioned in section entitled Methods to Evaluate Sonoporation,
fluorescent substances, such as calcein (662kDa), fluorescein isothiocyanate (FITC)
conjugated bovine serum albumin (BSA) (66 kDa), 42 kDa-dextran conjugated FITC, and
464 kDa-dextran conjugated FITC, have been used for sonoporation efficacy measure-
ments (5,6). In some experiments, plasmid DNA labeled with YOYO-1™, a fluorescence
label, was used to evaluated the sonoporation efficiency with plasmid DNA itself (7).
Other materials tested for investigating the feasibility of using sonoporation as a
drug delivery method are plasmid DNAs, peptides, and short interfering RNA (siRNA).
For plasmids, different kinds of genes have been tried out. As most of the studies reported
have focused on demonstrating gene expression using sonoporation, reporter genes such as
green fluorescent protein (GFP), luciferase, and B-galactosidase were mostly used. In the
case of peptides, the cell-killing Bak BH3 peptide was tested to enhance cell killing by
sonoporation (9). And finally, sonoporating cells with siRNA, a short double-strand RNA
that knocks down gene expression, have been shown to be feasible in suppressing target
gene expression by using a GFP-targeting siRNA with a GFP-expressing cell line (8).
All of the materials tested so far have proven that sonoporation can be used for
intracellular delivery of the molecules. The efficiency, however, has still not caught up
with other methods such as electroporation and lipofection, and sonoporation is not yet a
standard method for intracellular drug/gene delivery in vitro in the basic biological field.

DRUG DELIVERY BY ULTRASOUND IN VIVO

In this section, two applications of ultrasound as a method for drug delivery will be
discussed. The first will be delivering drug/gene intracellularly at the target organ by
ultrasound (sonoporation) in vivo. The second will be enhancing the delivery of drugs at
target tissues by ultrasound.
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The Rational of Using Sonoporation In Vivo

As mentioned in the above in vitro section, the capability of sonoporation for intracellular
drug/gene delivery has also been tested in vivo. The most widely used method of in vivo
gene delivery is the virus method. The virus method achieves high transfection efficiency
and does not require any special devices for transfection. This feature has a great
advantage over other gene delivery methods. The safety, however, of using viruses for
gene delivery has not been established and this has been a major drawback
(10). Electroporation is another conventional but hopeful technique. It enables site-
specific transfection of naked plasmid DNAs without using viruses for vector. The
necessity of inserting electrodes in the tissue, however, brings up the problem of using
this technique in the real clinical setting (11). This method might be useful in transfecting
genes into solid organs. It would entail many difficulties, however, to apply this
technique to transfect gene into vascular tissues, such as blood vessels.

Ultrasound-induced sonoporation has attracted great attention for gene transfer into
the vasculature in vivo, as there is no need to either insert any device into tissue or to use
hazardous materials to achieve gene transfection to the target tissue. Theoretically, once
the plasmid DNAs and microbubbles are introduced into the vascular system, the
exposure of ultrasound to the target vasculature will trigger sonoporation only around the
target area and the DNAs will be up taken by the surrounding endothelial cells. Several
studies have already shown success in controlling and inhibiting hyperplasia of the
endothelial cell in the arterial system in arterial-restenosis models. In these studies, not
only plasmid DNAs but also decoy oligonucleotides have been used (12-14) as
therapeutic substances. There are also reports suggesting that gene therapy using
sonoporation can recover cardiac function or control fibrosis in the kidney (15,16). Most
of the studies, however, have focused only on demonstrating gene expression or
intracellular drug delivery using sonoporation in vivo.

Demonstration of Intracellular Drug/Gene Delivery In Vivo by Sonoporation

Various tissues have been tested for demonstrating drug/gene delivery by sonoporation.
Muscle (17-20), kidney (14,16,21), heart (15,22-24), brain (25), cornea (26), spinal cord
(27), and carotid or femoral artery (12,13,28,29) have been reported (Table 1) (30-32). In
most of the reports, ultrasound contrast agents are used in conjunction with ultrasound
exposure and some reports compare the efficiency of sonoporation between various kinds of
contrast agents (17,21). Optison from GE healthcare has been chosen to be the most suitable
contrast agent in most reports. For demonstrating in vivo sonoporation, reporter genes such
as GFP, luciferase, and B-galactosidase have been used. The advantage of using luciferase
and B-galactosidase is that the actual quantification of the amount of gene expression is
possible. On the other hand, GFP makes it possible to visually confirm the number of cells
that is expressing the gene in the target area. In the case of demonstrating intracellular
delivery of oligonucleotides, FITC-conjugated oligonucleotides were used (31). Recently,
Sunoda et al. showed for the first time that delivery of siRNA by sonoporation is possible in
vivo (26). This report is significant, as developing the delivery method for siRNA is one
major issue today. They have shown that siRNAs delivered into the endothelial cells or the
coronary artery knocked down the expression of GFP in a GFP transgenic mouse.

Drug/Gene Therapy in Animals Models Using Sonoporation

Here, several examples of successful reports on gene therapy via sonoporation will be
discussed.
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Table 1 Reported Drug/Gene Delivery In Vivo

Organ Tested material

Muscle Luciferase and HGF (20), GFP (17,18), luciferase and TFPI (19)

Kidney Luciferase and GFP (21), Smad-7 (16), NFxB-decoy ODN (14)

Brain Luciferase and GFP (25)

Spinal cord Luciferase and GFP (27)

Heart HGF (15), TNF-o-targeting antisense-ON (23), B-galactosidase and eNOS

Carotid artery

Femoral artery

Cornea

Dental pulp stem
cells

Intrauterine fetus

Chick embryo

(22), GFP, B-galactosidase, luciferase, and siRNA (24)
[-galactosidase (28), E2F-decoy ODN (12), p53 (29)
NFxkB-decoy ODN (13)

GFP (26)
GFP, [-galactosidase and Gdf11 (30)

GFP, [-galactosidase and FITC-ODN (31)
[-galactosidase, GFP and Shh (32)

Abbreviations: FITC, fluorescin isothiocyanate; GFP, green fluorescent protein; HGF, hepatocyte growth factor;
NF«B, nuclear factor-kappa-B; ODN, oligodeoxynucleotide; Shh, sonic hedgehog; siRNA, short interfering
RNA; TFPI, tissue factor pathway inhibitor; TNF, tumor necrosis factor.

Restenosis of the arterial system after angioplasty is one major issue in the field of
cardiovascular treatment (33,34). Angioplasty is a procedure that is performed in the
coronary artery of the heart or the carotid artery in the neck. Narrow segments of the
artery reduce the blood flow of the perfusion territory of the vessel and can cause
ischemic changes leading to myocardial or cerebral infarction (heart attack or stroke). To
prevent these events, the narrow segments of the vessel can be widened by using balloon
catheters and metallic stents. These procedures have proven to be effective in preventing
and treating myocardial or cerebral infarction, and furthermore, have lessened the number
of direct surgery performed, such as coronary artery bypass graft surgery and carotid
endarterectomy. Although angioplasty and stenting have shown great success, it does
have some problems. It is reported that some portion of the patients with these procedures
develop restenosis after treatment (33,34), requiring repeated surgery or alternative
treatments. In this context, preventing restenosis after angioplasty and stenting is an
important issue to be solved.

One of the approaches is to deliver genes that can inhibit proliferation of the
endothelial cells to the target vessel. As sonoporation can be performed in vessel organs,
this technique has attracted great attention in this field. Taniyama et al. showed that by
delivering plasmid DNAs encoding p53 gene into the carotid artery of a carotid artery-
restenosis model, restenosis of the artery was significantly inhibited after injury treatment
of the vessel (29). P53 is a protein that has a capability to arrest the cell cycle or kill cells
via apoptosis, both of which are favorable features to prevent hyperplasia of the
endothelial cells. Their histological study also showed that tissue damage related to the
procedure was minimal.

Another approach is to use decoy oligonucleotides instead of genes. In many cases,
for the gene to be expressed, transcription factors (proteins that regulate the expression
level of each or group of genes) must bind to the genomic DNA and start the transcription
of the gene into mRNAs. Nuclear factor-kappa B (NF«xB) or E2F is one of these
transcription factors that has been suggested to be necessary for neointima formation
(35) or cell cycle regulation (36). The concept of using decoy oligonucleotides is to
deliver DNA fragments with the binding-site sequences of these transcription factors into
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cells and capture the active transcription factors with the “decoy” fragments before they
actually bind to the genomic DNA for gene expression. Hashiya et al. have shown that
intracellular delivery of E2F-decoy oligodeoxynucleotide (ODN) into the carotid artery
via sonoporation is possible and that intracellular delivery of E2F-decoy ODN inhibited
stenosis of the artery with a carotid artery injury model (12). Similarly, Inagaki et al.
showed the effect of intracellular delivery of NFxB-decoy ODN via sonoporation in the
femoral artery (13).

Other organs that have been shown that gene therapy via sonoporation is effective
include heart and kidney. Kondo et al. showed that delivery of plasmid DNA encoding
the hepatocyte growth factor via sonoporation recovered cardiac function in an acute
myocardial infarction model (15). On the other hand, Hou et al. showed that delivery of
Smad-7 into kidney via sonoporation inhibited renal fibrosis in a remnant kidney (16).

All of these reports hold great promise in using sonoporation as an intracellular
drug/gene delivery method in vivo. The simplicity of the whole procedure, compared to
electroporation or others, is a great advantage that sonoporation has. One fundamental
question, however, remains in order to understand and use this technique in the real
clinical setting. In most of the in vivo reports, the transfection efficiency is remarkably
higher and tissue damage is less severe than those shown in in vitro experiments
(14,16,21). This might be partially explained by the fact that, in the case of in vitro
experiments, cells are usually prepared in a solution and that cells are subjected to other
forces than sonoporation, such as microstreaming, while this is unlikely to take place in
an in vivo setting. A more careful and thorough investigation is necessary to clear out this
question.

Target Delivery of Systemic Agents by Ultrasound

In addition to sonoporation, ultrasound has shown another possibility in drug delivery in
vivo. It has been reported that ultrasound can enhance the delivery of molecules across
tissues, which are usually impermeable to large size molecules. For an excellent example,
transdermal delivery of large molecular proteins, including insulin, using ultrasound has
been reported (37-39). Skins are impermeable to various substances, and it has been
considered that the reorganization of the outer layer of the skin by ultrasound makes it
possible for transdermal delivery of these molecules (39). Enhanced delivery of systemic
chemotherapeutic agent into solid tumors has also been reported (40). Furthermore, we
have demonstrated that focused ultrasound, in conjunction with microbubbles, can disrupt
the blood-brain barrier and deliver macromolecular agents through the barrier into the
brain parenchyma (41-43). These techniques provide the possibility to deliver drugs to
target tissues where drugs cannot be delivered without invasive aids such as direct
catheter insertions. As ultrasound is now used for ablation of malignant diseases (44), its
capability to enhance delivery of chemotherapeutic agents to the target tissue may
become a powerful adjuvant therapy for ultrasound surgery.

ENHANCEMENT OF ULTRASOUND-INDUCED CELL LYSIS
BY TUMOR-ACCUMULATING SONOSENSITIZERS
(SONODYNAMIC THERAPY)

Sonodynamic effect of ultrasound with porphyrin derivatives was proposed by Umemura
et al. (45-49). They showed that porphyrin derivatives such as ATX-70, ATX-S10, and
hematoporphyrin can enhance the cell-killing effect of ultrasound both in vitro and in vivo.
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Porphyrins are famous for their photosensitizing effect. Various kinds of porphyrins
have been tested in the field of photodynamic diagnosis (PDD) and photodynamic
therapy (PDT). The key feature of using porphyrins in PDD or PDT is that they
selectively accumulate to malignant tissues. The contrast of the porphyrin concentration
between normal and malignant tissues enables selective photodiagnosis or phototherapy
of the target tissue by exciting the photosensitizers by lights with specific wavelength.
This feature has been used in the treatment of skin cancers (50) and lately, many
neurosurgical groups have started using porphyrins for PDD of malignant gliomas during
surgery (51).

Similar to PDT, the key concept underlying the sonodynamic effect of porphyrin
derivatives holds that the cell-killing effect of ultrasound can be concentrated only in
tumor tissues that take up porphyrin derivatives. Umemura et al. examined whether it is
possible to enhance cell-killing effect of ultrasound using porphyrin derivatives or not in
an in vitro setting. They used ATX-S10, ATX-70, and other porphyrin derivatives, and
treated sarcoma 180 cells with ultrasound in vitro. They observed an enhanced loss of
viability of cells when cells were treated with these porphyrins (46,47,52). During the
course of investigating sonodynamic effect, many other molecules than porphyrins
showed a similar sonodynamic effect (53). Umemura et al. also showed that this
sonodynamic effect can be triggered in an in vivo setting (46). They have shown various
studies that porphyrins accumulating at the tumor can enhance the cell-killing effect of
ultrasound in a tumor-bearing mouse model (54-56).

Although sonodynamic therapy using tumor-accumulating porphyrins is an
appealing concept for enhancing the effect of ultrasound surgery against malignant
tumors, the main mechanism of sonodynamic effect is not fully understood and requires
careful examination for clinical application. In this section, several models proposed will
be reviewed and discussed.

Sonodynamic Effect Via Singlet Oxygen

In the case of PDT, it is widely accepted that the production of reactive oxygen species by
excitation of photosensitizers by light is the main mechanism for cell killing (57). Similar
to this concept, the role of singlet oxygen in sonodynamic therapy has been addressed
(46). As ultrasound exposure condition by Umemura et al. showed the possibility of
sonoluminescence production, the fact that porphyrins are photosensitizers brought up a
concept that sonodynamic effect of porphyrins was a sonoluminescence-mediated process
(58). The excited sonosensitizers by sonoluminescence was considered to produce highly
reactive singlet oxygen resulting in loss of viability of cells. One evidence that supports
this concept is that histidine, a scavenger for singlet oxygen, but not other free radical
scavengers as superoxide dismutase or mannitol, can inhibit the enhanced cell-killing
effect of porphyrin by ultrasound (46). Several experiments, however, question this
model. One of most important observations is that copper protoporphyrin is showed as an
effective sonosensitizer. It is considered that this compound is unable to produce singlet
oxygen while showing sonosensitizing effect (59).

Sonodynamic Effect Via Free Radicals

Riesz et al. suggested that porphyrins, or in a broader sense, sonosensitizers, are activated
directly by inertial cavitation, to produce peroxyl radicals, enabling them to attack cell
membranes (60-62). During inertial cavitation, the violent collapse of the microbubbles
produces homolysis of water and leads to the formation of H and OH radicals. In the
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presence of surfactant molecules (RH) including porphyrins, a large amount of H and OH
can be scavenged and produce secondary organic radicals (reaction A) and further lead to
the production of organic peroxyl radicals (reaction B).

RH + H(OH) — R + H,(H,0) (A)

'R+ 0, — ROy (B)

It is considered that these organic radicals have the capability to diffuse in a
distance, making it possible to attack the cell membrane for cell killing (Fig. 2).

As a supporting evidence of this model, when cells were sonicated with porphyrin
derivatives with various length of alkyl side chain, there was a good correlation between
the length of the n-alkyl chain of porphyrins, the amount of CH; or CH radicals produced,
and the magnitude of the sonodynamic effect in HL-60 and HL-525 leukemia cells
(62). As the sonosensitizers must react with inertial cavitation, it has been suggested that
the “extracellular” localization of porphyrins is required for the production of the
sonodynamic effect. The necessity of extracellular localization of porphyrins for
sonodynamic effect has been confirmed by our previous experiments (63). By treating
malignant cells with 5-aminolevulinic acid (5-ALA), the intracellular concentration of
protoporphyrin IX (PPIX) can be increased. 5-ALA is a precursor for heme synthesis,
and, as tumor cells have lower capability for PPIX wash out, PPIX selectively
accumulates inside the tumor cells. We have observed in an in vitro setting that not
intracellular but extracellular PPIX can trigger sonodynamic effect. Overall, it seems
reasonable to consider that this model is one of the most convincing models to explain the
mechanism of sonodynamic effect by porphyrins. However, there is one crucial problem
in applying this model to explaining sonodynamic effect in vivo, which will be discussed
in the next section.

The Difference Between In Vitro and In Vivo Sonodynamic Effect

Although in vitro results for sonodynamic effect by porphyrins seem to be explainable by
the above mentioned model, when applying this model to in vivo results, a major problem
stands in our way. There are several concepts for the explanation for tumor accumulation
of porphyrins. However, one of the mostly accepted is that porphyrins are up taken by

Inertial cavitation

Figure 2 A model for
sonodynamic effect by por-
phyrins. The N-alkyl side
chain of the porphyrins will
be directly activated by
inertial cavitation. These
activated porphyrins are
much more stable than
other free radicals, enabling
them to destroy the cell
membrane for cell lysis.
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tumors and selectively accumulate inside the cells. Involvement of low-density
lipoprotein (LDL) receptors, B-glycoprotein, and hyaluronidase in their uptake by tumor
cells has been suggested (49,64-69). This “tumor seeking” feature has been used in
selective PDT (70) and the development of tumor-specific magnetic resonance (MR)
contrast agents (71). In the experiments reported by Sasaki et al. who exposed mice to
ultrasound 24 hours after the administration of porphyrins, most of the porphyrins should
have been taken up by the tumor mass at the time of ultrasound exposure (49,56). If we
should apply the model mentioned above to explain the sonodynamic effect reported in
vivo, the main porphyrins that were activated by ultrasound will be the “extracellular”
and not the “intracellular” porphyrins that accumulated in the tumor. It seems difficult to
explain this discrepancy. One interpretation would be that the enhanced cell killing of
ultrasound by porphyrin was achieved by the background concentration of porphyrins. If
this is the case, extreme caution should be paid to use this sonodynamic effect in the
clinical setting as there would be a possibility that the administered sonosensitizers are
lowering the threshold of the whole body for causing cell killing by ultrasound, losing its
tumor selectivity. As intracellular porphyrins can enhance thermal toxicity in some
conditions (63,72), the sonodynamic effect seen in vivo might be attributable to the
thermal effect caused by ultrasound.

The concept of sonodynamic therapy is very appealing. The capability of
ultrasound to penetrate deep into tissues, a potential that lights do not possess, brings
up a novel use of tumor-accumulating agents as porphyrins. The clinical application of
this technique, however, requires caution and a more complete understanding of the
underlying mechanism is necessary.

FUTURE DIRECTION IN ULTRASOUND-INDUCED DRUG DELIVERY

Ultrasound-induced drug delivery is thought to be one of the least invasive methods for
localized drug delivery to the target lesion. The principle of the concept of ultrasound-
induced drug delivery has been well demonstrated in the past studies. The current key
question is whether or not the drug delivery efficiency is enough for real therapy of the
lesion. For example, when we look into the reported efficiency of sonoporation, it is clear
that the current technology is still not enough for clinical application and that ultrasound
is not as efficient as other methods such as virus-mediated gene therapy. The direction of
research to improve the overall outcome of ultrasound-induced drug delivery will stay
unclear unless more detailed studies on the key factors that affect sonoporation or
sonodynamic effect is completed.
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INTRODUCTION

The blood-brain barrier (BBB) is a specialized structure of the blood vessel wall that
limits transport and diffusion from the vasculature to the central nervous system and is a
major limitation for the delivery of many therapeutic and imaging agents into the central
nervous system (1-3). It consists of a functional and structural barrier at the level of the
basal lamina and intercellular attachments of the endothelial cells known as “tight
junctions.” The factors that limit passage through the barrier are lipid solubility,
molecular size, and charge. The BBB prevents passage of ionized water-soluble
molecules with molecular weight greater than 180Da (2). These limitations exclude
many of the available therapeutic and diagnostic agents from being used in the brain.

Major efforts have thus been undertaken to develop pharmaceuticals that
circumvent the barrier, such as designing more lipid-soluble drugs, designing water-
soluble drugs with high affinities for natural carriers at the BBB, or using vectors such as
amino acids and peptide carriers (3—5). Others have diffusely and reversibly disrupted the
BBB by introducing a catheter into an arterial branch within the brain and applying an
infusion of hyperosmotic solution or other substances (6). The only current method to
deliver agents to selected regions of the brain is to directly inject agents (7) or use
implanted delivery systems (8). A method to noninvasively and reversibly disrupt the
BBB at targeted locations would have a major impact on clinical neuroscience. Indeed,
the National Institutes of Health’s Brain Tumor Progress Review Group recently
recognized the need for such targeted drug delivery (9).

Ultrasound exposure (sonication) has been studied as a method for producing
effects in the brain since the 1940s (10-14). Using focused ultrasound, it is possible to
produce locally several different effects deep in soft tissue without damage to the
surrounding tissue through heating or direct mechanical action. Numerous studies have
shown that ultrasound can enhance the delivery of drugs or other agents to skin, soft
tissue, tumors, or to cells in culture (15-24). While the exact mechanism for this
enhanced delivery is unclear and likely differs among the different applications, it is
thought to be related in many cases to the generation of microbubbles and their
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interaction with the ultrasound field, a phenomenon known as cavitation. Motivated by
our work in developing ultrasound phased array systems for focal trans-skull ultrasound
delivery (25-29), our group has been interested in using ultrasound via different
mechanisms to temporarily disrupt the BBB. In this chapter, ultrasound-induced BBB
disruption (BBBD) will be reviewed.

BBBD VIA ULTRASOUND ALONE

Several studies have shown that ultrasound-induced effects can result in localized BBBD,
either accompanied with tissue necrosis or, in some cases, without any evident tissue
damage at all. In the 1950s, Bakay et al. investigated BBBD associated with lesions
produced in the cat brain using Trypan blue and radioactive tracers (30,31). They found
that while nonsonicated portions of the brain were not stained with Trypan blue, in large
lesions, the area surrounding the lesion was intensely stained, and small, uniformly
stained areas could be produced in lesions (with nerve damage) targeted between gray
and white matter. Ballantine et al. found that BBBD could be produced on hemorrhagic
areas in the cat brain with negligible parenchymal damage using unfocused ultrasound
(12). These results led them to conclude that it may be possible to select ultrasound
parameters that allow for BBBD without producing discrete lesions. Patrick et al. noted
that the BBB is disrupted peripherally in ultrasound-induced lesions in the brain and
suggested that this disruption could enhance ultrasound surgery through combination
with a therapeutic agent (32). Since the disruption was found at the periphery of the lesion
where the temperature was comparatively low, they also suggested that it might be
possible to induce the disruption without damage. Disruption without damage was noted
later by Vykhodtseva et al., who, in a study of ultrasound-induced bioeffects in rabbit
brain produced by short, high-intensity pulses, noted that sometimes BBBD was found at
the targeted location without damage to the brain tissue (as detected by the histology
staining) beyond the disruption of the BBB (14,33). However, the parameters that
produced such disruption sometimes produced neuronal damage, limiting the usefulness
of the approach.

More recently, Mesiwala et al. reported a similar finding in rat brain (34). In that
work, they too found that they could sometimes produce BBBD alone without damage.
Their goal was to provide a method to produce the disruption intraoperatively after
surgical resection of brain tumors. They targeted the surface of the brain and suggested
that the bubbles in the ultrasound gel that was used for coupling dispersed the beam and
aided the procedure. They also examined the brain under electron microscopy, finding
that the ultrasound resulted in opening of the tight junctions. However, no evidence was
presented that the tight junction widening was responsible for the BBBD. In the case of
intraoperative exposure for tumor therapy, it may be acceptable to produce limited
damage to the sonicated area, since in that area the brain may already have suffered

injury.

BBBD VIA HEAT

The finding that BBBD surrounds of ultrasound-induced lesions (32) as well as findings
from hyperthermia studies (35) have led some to suggest that it may be possible to
selectively disrupt the BBB with heat without otherwise producing damage
(36,37). However, to our knowledge, this has not been demonstrated in vivo.
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We have investigated whether ultrasound-induced heating could selectively
produce BBBD (38) using the ability of magnetic resonance imaging (MRI) to quantify
and map temperature changes (39). In that work, multiple locations were sonicated in
rabbit brain while the temperature rise was monitored with MRI. At each location, the
acoustic power level was tailored over several sonications to produce a thermal dose
(40) near the threshold for damage. BBBD was detected using an MRI contrast agent. We
found that while BBBD could be produced in some cases without other changes visible in
MRI, histological examination found necrosis in the sonicated region. In our experiments,
each sonication was 30 seconds in duration, and the threshold for damage was
approximately 48°C (38).

Others are investigating whether longer (20 minutes), lower temperature (~41°C)
exposures can result in selective BBBD without damage to the brain. Ng et al. have
shown using in vitro models of the BBB that such hyperthermia increases permeability of
brain microvessel endothelial cells (36,37). While in vivo results are not yet available for
this method, if proven successful, it could provide a means for targeted BBBD via
ultrasound.

BBBD VIA ULTRASOUND COMBINED WITH AN
ULTRASOUND CONTRAST AGENT

Unfortunately, in all of the studies using ultrasound alone, sonication parameters were not
found that could repeatedly and reliably produce BBBD without sometimes producing
lesions or necrosis, limiting the usefulness of the method. Because of these findings, we
have been investigating the use of ultrasound contrast agents to induce the BBBD. The
use of these agents, which consist of preformed microbubbles, limits the interaction of the
ultrasound to the endothelial cells, thus reducing the chance of damage to other brain
structures. Finally, if the disruption is related to an interaction between the ultrasound
field and microbubbles, the acoustic energy needed to produce this interaction is greatly
reduced, since there is no need to use the high acoustic intensities necessary to generate
the bubbles that will require high intensities in brain (14). This last point also could make
the procedure more practical for application through the intact skull, since the cost of the
system and risks of overheating the skull would be greatly reduced.

In our initial work, we tested sonications at 1.63 MHz combined with the ultrasound
contrast agent Optison (GE Healthcare, Milwaukee, Wisconsin, U.S.A.) (41). We found
that 100 msec pulses delivered at a repetition frequency of 1Hz for 20 seconds could
repeatedly produce focal BBBD in rabbit brain without neuronal damage for pressure
amplitudes of 0.7 and 1 MPa. Lowering the pulse length from 100 to 10 msec produced
similar results. The time average power values used are approximately two orders of
magnitude lower than needed to produce thermal brain damage under similar
experimental conditions (42). The BBB appeared to be open after approximately two
hours for the 1 MPa exposure, and was found to be closed 48 hours after the experiments.
Histologically, the effects to the brain appeared to be mostly related to the extravasation
of red blood cells in small, isolated regions scattered about the sonicated area.

To investigate the long-term effects of these sonications, a follow-up study was
performed using the parameters found earlier that did not produce neuronal damage
(43). In that work, more locations were targeted, and effects were examined at one month
and 72 hours after sonication. Sections from these experiments and from our initial study
were stained to detect ischemia and apoptosis, effects one might expect if severe damage
to the blood vessels occurred. We did not observe ischemic or apoptotic regions in the
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brain, indicating that the effects to the brain were minimal—certainly less than what one
would expect from invasive interventions to deliver drugs.

The frequency tested in our initial studies—1.63 MHz—is not optimal for
transcranial ultrasound application due to the distorting effects of the skull bone on the
ultrasound beam. Thus, in our next studies, we investigated whether the procedure could
be performed using the lower frequencies. First, we tested a frequency of 690 kHz, which
is being employed in a system designed for thermal ablation (54). Next, we tested the
procedure at 260 kHz (44), a frequency at which the ultrasound can be applied through
the skull without having to correct for focal distortion (25,45). At both frequencies, we
found that we could produce the BBBD reliably and again found no ischemic, apoptosis,
or other long-term damages in light microscopy. We also demonstrated that the opening
could be achieved through the intact rabbit skull. Also of note was the fact that the
number of regions with extravasated erythrocytes was largely reduced at the lower
frequencies—with disruption at 260kHz possible with no extravasations at all. In
Figure 1, examples of the focal BBBD in rabbit brain at the three frequencies we have
tested to date are shown.

The mechanisms by which focused ultrasound causes BBBD are currently
unknown. When microbubbles interact with an ultrasound beam, a range of biological
effects have been observed (46). Depending on their size, the bubbles can oscillate within
the ultrasound field, growing in size via rectified diffusion. At high enough acoustic
pressures, they can collapse during the positive pressure cycle, a phenomenon known as
inertial cavitation, producing shock waves and high-velocity jets (47), free radicals
(48), and high local temperatures (49,50). In addition, the medium surrounding the
bubbles undergoes acoustic streaming (51), which may be associated with large shear
stresses. Further, a radiation force on the bubbles is produced along the direction of the
ultrasound beam (47). The preformed microbubbles used in ultrasound contrast agents
presumably can exhibit these behaviors, either with their shells intact or after being
broken apart by the ultrasound beam and their gas contents released. Each of these effects
could potentially affect the blood vessels or the blood flow within the microvasculature
and be the source of the BBBD. Inertial cavitation, if it exists when the BBBD occurs,
would likely be the most significant effect produced by the sonications due to the large
energy concentrations in the region of the collapsing bubbles.

We have performed experiments examining the acoustic emission produced over a
range of acoustic intensities at 260 kHz (52), and we found that we could produce the
disruption without detecting wideband emission, which has been used as a signature for
inertial cavitation in vivo (13). This finding, along with the lack of extravasation at these
exposure parameters, indicates that inertial cavitation is not necessary for the BBBD, at
least at low power levels and at this frequency, and that some other interaction between
the ultrasound beam and the contrast agent bubbles is responsible.

When the brain samples have been examined under electron microscopys, it is also
not apparent how inertial cavitation is responsible for the disruption. The effect appears to
be largely an active transport mechanism (transcellular passage via caveolae and
cytoplasmic vacuolar structures), in addition to some paracellular passage via widened
tight junctions (44,53,54). It is not clear how inertial cavitation could induce such
transcellular transport. In Figure 2, examples of the electron microscopy findings are
shown.

One possible mechanism for the disruption was observed in experiments in mice,
where a cranial window was attached to the dorsal surface of the skull and various
fluorescent tracers were imaged in the vasculature using multiphoton microscopy (55). In
those experiments, during the ultrasound pulses, the vasoconstriction was observed
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Figure 1 (A-C) Contrast-enhanced T1-weighted MR images showing selective disruption of the
BBB at 1.63, 0.69, and 0.26 MHz. The images were acquired perpendicular to the direction of the
ultrasound beam. The indicated enhancing spots (arrows) show where the MRI contrast agent
(Magnevist®) passes through the ultrasound-induced BBB disruption. As the frequency decreases,
the diameter of the focal spot increases. The lower frequencies were investigated to facilitate
sonication through the skull bone. (D) Plot showing contrast enhancement as a function of time for
the spot sonicated at 260 kHz and for a control location. Abbreviations: BBB, blood-brain barrier;
MR, magnetic resonance; MRI, magnetic resonance imaging.

followed shortly after by leakage of the tracer. Such vasoconstriction was observed
earlier in high-intensity pulses in rabbit femoral artery (56). These results suggest that the
vasoconstriction is related to the BBBD. Perhaps this constriction results in temporary
ischemia, which can cause BBBD.

A range of particle sizes have been shown to cross the BBB in the focal zone after
sonication. In our studies of this technique, we have shown that MRI contrast agents
[(molecular weight: 938 (Magnevist®, Berlex Laboratories Inc., Wayne, New Jersey,
U.S.A)) and 10,000 (monocrystalline iron oxide nanoparticles)] (44,57), Trypan blue
(molecular weight: 961, larger when bound to albumin) (54), horseradish peroxidase
(molecular weight: 40,000) (54), and antibodies (molecular weight 150,000) (58) can pass
through the BBB in targeted locations. Immunohistochemistry demonstrating successful
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Figure 2 Vessel and perivascular neuropil 19 minutes after sonication at 690 kHz in the presence
of HRP. (A) Numerous caveolae containing peroxidase (arrowheads) have moved to abluminal
front of the endothelial cell and into the pericyte. The tracer has infiltrated the basement membrane
and the interstitium of the neuropil (arrows). (B) Passage of HRP through interendothelial clefts
with evidently opened tight junctions is shown with arrows. Peroxidase has reached the middle and
abluminal part of the cleft and has penetrated the basement membrane. Staining for HRP also is
seen outside the vessel’s wall in the neuropil (asterisks). (C) Another microvessel profile in a
specimen taken from location sonicated at 260 kHz (60 minutes after ultrasound exposure). HRP is
seen in endothelial cell vacuoles again, but also outside the endothelium, in the basement
membrane, which looks heavily infiltrated with HRP, and everywhere in the interstitial spaces of
neuropil (the dark zones, some of which are pointed to with arrows). Abbreviations: b, basement
membrane; HRP, horseradish peroxidase; P, pericyte; EC, endothelial cell; N, cytoplasm of an
adjacent neuron; ax, cross and longitudinal sections of myelinated axons; L, lumen; E, red blood
cell in the lumen; NP, neuropil.

delivery of antibodies in the mouse brain is shown in Figure 3. We also have evidence
that clinically relevant concentrations of liposomal doxorubicin (Doxil, Ben Venue
Laboratories, Bedford, Ohio, U.S.A.) can be delivered to the normal rat brain (59), and
have demonstrated that the antibody-based agent Herceptin (trastuzumab; Genentech) can
be delivered in mice (60). This agent is effective in treating breast cancer for a certain
population of patients, and the ability to deliver it to the brain via BBBD could allow for
more effective treatments for breast cancer metastases.

FUTURE WORK

This technique shows great promise, and if proven successful, could offer the possibility
of delivering agents that are currently limited by the BBB. Furthermore, the delivery can
be targeted to the desired region in the brain, perhaps avoiding dose-limiting side effects.
Our research to date has been successful, but significant work remains before this method
can be applied clinically.
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Figure 3 Delivery of intravenously administered dopamine D4 receptor-targeting antibody to the
mouse brain using focused ultrasound exposure at 0.69 MHz. (A) After removing the brain, the
location of the BBB disruption was visualized using Trypan blue. (B) Immunohistochemistry
showing corresponding delivery of antibodies. (C and D) Positive signals from the anti-dopamine
D4 receptor antibody can be detected at the entire hippocampus, but are weakly stained or absent in
control locations. Abbreviation: BBB, blood-brain barrier.

Future work needs to be performed to optimize the BBBD, demonstrate that
therapeutics delivered across the barrier are effective in a disease model, and to develop a
clinical system. Tests should also be performed to determine whether repeated opening of
the barrier is safe, as would likely be necessary in many applications, and to look for
subtle damage to the brain, including functional changes. Methods to monitor the
procedure online, such as the use of contrast agents or monitoring of acoustic emission
signatures (52), would also be desirable in making this technique practical.
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INTRODUCTION

Genetically modified stem and progenitor cells have been shown to be potentially useful
tools for cell therapy. They can be modified to express a transgene of interest and they
offer the possibility of transgene expression at the site where the stem cells are grafted.
This has been achieved either by direct administration in tissues or after systemic
injection of the modified stem cells. More importantly, because of their ability to
differentiate into various cell lineages, they offer the additional potential of repairing and
regenerating tissues in response to disease or injury. Mesenchymal stem cells (MSCs)
represent some of the most promising stem cells. They are easily available from the bone
marrow, need relatively simple requirements for in vitro expansion, self-renew at high
proliferation rate, and can be easily transduced with stable long-term gene transfer
expression, properties that make them easier to use than hematopoietic stem cells.
Genetically, MSCs can repair damaged tissues (1-3). They also have per se potential
therapeutic effects as was shown for the degradation of the extracellular matrix in
experimental models of fibrosis (4,5) or the facilitation of the grafting of transplanted
bone marrow progenitor cells by providing a competent stroma (6). They have a well-
established ability to differentiate into the mesoderm lineage, which makes them
potentially useful in strategies aiming at targeting the kidney mesangium for instance.

Systemic injection of MSCs results in a wide distribution of the grafted MSCs that
can be found in most organs (7). Local injection either directly in the organ or via
vascular injection is a potential interesting means to increase the number of grafted MSCs
(8). However, even when grafted locally, there is a low but detectable distribution of the
grafted MSCs outside the targeted organ. Therefore, in experiments aiming at expressing
an MSC-borne transgene specifically to the desired organ, it is necessary to have a means
to turn-on the expression of the transgene at the chosen location. Heat-shock promoters
(HSPs) have proven to be good candidates as inducible promoters allowing a noninvasive
spatial and temporal control of gene expression when combined with the recent
development of noninvasive controlled heating of tissues, for instance by focused
ultrasound (FUS) (9,10). In this report, we show the feasibility to activate an HSP-driven
transgene that has been delivered in the kidney by genetically modified MSCs, using
magnetic resonance imaging (MRI)-controlled FUS hyperthermia.

MATERIALS AND METHODS
Cell Cultures

MSCs were obtained from the bone marrow of a syngeneic rat strain, Lewis 1A (RT1a)
(Elevage Janvier, Le Genest St Isle, France), and were phenotypically and functionally
characterized as described (8).
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DNA Constructs and MSC Line Generation

Plasmid HSP-Luc expressing the luciferase gene under the control of a minimal HSP-70
promoter was a gift from Roy Smith (Boston University) (10). Plasmid pcDNA3.1 was
from inVitrogen (CliniSciences, Montrouge, France). The MSC cell line expressing the
luciferase gene under HSP-control (HSP-luc MSC) was cloned following cotransfection
of MSCs with both plasmids using a commercial reagent (Effectene, Qiagen,
Courtaboeuf, France). The phenotype and the differentiation properties of the HSP-luc
MSC were assayed as described for unmodified MSCs (8). For in vitro studies of the heat
induction of the luciferase reporter gene, cells were added with medium prewarmed at the
induction temperature and placed on water bath prewarmed at the induction temperature.
The duration of the heat shock was 20 minutes. At the end of the heating time, cells were
added with fresh 37°C medium and placed back in incubator at 37°C and the expression
of luciferase was measured at various time intervals.

MRI-CONTROLLED FUS HYPERTHERMIA

The experimental set up is illustrated in Figure 1A. Rats were installed in a plastic tube to
reduce the amplitude of the kidney motion during the respiratory cycle. A circular
window in front of the left flank allowed the ultrasound beam to reach the kidney,
through a circular, 47 mm diameter, receiver-only surface coil. The MRI-controlled FUS
system was set up as described (11). Briefly, during the heating procedure, magnetic
resonance (MR) temperature mapping is used for feedback control of the deposited
thermal energy. MR temperature mapping is based on the temperature dependence of
the proton resonance frequency (PRF). Respiratory-gated, fat-suppressed, gradient-echo
echo planar imaging (GE-EPI) sequences were used for fast PRF-based MR thermometry.
One coronal slice [square 96 mm field of view (FOV), acquisition matrix 128 x 96, voxel
size 0.75 x 0.75 x 5mm] was acquired at each respiratory cycle. The actual power
applied to the transducer was automatically calculated and updated each time a new MR
temperature map was available (Fig. 1B), according to the target temperature curve and
based on the method described by Salomir et al. (12).

The heating curve consisted of two parts, as illustrated in Figure 1C. First, the
temperature increased during two minutes from the physiological baseline (which was
continuously monitored with an MR-compatible, endorectal thermocouple) to the
targeted value. Second, a steady-state regimen at the focus point was maintained for five
minutes. Standard deviation of the measured temperature in steady-state regimen ranged
between 1.5°C and 2°C. Recorded fluctuations corresponded to experimental background
whereas the mean value fitted the target temperature better than 1°C accuracy.

Animal Experiments and Experimental Protocol

The animal experiments reported in this study were performed in accordance with the
local regulations for animal research. For all manipulations, rats were anesthetized with
an intraperitoneal injection of 0.5 ml per 100 g bodyweight of 8% (w/w) chloral hydrate
(Sigma, Saint Quentin Fallaviers, France). For MSC grafting in the kidney, four healthy
300 g Lewis RT 1A rats were injected in the left renal artery. The artery was accessed
through a 2 cm lateral incision in the abdominal wall, and exposing the renal vascular
pedicle by lifting the kidney out of the retroperitoneal cavity. Cells were injected using
a 30-G needle under a magnifying binocular.
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Figure 1 (See color insert.) Noninvasive local hyperthermia with MRI-controlled focused
ultrasound in the kidney. (A) Schematic representation of the experimental setup (transversal
section): (1) magnet, (2) focused ultrasound transducer showing the ultrasound beam and the focus
spot, (3) MR receiver coil, (4) plastic tube, (5) rat, (6) kidney. (B) Example of MR temperature map
(color levels: blue 39°C, green 42°C, and red 45°C). Field of view is 48 mm. Arrow indicates the
kidney. (C) Example of temperature time course. A steady-state regime at the target temperature
(T=45°C) is maintained during five minutes. Abbreviations: MR, magnetic resonance; MRI,
magnetic resonance imaging.

Luciferase Assay

Assay for luciferase was performed using a commercial kit following the manufacturer’s
recommendations (Promega, Charbonniéres, France) on cells or tissue fragments that had
been sonicated to homogeneity in the lysis buffer provided with the kit.

Histological Analysis

To assess MSC localization and luciferase expression, frozen serial microsections were
performed. The expression of a-smooth muscle actin (SMA), an actin isoform expressed
in vascular smooth muscle cells and which is expressed by MSCs, was assessed with a
monoclonal antibody (clone 1A4, Sigma) and the antimouse horseradish peroxidase
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Envision™* system (Dakocytomation, Trappes, France), and the expression of luciferase
was assessed with an antiluciferase peroxidase-conjugated polyclonal antibody (Abcam,
Cambridge, U.K.). SMA expression was revealed with liquid diaminobenzidine (brown
color) and luciferase expression with AEC (3 amino-9-ethylcarbazole) chromogen kit
(Sigma) (red color).

RESULTS

By transfecting rat MSCs with two plasmids, one expressing the neomycin resistance
gene and the other expressing the reporter gene luciferase downstream of an HSP-
promoter, several HSP-luc MSC cell lines were obtained. These retained their MSC
phenotype and their property to differentiate toward the adipocyte or osteogenic lineages
(data not shown). We first examined the in vitro kinetics and temperature dependence of
the expression of the luciferase transgene by HSP-luc MSC. Three cell lines were tested
with similar results. The in vitro optimal temperature for the induction of the luciferase
gene was found to be 45°C (Fig. 2A) for the given duration of the heat shock. This
temperature falls within the reported optimal range of temperature for in vitro induction
of HSP minimal promoter (13-15). Kinetic studies of luciferase expression at 45°C
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Figure 2 Induction of the expression of /uciferase in HSP-luc MSC, in vitro study. (A) The HSP-
luc MSC line was heated at different temperatures and the expression of luciferase quantified.
Average of three experiments using three different cell lines. (B) The HSP-luc MSC line was heated
at 45°C for different times and the expression of luciferase quantified. Average of two experiments
using two different cell lines. Abbreviations: HSP, heat-shock promoter; MSC, mesenchymal stem
cells.
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showed a peak of expression 12 hours after heating (Fig. 2B). The expression of
luciferase declined thereafter again in accordance with published data (10) with a return
to background expression by 48 to 72 hours for the HSP-driven expression of marker
proteins (10). Following these in vitro studies, a target temperature of 45°C and heat-
shock duration of five minutes were chosen for the in vivo experiments. The left kidney
of the rats was injected via one of the renal artery branches. In a volume of 300 pL. of
phosphate buffered saline, 300,000 cells were injected. Selective injection in one of the
main branches of the renal artery was obtained and the corresponding injected territory
could easily be visualized by the temporary bleaching upon injection. Either the upper or
the lower pole of the kidney was injected following this approach. After surgical suture,
the animals were then immediately subjected to MRI-controlled FUS hyperthermia. The
injected pole was heated as described in the section entitled Methods. The heated area
corresponded to an ellipsoid-shaped region of approximately 4 x4 x 6 mm, with a
temperature gradient at the border of the heated region ranging from 2 to 4°C/mm.
Animals (four animals) were then sacrificed 8 to 12 hours after the heating procedure.
The kidney was removed and samples cut out within the heated area and control areas
including injected-nonheated and noninjected-nonheated territories. Results showed
expression of the luciferase in the kidney parenchyma that had been grafted and heated
(Fig. 3A). Only background luciferase activity was observed in the noninjected territories
(not shown). Histological analysis showed the presence of the grafted MSCs expressing
SMA and luciferase in the heated area (Fig. 3B).

DISCUSSION

These results demonstrate for the first time the feasibility of the in vivo induction of a
transgene that has been delivered in the kidney by modified MSCs and by noninvasive
(MRI)-controlled FUS hyperthermia. Spatially and temporally controlled gene expression
to a precise anatomic location is a general aim of gene therapy. Control of gene
expression based on image-guided local heating has the potential to answer these
questions as well as offer the advantage of being noninvasive (9). Recent reports
demonstrated the feasibility of using ultrasonic heating to control transgene expression
via HSP-induction (10,16,17). As MSCs are being increasingly used as cell therapy
vectors, we try to answer the question whether it was feasible to induce a MSC-delivered
transgene by image-guided local heating. Our study shows the feasibility of such an
approach and allows to highlight the limitations that exist in this approach to date. The
HSP-70 promoter is not uniquely temperature-driven. It is activated in cells exposed to
environmental stress in general. Therefore, procedures used in cell culture and collection
of MSCs could lead to activation of the HSP-70 promoter. Indeed, nonheated areas where
MSCs were detected showed expression of luciferase presumably due to stress unrelated
to the heat shock. This background level of expression was however less than the
expression found in the heated regions and indicated specific heat-induced additional
expression.

As we have shown previously (8), grafting of MSCs through the renal artery does
not lead to a homogeneous distribution of MSCs throughout the renal cortex, presumably
due to the anatomical variability of the renal arterial system. The MSCs were found to be
located within the vessels of the interstitium and the glomerulus as previously reported
(8). However this localization was assessed by histological analysis and may be
heterogeneous. As a consequence, the number of MSCs in a given part of the kidney
could not be quantified in this study. It has been shown that labeling stem cells with iron
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Figure 3 External beam of focused ultrasound induces luciferase activity in kidney at sites of
HSP-luc MSC grafting. Ultrasound treatment was performed after grafting. (A) Luciferase activity
as measured on tissue lysates from kidney, for four different rats; each measure is represented
(1) injected/nonheated area; (2) injected/heated area. Results are expressed as arbitrary units. (B)
Luciferase activity as detected on frozen tissue sections. (1 and 2) Control kidney sections that
received MSCs but were not heated. (1) SMA-positive MSCs are seen in glomeruli showing grafted
MSCs (plain arrows), and basal SMA staining is visualized in recipient vascular smooth muscle
cells (dashed arrows), but there is no detectable luciferase in serial section stained with
antiluciferase antibody (2). (3 and 4) Kidney sections that received MSCs and were heated show
SMA -positive MSCs in glomeruli (3, plain arrow) and SMA expression in vascular smooth muscle
cells (3, dashed arrow), but only MSCs in glomeruli are positive for luciferase (4, plain arrow).
Magnification is identical in 1, 2, 3, and 4. Abbreviations: HSP, heat shock promoter; MSC,
mesenchymal stem cells; SMA, a-smooth muscle actin.
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particles may allow such quantification (8). However, temperature mapping with the PRF
method in the presence of a high concentration of iron particles has not been firmly tested
and was not used in this preliminary study.

The spatial definition of the heated area was obtained in a restricted 50 mm® area.
Large volume heating techniques (11,18,19) have been described with mechanical
displacement of the focused ultrasound transducer. However, they necessitate correction
for temperature errors due to the magnetic field perturbation, which may be difficult to
implement when dealing with the kidney. Ideally, covering of a larger volume should be
done with electronic steering of the acoustic beam [phased-array technology (20)]. There
are difficulties specific to the kidney, such as the quality of the temperature control that is
easy to reach in the renal medullary due to the high blood flow and thus rapid heat
exchange but more difficult in the cortex.

Finally, the temperature of 45°C was chosen following the in vitro experiments, for
the single purpose of feasibility and is not a clinical applicable target, because of potential
deleterious effect, as could be demonstrated for instance by some images of cell necrosis
occurring within the heated area. Experiments are in progress with lower target
temperatures.

In conclusion, our study demonstrates the feasibility to induce by a noninvasive
heating method the expression of a transgene delivered in the kidney via genetically
modified MSCs. MSCs are increasingly being used to direct the expression of a transgene
in tissues. However the distribution of the grafted cells outside the target organ even after
local injection is a concern and makes necessary the spatial and temporal monitoring of
transgene expression. Study herein shows the potential interest of MRI-controlled FUS
for that purpose.
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Ultrasound-Induced Apoptosis
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APOPTOSIS AS A TARGET FOR SUCCESSFUL TUMOR TREATMENT

Lethal cell injury (cell death) has two main morphological expressions: necrosis and
apoptosis. Necrosis is the succession of histological changes that occur when a cell has
sustained irreversible damage. The main feature of necrotic change is the progressive
deterioration of the functions of the cell cytoplasm. The cytoplasm contains the
organelles, which are responsible for the metabolic, synthetic, energy-requiring, and
energy-generating functions of the cell. Necrosis is always an accidental cell death that
results from a severe irreversible cell injury, and it elicits a strong inflammation response.
In contrast, apoptosis is a natural way for cell to die—an active, physiological process—
by which an organism eliminates superfluous, damaged, mutated, or aged cells (1). It is
one of the mechanisms of so-called “programmed cell death,” in which a genetic program
is activated that results in the death of an individual cell.

The main feature of apoptosis is the self-destruction of the cell nucleus, which
contains the cell’s genome. Apoptosis occurs through a well-organized sequence of
events, whereby individual cells die without injuring neighboring cells and provoking no
inflammation reaction (2-6). Cells destined to undergo apoptosis are earmarked via
specific alterations in the cell surface phospholipid assembly that serve as signals for
phagocytic cells to ingest the debris (7) as opposed to accidental death or necrosis, which
produces a strong inflammatory response (8).

Enormous interest in cell death in the past several years has moved apoptosis to the
forefront of scientific research. Apoptosis has been widely studied for many reasons. It is
a mechanism by which tissue growth is regulated, balancing the effect of continued cell
proliferation. It also plays a role in many pathological processes, including cancer and
acquired immunodeficiency syndrome and is also implicated in neurodegenerative
diseases. For the last two decades, a number of laboratories have studied apoptosis
involved in cell death in cerebral ischemia (9—14). Apoptosis also occurs in cells
subjected to cytotoxic drugs and ionizing radiation (15-20). It is widely accepted that
hyperthermia at doses that fall within the therapeutic range triggers cell death by
apoptosis (21-27), while severe hyperthermia produces necrosis (28,29).

Apoptosis can be differentiated from necrosis by means of morphological,
biochemical, and molecular parameters. As observed by electron microscopy, the cells
undergoing apoptotic cell death manifest morphologically distinct non-necrotic cellular
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destruction: cell shrinkage, chromatin margination, membrane blebbing, nuclear
condensation, and then segmentation and division into apoptotic bodies (30). During
apoptosis, DNA is cut by endonucleases at DNA-linked sites between nucleosomes,
producing a number of multimers of nucleosomal DNA units in cell nuclei (31,32). DNA
fragmentation in apoptotic cells is followed by cell death and removal from the tissue,
usually within several hours (33).

Cancer is a disease characterized by an imbalance between cell division and cell
death (34). Apoptosis is the best-defined cell death program counteracting tumor growth.
It is characterized by the activation of a specific family of cysteine proteases, the
caspases, followed by a series of caspase-mediated morphological changes such as the
shrinkage of the cell, the condensation of the chromatin, and the disintegration of the cell
into small fragments that can be engulfed by nearby cells without inciting inflammation
(2,4-6). There is an overwhelming body of evidence suggesting the ability of tumor cells
to avoid apoptosis is a major molecular force driving the progression of cancers
(35). Apoptotic evasion represents one of the true hallmarks of cancer and appears to be a
vital component in the immunogenic, chemotherapeutic, and radiotherapeutic resistance
that characterizes the most aggressive of human cancers (34). In response to
chemotherapeutic agents (e.g., DNA-damaging drugs), apoptotic-prone malignancies
undergo apoptosis; however, patients develop progressive disease despite treatment
because of defects in apoptotic pathway (36). Acquired defects in signaling pathways
leading to programmed cell death or apoptosis are among the major characteristics of
cancer (37). Thus, apoptosis is a goal of cancer therapy (38,39) that coincides with
successful human malignancy treatment.

APOPTOSIS AND MOLECULAR TARGETS
Two Major Pathways for Apoptosis

Apoptotic signal pathways can be categorized into mainly two systems: one that involves
the micro-organelle mitochondria and the other, the mitochondria-independent pathway
(40,41). In a mitochondrial-independent apoptotic pathway, command and control centers
for apoptosis can be sprung into action by signals transmitted through the cell surface
receptors. In a mitochondrial-independent apoptotic pathway, death stimuli, such as the
binding of Fas-L and tumor necrosis factor-o. (TNF-a) to their target receptor (death
receptors), will directly activate the downstream enzymes (caspases) for apoptotic
induction (41). On the other hand, in a mitochondrial-dependent pathway, the
intracellular signaling caused from the death stimuli will first be delivered to and
concentrated at the mitochondria. Subsequently the mitochondria will “decide” whether
the cell should live or die, and cytotoxic substances will be released from the
mitochondria, triggering downstream caspase activation for apoptotic induction
(40,42). In some type of cells (type II cells), mitochondrial-dependent apoptotic signal
pathway is required for death signals caused by death receptors (43).

The Mitochondrial-Dependent Apoptotic Pathway

In the mitochondria-dependent apoptosis signal transduction, the signal transduction
system can be separated into three stages. First, various intracellular molecules depending
on the type of stimulus will be activated (step 1). Biological stress to any of the
intracellular component, such as nuclear DNA damage, induction of defects in membrane
permeability, disturbance of calcium homeostasis, endoplasmic reticulum (ER) stress,
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and so on can initiate the apoptotic signal cascade (44,45). After the signals are delivered
to the mitochondria, a series of events will be triggered at the mitochondria, such as loss
of the mitochondrial membrane potential (Aym), and molecules necessary for
downstream enzymatic activation will be released from the mitochondrial intermembrane
space (step 2) (5,40,42). Finally, the released molecules will activate the downstream
enzymes, e.g., caspases to complete the whole apoptotic signal transduction system
(step 3) (46).

Among many factors, Bcl-2 family proteins are the key regulators of the
mitochondrial-dependent apoptotic pathway. The bcl-2 gene was first discovered as an
oncogene for B cell lymphoma and constitutes a familial protein member. Four domains
(BH1~4) have been identified as common domains that the Bcl-2 family proteins share
(42). Bcl-2 family proteins can be categorized into two major groups depending on their
functions: the antiapoptotic and proapoptotic groups. The antiapoptotic Bcl-2 proteins
include Bcl-2 and Bcl-xL, which possess a strong antiapoptotic activity and share all of
the four domains. On the other hand, the proapoptotic Bcl-2 family can be categorized
into two groups according to their structures: the BH3-only group and the multidomain
group. The BH3-only proteins, such as Bad, Bid, and Bmf, share only the BH3 domain,
while the multidomain group, such as Bax and Bak, share from BHI to BH3 domains. It
has become clear that during the first step of apoptosis induction, BH3-only proteins,
which are normally inactivated at the cytosole, translocate to the mitochondria to either
activate multidomain Bcl-2 family proteins (Bax and Bak) or inactivate the antiapoptotic
Bcl-2 proteins (Bcl-2 and Bcel-xL) (5,42). It has been confirmed from various experiments
that multidomain Bcl-2 family proteins, such as Bax and Bak, undergo conformational
changes during activation and form multimers (47,48). Bax and Bak multimers can form
pores in artificial lipid membranes and are considered responsible for the release of
molecules such as cytochrome c¢ from the mitochondrial intermembrane space to the
cytosole (49). There are also evidences that activated Bax and Bak can release
cytochrome c through triggering a conformation change of the voltage-dependent anion
channel (50), a component of the permeability transition pore at the outer mitochondrial
membrane.

During the second phase, molecules that are being released from the mitochondrial
intermembrane space include cytochrome c, second mitochondria-derived activator of
caspase/direct inhibitor of apoptosis-binding protein with low isoelectric point (pI) (Smac/
DIABLO) and apoptosis-inducing factor (AIF). Cytochrome ¢, which is a component of the
electron transportation system for energy production [adenosine triphosphate (ATP)
production] at the mitochondria, was the first mitochondrial protein shown to be released
from mitochondria during apoptotic conditions (51). Release of cytochrome c into the
cytosole sparks a caspase activation cascade to complete the apoptotic signal transduction
system. Smac/DIABLO is another type of molecule that is released from the mitochondria
during apoptosis and can trigger caspase activation by inhibiting caspase inhibitors
(52). AIF, a 57kDa protein localized at the mitochondria, is known to posses DNA
degradation activity and is also again released to the cytosole during apoptosis stimulation
(53). In the end of the second phase, with the activated caspases downstream of
mitochondria, the mitochondria lose its Aym, leading to its irreversible functional loss.

In the final stage, cytochrome c released to the cytosole, combined with apoptotic
protease-activating factor-1 (54), activates caspase-9 composing a complex named
apoptosome, which subsequently activates downstream caspase-3, and -7, which are the
main executioners. Substrates of activated caspase-3 and -7 include a variety of targets
such as inhibitor of caspase-activated DNase (55,56), lamin, and actin, the destruction of
which is necessary for apoptotic cell death.
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METHODS FOR APOPTOSIS DETECTION
Terminal Deoxynucleotidyl Transferase Biotin-dUTP Nick End Labeling

Fragmentation of the genomic DNA is one of the hallmarks of apoptosis. Strand break
within the DNA occurs in apoptotic cell death by the activation of Ca/Mg-dependent
endonucleases. By using terminal deoxynucleotidyl transferase to transfer 2'-deoxyur-
idine-5'-triphosphate (dUTP) to these strand breaks of cleaved DNA, the terminal
deoxynucleotidyl transferase biotin-dUTP nick end labeling (TUNEL) method enables in
situ detection of apoptotic cells. This method can be used both in vitro and in vivo.
However, with the development of other apoptosis detection methods in vitro, now
TUNEL is mostly used for in vivo apoptosis detection (57).

DNA Fragmentation Assay

As fragmentation of the genomic DNA is a hallmark for apoptosis, methods for observing
or quantifying DNA fragmentation can be used for apoptosis detection especially in vitro.
Fragmented DNA can be observed by electrophoresis of the genomic DNA, which will
show a ladder formation. The amount of fragmented DNA can also be quantified by
labeling the genomic DNA with [3H]-thymidine ([3H]-dT) isotope or the nucleotide
analog 5-bromo-2'-deoxyuridine (58).

Annexin V/PI Staining Assay

Taking advantage of the fact that apoptotic cells externally expose phosphatidylserine (PS),
a molecule that is located inside the cell, and that necrotic but not apoptotic cells import
propidium iodide (PI), apoptotic and necrotic cells can be simultaneously quantified.
Annexin V, a protein that has a strong affinity with PS, is usually labeled with FITC
(Fluorescein, mistakenly abbreviated by its commonly used reactive isothiocyanate form, is
currently the most commonly used fluorescent dye.) or other kinds of fluorescence to make
PS exposure detectable. Cells that are simultaneously stained with fluorescent-conjugated
Annexin V and PI can be analyzed by fluorescent microscope or by flow cytometry (59).

Caspase Activity Assay

By directly measuring specific caspase activity, apoptosis can be detected and quantified.
As different caspases have different target substrates, not only the amount of apoptosis in
the sample, but also the activity of each specific caspase can be measured. Different kinds
of measurement methods such as measurement of the caspase activity in the whole
sample or the caspase activity in each single cell are available (60).

Measurement of the Aym

When the mitochondria are involved in apoptotic signal transduction, loss of Aym
accompanies the translocation of cytochrome c to the cytosole. By using fluorescent
markers that accumulate only at mitochondrial membrane with viable potential, the loss
of Aym can be measured using flow cytometric analysis (61).

ULTRASOUND-INDUCED APOPTOSIS—EXPERIMENTAL DATA

Recently, it has been reported that ultrasound (US) can induce apoptosis both in vitro
(62-69) and in vivo (70-74). In this section we will review and discuss the past
accomplishments in this issue.
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In Vitro Experimental Data

Most in vitro studies on US-induced apoptosis have been performed on leukemia and
malignant lymphoid cell lines with or without the presence of gas-based US contrast
agent in the culture medium. In these studies, US-induced apoptosis via mitochondria-
caspase-dependent pathway (63-66).

The observation of US-induced apoptosis in cells in vitro was first reported by
Ashush et al. (62). In their investigation, human leukemia cell lines, HL.-60, K562, U937,
and M1/2, were exposed to 750KHz focused US. Apoptosis was morphologically
confirmed by light and electron microscopic examination, and also evaluated
biochemically by TUNEL and Annexin V/PI staining. This investigation was significant
in that it has proven for the first time that US is capable to induce apoptotic cell death in
vitro. At the same time, however, the question of “How” US is inducing apoptosis in
these cells arose.

Mechanisms by which a cell commits suicide by apoptosis after mechanical stress
induced by US are poorly known. US might induce apoptosis either by the activation of
one type of molecular target or by multiple types of damage including those resulting
from increased levels of free radicals within the cell, DNA double-strand breaks (DNA
DSBs) produced by free radicals or shock waves, increased membrane permeability,
disturbance of calcium homeostasis, etc.

Experiments performed by several groups confirmed the drop of Aym (loss of
Aym) (63-66,68,69) and release of cytochrome c to the cytosole during apoptosis
induction by US (65). Concurrently with these findings, caspase-3, a protease, which is
usually activated downstream of mitochondria during apoptosis, was also found to be
activated during apoptosis induction by US (63—-66). Furthermore, downregulation of Bcl-
2 and upregulation of Bax have been observed (63). These experimental evidences lead to
the conclusion that the mitochondrial system is involved in the apoptosis signal
transduction triggered by US.

Similar to ionizing radiation, US has been shown to cause both single and double-
strand breaks in DNA (75-77). As DNA damage can trigger apoptosis, US-induced DNA
damage was one candidate for the key trigger for US-induced apoptosis. DNA damage
has been known to cause either cell cycle arrest or apoptosis through p53 activation.
Under normal conditions, p53 is a short-lived protein. However, the status of p53 is
drastically altered when cells are exposed to stress, including DNA damage
(78). Activated p53 can downregulate Bcl-2 (79) and also has been suggested to directly
activate Bax (80), both of which are favorable and necessary steps for apoptosis
induction. Abdollahi et al. have attempted to evaluate the importance of DNA damage in
US-induced apoptosis by investigating the role of p53. They showed that cells lacking
p53 are resistant to US-induced apoptosis, concluding that the genomic DNA could be a
possible target for US (67). Phosphorylation of histone H2AX, an indication for DNA
DSB, has also been observed after US treatment of cells (69). However, according to the
report from Ashush et al., although they observed DNA single-strand breaks after US
treatment comparable with that induced by 10 Gy y-irradiation, they found no evidence
suggesting that US-induced apoptosis is related to cell cycle checkpoints or p53 status of
the cell, as US-induced apoptosis in various cell lines regardless of p53 status (62). The
possible role of DNA damage in US-induced apoptosis has not been settled and more
research is required to answer this question.

US is known to possess the ability to produce free radicals through the occurrence
of inertial cavitation (formation, growth, and collapse of gas microbubbles in liquids)
(81). The violent collapse of the microbubbles can lead water homolysis and the creation
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of hydrogen atoms ('H) and hydroxyl radicals (OH) (82-84). These primary radicals can
recombine producing reactive oxygen species (ROS) such as superoxide and hydrogen
peroxide. ROS may be also generated in cells by oxidative metabolic reactions and as a
byproduct of mitochondrial respiration. These highly reactive species can interact with
and damage proteins, lipids, and carbohydrates. Cells are able to defend themselves
against ROS damage through the use of the enzymes, superoxide dismutase (SOD) and
catalase. A defect or deficiency in the antioxidant defense system and/or the excessive
intracellular generation of ROS render a cell oxidatively stressed (85). Involvement of
ROS at different phases of the apoptotic pathway, such as induction of mitochondrial
permeability transition and release of mitochondrial death factors, activation of
intracellular caspases, and DNA damage, has been established (85). In this context, the
role of free radicals in US-induced apoptosis was investigated. Several reports have
confirmed the production of free radicals in the medium at a US exposure condition
suitable for apoptosis induction (66,67,86). There are also evidences showing that cells
are oxidatively stressed after US treatment (63,64). Furthermore, Honda et al. evaluated
the role of free radicals, especially superoxide and hydrogen peroxide, in US-induced
apoptosis by using antioxidant N-acetyl-cysteine (NAC) to inhibit ROS (64). They have
shown that NAC can inhibit caspase-3 activation and DNA fragmentation but cannot stop
the Aym loss and concluded that intracellular ROS production (presumably from the
mitochondria, which contain a large quantity of ROS) is one of the key elements for
induction of apoptosis by US. Another group has observed downregulation of SOD, an
enzyme, which scavenges ROS produced in the cell, after US treatment of cells. They
suggested that US can cause apoptosis both by producing ROS and by inhibiting the
ROS-scavenging mechanism at the same time (67).

Overall these data suggested that free radicals produced either directly by inertial
cavitation or indirectly through mitochondria stimulated by US play an important role in
US-induced apoptosis. This model seems to be convincing for the explanation of how US
can cause apoptotic cell death. Feril et al., however, have reported that apoptosis can be
induced under the condition where free radical is not produced (68). The role of free
radicals in US-induced apoptosis has been questioned in this report and alternative
mechanism such as cell mechanical destruction or disturbance of cell membranes has
been proposed. A more careful and thorough investigations are necessary to solve this
controversy.

Other factor such as loss of Ca’>" homeostasis after US treatment (64) has been
investigated by Honda et al. They observed an increase in intracellular Ca*"
concentration after US exposure and confirmed that the source for the increased Ca>"
was the extracellular Ca*" from the buffer medium. They also showed that inhibition of
intracellular Ca®" resulted in inhibition of DNA fragmentation and loss of Aym but not of
caspase-3 activity, concluding that increased Ca*" was necessary for DNA fragmentation
and loss of Aym (64).

Although fragmented pieces of information on the mechanism(s) of US-induced
apoptosis are accumulating, still the understanding of the exact mechanism(s) is far from
complete. For example, while it seems that there is no question on the fact that US-
induced apoptosis is using the mitochondrial pathway, the key molecules upstream of the
mitochondrial event are not identified. Are the BH3-only Bcl-2 family proteins, which act
as sensors for apoptotic stress in the cell, involved in the induction of apoptosis? Is the
Awym loss caused by direct physical disturbance of the mitochondria by US or is it caused
by the activation of upstream molecules? What is the exact initiator for US-induced
apoptosis and what are the links from the initiator to mitochondria? There are still so
much more to be investigated and to be clarified.
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In Vivo Experimental Data

Histological studies evaluating US effects on brain provided the evidence that US can
induce apoptosis in the targeted tissue in vivo.

Apoptosis in US-Produced Thermal Lesions in Rabbit Brains

In the first study, the feasibility of focused ultrasound (FUS) to produce thermal ablation
in the rabbit brain was investigated (70), and magnetic resonance imaging (MRI)
thermometry (87) was used to correlate the temperature elevation with the degree of
tissue damage. A short (10 seconds) FUS exposure (1.5 MHz) induced localized high
temperature beyond 53°C to 60°C—threshold, which was found to be sufficient to
produce localized lesions. Routine histological examination (hematoxylin and eosin, and
cresyl violet staining) revealed both necrotic and apoptotic cells in the FUS-produced
lesions. The apoptotic cells appeared as multiple rounded or oval bodies (apoptotic
bodies) that were typically manifested as intensely dark purple-blue masses varying in
size. To verify apoptotic cell death, in situ immunohistochemical staining based on
labeling of DNA strand breaks that occur during apoptosis (57) was used. In TUNEL
staining, apoptotic cells were identified by the presence of various types of chromatin
condensation or apoptotic bodies (dark brown, round or oval in shape). Thus, the presence
and location of apoptotic cells exhibiting DNA fragmentation indicate that apoptosis
accompanies necrosis in cellular death induced by FUS.

From hyperthermia studies, it is known that tissue damage can occur at
substantially lower temperatures, depending on the heating time and that low-temperature
heating triggers cell death by apoptosis (27), while high-temperature heating produces
necrosis (28,29). We continued to explore thermal effects of US and investigated
threshold-level US heating to produce localized lesions (71). Using MRI thermometry
and US phase array technology to induce threshold thermal exposures in the rabbit brains
in vivo (88,89), we have demonstrated that US sonications close to the thermal threshold
exposures induce apoptosis accompanying necrosis. At four hours after the sonications,
the apoptotic cells constituted 9% = 7% of identifiable cells and the ratio of apoptotic
cells to necrotic cells was about 1:3. By 48 hours, the number of apoptotic cells had
increased up to 17% 9% and was approximately equal to number of necrotic cells.

One of the possible mechanisms by which FUS-induced heating can activate
apoptotic cell death pathway is the production of heat shock (stress) proteins. The stress
protein response involves the immediate reprogramming of gene expression in cells
exposed to insult leading to massive synthesis of heat shock proteins (HSP) (90). The
HSPs are produced in abundant quantities in cells exposed to heat (91). These short-living
proteins usually are degraded by the ubiquitin/proteasome system. Monney et al. (92) have
demonstrated that blocking of the ubiquitin degradation pathway via a temperature-
sensitive defect (at the nonpermissive temperature, 39°C) resulted in accumulation of a
high amount of HSP and induction of apoptosis independent on the activation of caspases,
the key enzymes involved in the apoptotic cascade events (93-95). These mechanisms
leading to apoptosis may be relevant to the cells exposed to the relatively low-temperature
heating induced by US. Both, US-induced shock proteins and temperature-sensitive
defects in the ubiquitination pathway might result in accumulation of HSP to levels that
were sufficient to trigger apoptosis. Ubiquitin-dependent degradation is known to be
essential for numerous cellular processes such as a cell cycle control (96), gene
transcription (97), chromatin maintenance (98), stress responses (99), etc. It mainly serves
to rid the cell of abnormal or short-lived proteins (100). US-produced defects in this
system might perturb cell homeostasis and promote cell death.
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Inducing Apoptosis with Focused US and US Contrast Agent

In the third series of experiments, we explored the feasibility of FUS combined with US
contrast agent (Optison®, Amersham Health AS, Norway) to produce localized lesions
and investigated whether lesions were dominated by apoptosis rather than necrosis
(72). This agent consists of preformed microbubbles, which can act as nucleation
promotion agents for cavitation. Inducing apoptosis through nonthermal mechanisms
would be advantageous, particularly in the brain where possible unwanted side effects
such as inflammation and tissue edema, associated with thermal ablation, are undesirable.

It was found that US contrast agent combined with FUS reduced power requirements
for lesion production more than a factor of 10 compared to what was needed to produce
thermal lesions (without Optison) (72,101). The temperature threshold for damage was
also lower than was found before without Optison, indicating that nonthermal mechanisms
were involved in the lesion production. However, MRI-based thermometry correlated with
the resulting lesions, offering a method to guide the procedure (101).

In histology, the lesions exhibited multiple red blood cell extravasations and
destruction of blood vessels. At four hours after sonication, the lesions lost many cells
and remaining cells exhibited both necrotic and apoptotic features. Overall, apoptosis
dominated; the average ratio of TUNEL-positive cells to necrotic cells per microscopic
field was more than 6:1 (32.3+£13.2 and 5.1+£3.4 cells, respectively). It was approx-
imately 1:2 (5.8+4.2 and 10.1£5.8 cells) within the small areas without extravasations.
In some areas, cells demonstrated a “messy” form of cell death; there were
indistinguishable TUNEL positive-stained debris, possibly representing DNA fragments
produced by inertial cavitation effects. At 48 hours, the tissue structure in the lesions was
lost and the neurons and glial cells almost completely disappeared, and TUNEL-positive
cell were observed only in the thin outer boundary zone.

In investigation of FUS combined with Optison with acoustic parameters suitable
for noninvasive exposure through the skull (frequency: 690kHz, the pulse duration:
10 msec, proton repetion frequency: 1 Hz), approximately 70% to 80% of the sonicated
locations showed localized lesions in the rabbit brains associated with multiple apoptotic
cells at a peak rare fractional pressure amplitude level of 2.3 MPa or higher (73).

These histological findings suggest that FUS combined with Optison might produce
localized lesions mostly through cavitation-induced damage to blood vessels and blood
flow disturbance. The cells then died mainly due to ischemia. Both necrotic and apoptotic
cell death mechanisms are known to be activated after cerebral ischemia, and the
dominant cell death phenotype is determined by the relative speed of each process (13).

Apoptosis is suggested to be the predominant form of cell death after brief ischemia
caused by transient blood vessel occlusion or slowly developing blood flow disturbance,
while rapid development of cell energy collapse resulted from severe or permanent
ischemia leads to early membrane disruption and necrosis (102). It is possible that the
cells with TUNEL-positive nuclei were in regions with transient or milder form of
ischemia because these cells had a chance to activate the apoptotic mechanisms before
the collapse of their energy metabolism and a loss of membrane integrity (13). The areas
with few extravasations may have been regions with severe occluded blood vessels or
even total cessation of the blood supply. The cells in such areas would undergo rapid
development of energy collapse, leading to membrane disruption and necrosis. In
contrast, apoptotic mechanisms would continue to dismantle the irreparably damaged
cells with residual ATP levels (102).

US exposure can cause tissue ischemia especially if used with US contrast agent
injected into the bloodstream. US produces radiation force, which has significant effects
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on microbubbles and provides a mechanism for manipulating them (103), including
bubble displacement, trapping, and aggregation, which cause blood vessel occlusion and
damage.

Even mild microcirculatory disturbances are known can trigger apoptosis (104). In
our case, there were prominent effects on the blood vessels. An increased permeability of
vessel walls, vascular stasis, moderate congestion, and extravasations as a result of the
injury of the fine vasculature were observed in all lesions. The more severe damage
resulted in thrombosis, occlusion, destruction of the vessel walls, and hemorrhages.
Ischemia provokes perturbations to mitochondria consistent with the mitochondria death
pathway, including permeability transition pore opening, loss of Aym, and cytochrome c
release (105).

Thus, FUS combined with Optison can produce lesions that are dominated by
apoptosis, presumably induced mostly via ischemia after cavitation-produced damage to
brain vasculature. These results are promising since apoptosis-dominant lesions will
likely produce less inflammation, an important consideration especially for applications
in the brain.

CONCLUSION

A treatment of cancer based on US induction of cell death via apoptosis through
nonthermal mechanisms would offer a potentially effective therapeutic method. While
work is needed to optimize the exposure parameters, these studies could lead to wider
applications of focused US, especially in the brain, where skull heating could be reduced
during transcranial sonication.

Future work should also investigate whether methods could be found to maximize
the ratio of apoptotic to necrotic cells. The problem of how we can correlate the findings
from in vitro experiments and in vivo experiments should also be solved. Finally, tests
should be performed to determine whether apoptosis could be induced in tumors, since in
vitro studies have found differences between normal and cancer cell sensitivity (63).

Previously, pulsed focused US combined with Optison was used to temporarily
disrupt the blood-brain barrier for targeted delivery of therapeutic agents (drugs, genes,
etc.) to the brain (106). It was demonstrated that using the same technique but different
parameters, local lesions in the brain can be produced. Combined, these approaches could
result in a possible strategy to use FUS in conjunction with contrast agent for the
treatment of brain tumors: first, destroy any visible tumor using the approach described
here, and second, disrupt the blood-brain barrier in the surrounding tissue to deliver
therapeutic agents to kill the proliferating tumor cells and to stop the angiogenesis.
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Figure 3.1 Demonstration of MR guidance for treatment planning, monitoring, and verification of focused ultrasound
treatment delivery from a prototype system used to ablate a canine transmissible venereal tumor inoculated in the
paraspinal muscle. (For full caption, see page 26.)

Magnitude Images Figure 3.4 Example

output of typical fast
gradient-echo MRTI
images during focused
ultrasound heating of an
agar phantom (3 sec per
image, 0.7x0.7x3 mm
Complex Phase-Difference : resolution). (For full
caption, see page 32.)

T2-weighted

Figure 3.5 Demonst-
ration of MR-guided
ablation of canine trans-
missible venereal tumors
in the brain using a multi-
element ultrasound appli-
cator. (For full caption,
see page 34.)

T1-weighted
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Figure 3.6 A challenge in temperature
monitoring thermal therapies utilizing
ultrasound is conforming the MRTI tech-
nique to the geometry and timing. (For full
caption, see page 35.)

Figure 3.9 MR-guided foc-
used ultrasound ablation of
breast cancer at The University
of Texas M. D. Anderson Cancer
Center. (For full caption, see
page 37.)

Figure 4.1 Three transverse
MRI-based temperature images
showing sonications in canine
prostate using an interstitial
ultra-sound probe. (For full cap-
tion, see page 45.)

Figure 4.3  Temperature
maps in rabbit thigh muscle in
vivo obtained at the end of a
spiral trajectory with closed-
loop MR thermometry-based
control. (For full caption, see
page 47.)
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Figure 5.1 Anatomical 7,-weighted MR images (/eff) and MRI-derived temperature maps of three sonications delivered
at different depths into uterine fibroids (right). (For full caption, see page 57.)



Figure 5.4 MR images of a uterine fibroid acquired before, during, and after focused ultrasound
surgery. (For full caption, see page 60.)
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Figure 14.1 Noninvasive local hyperthermia with MRI-controlled focused ultrasound in the kidney.
(For full caption, see page 174.)
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Preface

It is with great pleasure that we present this completely revised English edi-
tion of our book How Does MRI Work? An Introduction to the Physics and
Function of Magnetic Resonance Imaging only two years after publication of
the first English edition. We are particularly pleased that our introductory
textbook met with great approval in the English-speaking world and not just
in the German-speaking countries. This success has been an enormous in-
centive for us to further improve and update the text. For this reason, we are
now presenting a second edition. All chapters have been thoroughly revised
and updated to include the latest developments in the ever-changing field of
MRI technology. In particular, the chapter on cardiovascular imaging has
been improved and expanded. We gratefully acknowledge the contribution
of Daniel Nanz, PhD, the author of this chapter. Moreover, two completely
new chapters have been added: “Fat Suppression Techniques” and “High-
Field Clinical MR Imaging”.

Notwithstanding these additions, the intended readership of our book
remains the same: it is not a book for MR specialists or MR physicists but
for our students, residents, and technologists, in short, all those who are
interested in MRI and are looking for an easy-to-understand introduction
to the technical basis of this imaging modality at the beginning of their MRI
training.

The second English edition presented here corresponds to and appears
together with the completely revised fifth German edition.

The authors gratefully acknowledge the support of numerous persons
without whose contributions the new German and English editions of our
book would not have been possible. First of all, we thank our readers, in
particular those who bought and read the preceding versions and provided
oral and written comments with valuable suggestions for improvement.

We should furthermore like to thank Klaas P. Pruessmann, PhD, and Jo-
hannes M. Froehlich, PhD, for their excellent introductions to parallel im-
aging and MR contrast agents.

Special thanks are due to our translator, Bettina Herwig, who very know-
ledgeably and with great care translated the entire text and provided valu-
able advice in preparing the new edition.

Finally, we would like to thank Springer-Verlag, in particular Dr. U. Heil-
mann, W. McHugh, and Dr. L. Ruettinger, for their cooperation.

For the authors:
Dominik Weishaupt, MD January 2006



Contents

2.1
2.2

3.1
3.2
3.3
34
3.5
3.6

4.1
4.2

5.1
5.2
5.3
54
5.5
5.6
5.7
5.7.1
5.7.2
573
574

6.1
6.2
6.3
6.4

Spin and the Nuclear Magnetic Resonance Phenomenon ....... 1
Relaxation ... 7
T1: Longitudinal Relaxation ............c.ccocviiiiiiiiiniiininininin.. 7
T2/T2%: Transverse Relaxation ..............cocovveiiiiiiiininininin.. 8
ImageContrast ...t 11
Repetition Time (TR) and T1 Weighting ..............c.ccooeinnin. 12
Echo Time (TE) and T2 Weighting ...........ccccvcviiiiiiiiiiniinnen. 13
Saturation at Short Repetition Times ............c.covevivvinininnennne. 15
Flip Angle (Tip Angle) ..ooeiiiiiii i 17
Presaturation ..o 18
Magnetization Transfer ...................cco 19
Slice Selection and Spatial Encoding ................................. 21
Three-Dimensional Spatial Encoding .............c.coooviiiiiiiinnn. 26
K-Space oo 27
Factors Affecting the Signal-to-Noise Ratio ........................ 29
Pixel, Voxel, MatriX .........ccooiiiiiiiiiiiiiiiiiiiiiiie e 30
Slice Thickness and Receiver Bandwidth .....................c...... 30
Field of View and MatriX .........c.ccoeiviviiiniiniiininiiinienneneneen 32
Number of EXCItations ...........coveeiuviiiiininiiiniiiiiiiineennen. 36
Imaging Parameters ................oo 36
Magnetic Field Strength ... 36
COlS et 37
Volume Coils ...o.uvuiniiniiiiii 37
Surface Coils ..ouvviininiiiii i 37
Intracavity COils .......c.vviuiiiiiiiiii i 37
Phased-Array Coils .......ccouviiiiiiiiiiiiii e 38
The MR Scanner ..............coccoiiiiiiiiiiiiiiiiiiiiiiii e 41
The Magnet .........coovuiiiiiiiiiiii i 42
The Gradient System ...........coooiiiiiiiiiiiiiiiiiee, 44
The Radiofrequency System ............ccoovviiiiiiiiiininiinininnen. 45

The Computer SYStem  ......oeuvuiinininiiiiiiiiiiineeneeeeeennen. 45



VIII

7.1.
7.2
7.3
7.4
7.5
7.6
7.7
7.8

8.1
8.2
8.3
8.4
8.5
8.6
8.7
8.8
8.9

9.1
9.2
9.3
9.4

10

10.1
10.2
10.3
10.4

11
11.1
11.1.1
11.1.2
11.1.3
11.2
11.3

Basic Pulse Sequences ..............cccoiiiiiiiiiiiiiiiiie 47
Spin Echo (SE) Sequences ...........ccveveuiiiiiniiniiiiiiiinienne, 48
Black Blood Effect .......c.iviiniiiiiiiiiii 49
Multislice Imaging ...........cooiviiiiiiiiii 50
Inversion Recovery (IR) Sequences .............ccoceeuvunininienininnen. 50
STIR SEQUENCES ..uvenenetininet ettt 52
FLAIR Sequences ............coocoiiiiiiiiiiiiiiiiiiiis 52
Gradient Echo (GRE) Sequences ..........c.ccocoeveveniuiinininnenenne. 52
Multiecho SeqUences ..........c.oeveuiuiiiiiiiiiiiiiiiiieeneean, 55
Fast Pulse SeqUENCES ............cooviviriiiiiiiiiiiiiceieen 57
Fast or Turbo Spin Echo Sequences ...............cocoevviiiinenene. 57
Single-Shot Fast Spin Echo (SSFSE) Sequences ........................ 58
Fast or Turbo Inversion Recovery (Fast STIR) Sequences ............ 59
Fast Gradient Echo (GRE) Sequences .............ccocoeuvininiunenenne. 59
Echo Planar Imaging (EPI) Sequence .................ccoooviiiiinnin. 60
Hybrid Sequences ...........ccocoviiiiiiiiiiiiiiiiiiecee, 60
Gradient and Spin Echo (GRASE) Sequence ...............cocveuenene. 61
Spiral SeqUeNCes .......c.ciiiiiiiiii 61
Echo Time and T2 Contrast in Fast Sequences ........................ 62
Fat Suppression Techniques ...................coiiiiiiiiiiiinn. 63
Chemical Shift Imaging ..............c.cooiiiiiiiii 63
Frequency-Selective Fat Saturation ..................coooiiiiiiiinn.e. 65
Short TI Inversion Recovery (STIR) ........ccocoeviviiniiiiinninenne. 66
Spectral Presaturation with Inversion Recovery (SPIR) .............. 66
ParallellImaging ...........ccoiiiiiii 69
Background ... 69
Principles of Parallel Imaging ...................coooo 69
Special ReqQUIremMents ...........coceuiuiuiuirininiiniiiiinenineneneenenes 71
APPHCAIONS ..ttt 71
Cardiovascularimaging .................ccocoiiiiiiiiii 73
ANgiography ......ciiii 74
Bright Blood Imaging ...............cccooiiiiiiiiiiiiii, 74
Black Blood Imaging ............c.ccoeeiiiiiiiiiiniiiiiiiiieiennn, 86
Time-Resolved MR Angiography .............cccovviiiiiiiiniinininn... 88
Perfusion-Weighted Imaging ............c..coooviiiiiiiiiiiiinninn. 89

Diffusion-Weighted Imaging .............ccocoiiiiiiiiiiiiininnin. 91



Contents X

11.4
11.5
11.6
11.7
11.8
11.9

12
12.1
12.2
12.3
12.3.1
12.3.2
12.3.3
12.3.4
12.3.5
12.3.6
12.3.7
12.3.8
12.3.9
12.4

13
13.1
13.2
13.3
13.4
13.5
13.6
13.7
13.8
13.9
13.10
13.11

14

14.1
14.2
14.3
14.4

The BOLD Effect in Functional Cerebral Imaging .................... 95
Cardiac Imaging ...........cccoviiiiiiiiiiiiiiiiii 97
Cardiac Imaging with SSFP Sequences ....................coocoiieniis 98
Myocardial Perfusion Imaging .............ccocovevinviiiiinninnennnn. 99
Late-Enhancement Imaging ............c.ccocooiiiiiiiniiinninn. 101
Detection of Increased Myocardial Iron Concentrations .......... 102
MR Contrast Agents ..........ccooiviiiiiiiiiiiiiiiiiiieeane 103
Chemical Structure ............coooiiiiiiiiiiiiii 107
Relaxivity .....o.oooiiiiiii 109
Pharmacologic Properties .............cccoociiiiiiiiiiniiiinninnn... 112
Extracellular Contrast AGents ...........c.cc.coeuveveuienininnenennnnen. 112
Intravascular or Blood Pool Contrast Agents ........................ 115
Liver-Specific Contrast AGents ............cocoeveuerveniniunencnnnnen. 116
RES Contrast AGents ............cccoooiiiiiiiiiiiiiiiiii, 118
Lymph Node-Specific Contrast Agents .................c..coeeeneen. 119
Tumor-Targeted Contrast Agents ................ccocoviiiiiiininnn. 119
Other Emerging Tissue-Specific Contrast Agents ................... 120
Hyperpolarized Gases ............cccoveviiviiiiiiiiiiiiniiiinininaanee. 120
Oral MR Contrast AGents .............coeuveieuernenerieninennenennenen. 121
Outlook .....iiii 122
MR Artifacts ... 129
Motion and Flow Artifacts (Ghosting) ................cooceeeieiinnt. 129
Phase Wrapping .........ccocoeviiiiiiiiiiiiiiiii e 131
Chemical Shift ..ot 133
Magnetic Susceptibility ...........cociviiiiiiiiiiiii 135
Truncation Artifacts ... 135
Magic Angle ... 136
Eddy Currents ............ccooiiiiiiiiiiiiiii 136
Partial Volume Artifacts ................ccooiiiiiii 136
Inhomogeneous Fat Suppression ...........c.ccoceeiviiiiininininn.e. 136
Zipper Artifacts  ......i.ieiiii 137
Crisscross or Herringbone Artifacts ..........c..cocovviiiinininnee. 137
High-Field Clinical MRImaging ................ccoooiiiiiiiinn. 139
Tissue Contrast ..........cooooiiiiiiiiiiiiii 140
Magnetic Susceptibility ... 140
Chemical Shift .......ooiiiiiii 140

Radiofrequency (RF) Absorption ...........c.ccocoeviiiiinininnnnee. 141



X

15 Bioeffectsand Safety ...

Glossary .....

Subject Index



Abbreviations

FID
FSE
GRE
IR
MHz
MR
MRA
MRI
msec
NMR
PC MRA
PD
ppm
RF
SAR
SE
SNR

TE
TOF
TR

Free induction decay

Fast spin echo

Gradient echo

Inversion recovery
Megahertz

Magnetic resonance
Magnetic resonance angiography
Magnetic resonance imaging
Milliseconds

Net magnetization vector
Phase-contrast MR angiography
Proton density

Parts per million
Radiofrequency

Specific absorption rate

Spin echo

Signal-to-noise ratio

Tesla

Echo time

Time of flight

Repetition time



Note In this book, the terms “z-direction” and “xy-plane” are frequently
used. In all figures, the main magnetic field, By, is represented from bottom
to top and its direction is designated by z. The other two dimensions of the
magnetic field are denoted by x and y. The xy-plane is perpendicular to the
z-axis and is thus represented horizontally in the figures.




1 Spin and the Nuclear Magnetic
Resonance Phenomenon

Medical magnetic resonance (MR) imaging uses the signal from the nuclei
of hydrogen atoms (‘H) for image generation.

A hydrogen atom consists of a nucleus containing a single proton and of a
single electron orbiting the nucleus (» Fig. 1). The proton having a positive
charge and the electron a negative charge, the hydrogen atom as a whole is
electrically neutral. The proton is of interest here.

Electron
Proton

Fig.1.

Apart from its positive charge, the proton possesses spin, an intrinsic
property of nearly all elementary particles. This means that the proton ro-
tates about its axis like a spinning top. Such a proton has two important
properties:

As a rotating mass (m), the proton has angular momentum and acts like a
spinning top that strives to retain the spatial orientation of its rotation axis
(» Fig. 2a).

As a rotating mass with an electrical charge, the proton additionally has
magnetic moment (B) and behaves like a small magnet. Therefore, the pro-
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Fig. 2.

ton is affected by external magnetic fields and electromagnetic waves and,
when it moves, induces a voltage in a receiver coil (» Fig. 2b).

A hydrogen nucleus differs from a spinning top, however, in that we can-
not look into it and thus cannot see its intrinsic angular momentum, or
spin, from the outside. In this respect, the nucleus is a black box for us.
Nevertheless, we can identify the orientation of its rotation axis from the
magnetization vector B. Thus, when we describe the rotation of a proton,
we are not referring to its (invisible) angular momentum but to the “visible”
motion of its magnetic axis, B. This motion is visible, so to speak, because
it generates a signal in a receiver coil just like a magnet does in an electrical
generator (e.g. a bicycle dynamo).

There is another, very important difference: while a spinning top can be
slowed down and thus finally comes to a standstill, a proton’s spin always
has the same magnitude and can neither be accelerated nor decelerated,
precisely because it is a fundamental property of elementary particles. Spin
is simply there all the time!

How will a spin behave when brought into a strong magnetic field? To
answer this question, let us again consider the spinning top:

When an external force (typically the earth’s gravitational field G) acts
on a spinning top and tries to alter the orientation of its rotational axis, the
top begins to wobble, a process called precession. At the same time, friction
at the point of contact withdraws energy from the spinning top and slows
down its rotation. As a result, its axis becomes more and more inclined and
the top finally falls over (» Fig. 3).

Once again, back to our hydrogen nuclei: when these are exposed to an
external magnetic field, Bo, the magnetic moments, or spins, align with
the direction of the field like compass needles. The magnetic moments do
not only align with the field but, like spinning tops, undergo precession
(» Fig. 4). Precession of the nuclei occurs at a characteristic speed that
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is proportional to the strength of the applied magnetic field and is called
Larmor frequency. Alignment of the spins parallel to the magnetic field is a
gradual process and, as with spinning tops, is associated with the dissipation
of energy (» Chapter 2.1).

The Larmor frequency is a very important concept that is at the core of
MR imaging. Let us therefore repeat:

The Larmor or precession frequency is the rate at which spins wobble when
placed in a magnetic field.

The Larmor frequency is directly proportional to the strength (B,) of the
magnetic field and is given by the Larmor equation:

Wo=Yo * B,
where
— wo is the Larmor frequency in megahertz [MHz],

— Yo the gyromagnetic ratio, a constant specific to a particular nucleus,
and

— By the strength of the magnetic field in tesla [T].

Protons have a gyromagnetic ratio of y=42.58 MHz/T, resulting in a
Larmor frequency of 63.9 MHz at 1.5 T as opposed to only about 1 kHz in
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the magnetic field of the earth (by comparison, FM radio transmitters oper-
ate at 88-108 MHz).

What happens to the spins precessing and slowly aligning inside the
magnetic field? Let us see ...

While the spin system relaxes and settles into a stable state, longitudi-
nal magnetization M, is building up in the z-direction because the mag-
netic vectors representing the individual magnetic moments add together.
This also happens in the earth’s magnetic field but the resulting longitudi-
nal magnetization is only weak. The magnetic field B, of an MR imager is
60,000 times stronger and the resulting longitudinal magnetization is cor-
respondingly larger. Because the MR signal is very weak, magnetization
must be large enough to obtain a signal at all. Actually, things are even a
bit more complicated: the spins tend to align parallel or anti-parallel to the
magnetic field with parallel alignment being slightly preferred because it is
equivalent to spins residing in a more favorable energy state. Hence, under
steady-state conditions, a slightly larger fraction aligns parallel to the main
magnetic field. It is this small difference that actually produces the meas-
urable net magnetization M, and is represented by the net magnetization
vector (NMV). Since the energy difference between the two orientations de-
pends on the strength of the external magnetic field, M, increases with the
field strength.

Energy can be introduced into such a stable spin system by applying an
electromagnetic wave of the same frequency as the Larmor frequency. This
is called the resonance condition. The required electromagnetic wave is gen-
erated in a powerful radio transmitter and applied to the object to be imaged
by means of an antenna coil. The process of energy absorption is known as
excitation of the spin system and results in the longitudinal magnetization
being more and more tipped away from the z-axis toward the transverse
(xy-)plane perpendicular to the direction of the main magnetic field.

All of the longitudinal magnetization is rotated into the transverse plane
by a radiofrequency (RF) pulse that is strong enough and applied long
enough to tip the magnetization by exactly 90° (90° RF pulse). The result-
ing magnetization is now denoted by M,, rather than M, because it now lies
in the xy-plane. Whenever transverse magnetization is present, it rotates
or precesses about the z-axis, which has the effect of an electrical genera-
tor and induces an alternating voltage of the same frequency as the Larmor
frequency in a receiver coil: the MR signal. This signal is collected and pro-
cessed with sensitive receivers and computers to generate the MR image. The
process of excitation of a spin system is illustrated graphically in » Fig. 5.
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Fig. 5a-d. With no external magnetic field present, spins rotate about their axes in ran-
dom direction (a). In the presence of a magnetic field, slightly more spins align parallel
to the main magnetic field, Bo, and thus produce longitudinal magnetization, M, (b). An
RF pulse (c) tips the magnetization vector by exactly 90°, causing the entire longitudinal
magnetization to flip over and rotate into transverse magnetization, M, (d)
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2 Relaxation

What happens to the spins after they have been excited as just described?

Immediately after excitation, the magnetization rotates in the xy-plane
and is now called transverse magnetization or M,,. It is the rotating transverse
magnetization that gives rise to the MR signal in the receiver coil. However,
the MR signal rapidly fades due to two independent processes that reduce
transverse magnetization and thus cause a return to the stable state present
before excitation: spin-lattice interaction and spin-spin interaction. These
two processes cause T1 relaxation and T2 relaxation, respectively.

21 TIi:Longitudinal Relaxation

Transverse magnetization decays and the magnetic moments gradually re-
align with the z-axis of the main magnetic field Bo, as discussed previously.
The transverse magnetization remaining within the xy-plane - strictly speak-
ing the projection of the magnetization vector onto the xy-plane (» Fig. 6)
— decreases slowly and the MR signal fades in proportion. As transverse
magnetization decays, the longitudinal magnetization, M, - the projection
of the magnetization vector onto the z-axis — is slowly restored. This process
is known as longitudinal relaxation or T1 recovery.

The nuclei can return to the ground state only by dissipating their excess
energy to their surroundings (the “lattice”, which is why this kind of relax-
ation is also called spin-lattice relaxation). The time constant for this recov-
ery is T1 and is dependent on the strength of the external magnetic field,
Bo, and the internal motion of the molecules (Brownian motion). Biological
tissues have T1 values of half a second to several seconds at 1.5 T.
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Fig. 6. T1 relaxation. Decay of transverse magnetization and regrowth of magnetization
along the z-axis require an exchange of energy

2.2 T2/T2*:Transverse Relaxation

To understand transverse relaxation, it is first necessary to know what is
meant by “phase”. As used here, phase refers to the position of a magnetic
moment on its circular precessional path and is expressed as an angle. Con-
sider two spins, A and B, precessing at the same speed in the xy-plane. If B is
ahead of A in its angular motion by 10°, then we can say that B has a phase
of +10 relative to A. Conversely, a spin C that is behind A by 30° has a phase
of -30° (» Fig. 7).

Immediately after excitation, part of the spins precess synchronously.
These spins have a phase of 0° and are said to be in phase. This state is called
phase coherence.

Fig. 7. Phase. Vector B has a phase of +10° relative to A while C has a phase of -30°.
Note that all vectors rotate about the z-axis while their phases differ by the respective
angles
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Fig. 8. T2 and T2* relaxation. Spins get out of phase (lose phase coherence), resulting in
the loss of transverse magnetization without energy dissipation
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For reasons that we will go into soon, phase coherence is gradually lost
as some spins advance while others fall behind on their precessional paths.
The individual magnetization vectors begin to cancel each other out instead
of adding together. The resulting vector sum, the transverse magnetization,
becomes smaller and smaller and finally disappears, and with it the MR sig-
nal (» Fig. 8).

In other words, transverse relaxation is the decay of transverse magneti-
zation because spins lose coherence (dephasing). Transverse relaxation dif-
fers from longitudinal relaxation in that the spins do not dissipate energy to
their surroundings but instead exchange energy with each other. Coherence
is lost in two ways:

— Energy transfer between spins as a result of local changes in the magnetic
field. Such fluctuations are due to the fact that the spins are associated
with small magnet fields that randomly interact with each other. Spins
precess faster or slower according to the magnetic field variations they
experience. The overall result is a cumulative loss of phase. Itis a
process due to pure spin-spin interaction and as such is unaffected by
application of a 180° refocusing pulse (» Chapter 7). Dephasing occurs
with the time constant T2 and is more or less independent of the
strength of the external magnetic field, B,.

— Time-independent inhomogeneities of the external magnetic field B,.
These are intrinsic inhomogeneities that are caused by the magnetic
field generator itself and by the very person being imaged. They contrib-
ute to dephasing, resulting in an overall signal decay that is even faster
than described by T2. This second type of decay occurs with the time
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constant T2%, which is typically shorter than T2. Most of the inhomo-
geneities that produce the T2* effect occur at tissue borders, particularly
at air/tissue interfaces, or are induced by local magnetic fields (e.g. iron
particles). The loss of the MR signal due to T2* effects is called free
induction decay (FID). T2* effects can be avoided by using spin echo
sequences.

T2 denotes the process of energy transfer between spins, while T2* refers
to the effects of additional field inhomogeneities contributing to dephas-

ing.

T1 and T2 relaxation are completely independent of each other but oc-

cur more or less simultaneously! The decrease in the MR signal due to T2
relaxation occurs within the first 100-300 msec, which is long before there
has been complete recovery of longitudinal magnetization M, due to T1 re-

laxation (0.5-5 sec).
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3 Image Contrast

What determines the contrast of an MR image and how can we influ-

ence it?

Having explained the concepts of excitation and relaxation, we can now
answer this question. Three intrinsic features of a biological tissue contribute
to its signal intensity or brightness on an MR image and hence image con-
trast:

— 'The proton density, i.e. the number of excitable spins per unit volume,
determines the maximum signal that can be obtained from a given
tissue. Proton density can be emphasized by minimizing the other two
parameters, T1 and T2. Such images are called proton density-weighted
or simply proton density images.

— The T1I time of a tissue is the time it takes for the excited spins to
recover and be available for the next excitation. T1 affects signal
intensity indirectly and can be varied at random. Images with contrast
that is mainly determined by T1 are called TI-weighted images (T1w).

— The T2 time mostly determines how quickly an MR signal fades after
excitation. The T2 contrast of an MR image can be controlled by the
operator as well. Images with contrast that is mainly determined by T2
are called T2-weighted images (T2w).

Proton density and T1 and T2 times are intrinsic features of biological tis-
sues and may vary widely from one tissue to the next. Depending on which
of these parameters is emphasized in an MR sequence, the resulting images
differ in their tissue-tissue contrast. This provides the basis for the exquisite
soft-tissue discrimination and diagnostic potential of MR imaging: based
on their specific differences in terms of these three parameters, tissues that
are virtually indistinct on computed tomography (CT) scans can be differ-
entiated by MRI without contrast medium administration.
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3.1 Repetition Time (TR) and T1 Weighting

In order to generate an MR image, a slice must be excited and the resulting
signal recorded many times. Why this is so will be explained in » Chap-
ter 4.

Repetition time (TR) is the interval between two successive excitations of
the same slice.

Repetition time (TR) is the length of the relaxation period between two
excitation pulses and is therefore crucial for T1 contrast. When TR is long,
more excited spins rotate back into the z-plane and contribute to the re-
growth of longitudinal magnetization. The more longitudinal magnetiza-
tion can be excited with the next RF pulse, the larger the MR signal that can
be collected.

If a short repetition time (less than about 600 msec) is selected, image
contrast is strongly affected by T1 (TR A in » Fig. 9). Under this condition,
tissues with a short T1 relax quickly and give a large signal after the next RF
pulse (and hence appear bright on the image). Tissues with a long T'1, on the
other hand, undergo only little relaxation between two RF pulses and hence
less longitudinal magnetization is available when the next excitation pulse is

L 3
MZ

Time

—————————
TR A: 500 msec
TR B: 2000 msec

i

Fig. 9. Relationship between TR and T1 contrast. When TR is short (A), a tissue with
a short T1 regains most of its longitudinal magnetization during the TR interval and
hence produces a large MR signal after the next excitation pulse whereas a tissue with a
long T1 gives only a small signal. When TR is long (B), the signal differences disappear
because there is enough time for regrowth of longitudinal magnetization in both tissues
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applied. These tissues therefore emit less signal than tissues with a short T1
and appear dark. An image acquired with a short TR is T1-weighted because
it contains mostly T1 information.

If a fairly long repetition time (typically over 1500 msec) is selected, all
tissues including those with a long T1 have enough time to return to equi-
librium and hence they all give similar signals (TR B in » Fig. 9). As a result,
there is less T1 weighting because the effect of T1 on image contrast is only
small.

Thus, by selecting the repetition time, we can control the degree of T1
weighting of the resulting MR image:

ShortTR - strong T1 weighting
LongTR - low T1 weighting

The relationship between the MR signal of a tissue and its appearance on
T1-weighted images is as follows:

Tissues with a short T1 appear bright because they regain most of their
longitudinal magnetization during the TR interval and thus produce a
stronger MR signal.

Tissues with a long T1 appear dark because they do not regain much of
their longitudinal magnetization during the TR interval and thus produce
a weaker MR signal.

3.2 EchoTime (TE) and T2 Weighting

What is an echo, anyway?

In » Chapter 4 we will see that different gradients have to be applied to
generate an MR image. For the time being it is sufficient to know that these
gradients serve to induce controlled magnetic field inhomogeneities that
are needed to encode the spatial origin of the MR signals. However, the gra-
dients also contribute to spin dephasing. These effects must be reversed by
applying a refocusing pulse before an adequate MR signal is obtained. The
signal induced in the receiver coil after phase coherence has been restored is
known as a spin echo and can be measured.
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Fig. 10. Relationship between TE and T2 contrast. When TE is very short (A), there is
virtually no signal difference between two tissues with different T2 times whereas clear
differences become apparent when TE is longer (B): a tissue with a short T2 rapidly loses
signal and becomes dark while a tissue with a long T2 retains its brighter signal for a
longer time

Echo time (TE) is the interval between application of the excitation pulse
and collection of the MR signal.

The echo time determines the influence of T2 on image contrast. T2 is in
the range of several hundred milliseconds and therefore much shorter than
TL.

If a short echo time is used (less than about 30 msec), the signal differ-
ences between tissues are small (TE A in » Fig. 10) because T2 relaxation
has only just started and there has only been little signal decay at the time of
echo collection. The resulting image has low T2 weighting.

If a longer echo time in the range of the T2 times of tissues (over about
60 msec) is used, the tissues are depicted with different signal intensities on
the resulting MR image (TE B in » Fig. 10): tissues with a short T2 having
lost most of their signal appear dark on the image while tissues with a long
T2 still produce a stronger signal and thus appear bright. This is why, for
instance, cerebrospinal fluid (CSF) with its longer T2 (like water) is brighter
on T2-weighted images compared with brain tissue.

By selecting an echo time (TE), the operator can control the degree of T2
weighting of the resulting MR image:

ShortTE - low T2 weighting
LongTE - strong T2 weighting
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» Fig. 10 also illustrates the relationship between the T2 value of a tissue
and its appearance on T2-weighted images:

Tissues with a short T2 appear dark on T2-weighted images,
tissues with a long T2 appear bright on T2-weighted images!

The relationships between TR and TE and the resulting image contrast
are summarized in » Table 1. » Table 2 lists the signal intensities of different
tissues on T1- and T2-weighted images. » Table 3 provides an overview of
intrinsic contrast parameters of selected tissues.

A typical T1-weighted spin echo (SE) sequence is acquired with a TR/TE
of 340/13 msec. A T2-weighted fast spin echo (FSE) MR image can be ac-
quired with a TR/TE of 3500/120 msec. MR images that combine T1 and T2
effects are known as proton density-weighted images (PD images). PD images
with a TE of about 40 msec are also referred to as intermediate-weighted im-
ages. As a rule, PD images have a higher signal-to-noise ratio (» Chapter 5)
than comparable T1- and T2-weighted images because the long TR allows
recovery of longitudinal magnetization while the short TE minimizes the
signal decrease due to the decay of transverse magnetization.

Typical parameters for acquisition of a PD image are for instance a
TR/TE of 2000/15 msec for a PD-weighted SE sequence and a TR/TE of
4400/40 msec for a PD-weighted FSE sequence. PD sequences are especially
useful for evaluating structures with low signal intensities such as the bones
or connective tissue structures such as ligaments and tendons. Proton den-
sity weighting is often used for high-resolution imaging. SE sequences are
preferred over FSE sequences for PD imaging because SE images are less
prone to distortion. In the clinical setting, PD sequences are mainly used for
imaging of the brain, spine, and musculoskeletal system.

3.3 Saturation at Short Repetition Times

In the section on repetition time, we already said that there is little time
for the regrowth of longitudinal magnetization when TR is very short. The
shorter the TR, the smaller the component of longitudinal magnetization
that is restored and is available for subsequent excitation. As a consequence,
the MR signal decreases as well. When a series of excitation pulses is ap-
plied, the MR signal becomes weaker and weaker after each repeat pulse.
This process is known as saturation (» Fig. 11).
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Table 1. Image contrast as a function of TR and TE
TR TE

Table 2. Signal intensities of different tissues on T1- and T2-weighted images
Tissue T1-weighted image T2-weighted image

Table 3. Relative proton densities (%) and intrinsic T1 and T2 times (in msec) of dif-
ferent tissues

Tissue Proton density T1(1.5T) T2 (1.5T)
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3rd excitation

2nd excitation

Fig. 11. Mechanism of saturation. With a very short TR, the longitudinal magnetization,
M, that will recover in the interval and be available for subsequent excitation decreases
after each RF pulse. In the example shown, the TR is so short that slightly less than half
of the original longitudinal magnetization can regrow before the next excitation pulse is
delivered

Equi- _|
librium

Fig. 12. Longitudinal magnetization at short repetition time. After repeat excitation at
very short intervals, the amount of longitudinal magnetization, M,, restored after each
pulse settles at a low level (equilibrium or steady state). In this situation, the individual
MR signals that form after each excitation are very weak

Saturation is an important issue when fast or ultrafast MR techniques
are used. Here the MR signal may become very weak due to the very short
repetition times (» Fig. 12). We will return to this phenomenon when we
discuss gradient echo sequences.

3.4 Flip Angle (Tip Angle)

Partial flip angle imaging is a technique that can be used to minimize satura-
tion and obtain an adequate MR signal despite a very short repetition time.
A smaller flip angle does not deflect the magnetization all the way through
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90° but only by some fraction of 90° (e.g. 30°). As a result there is less trans-
verse magnetization and the individual MR signals are smaller while more
longitudinal magnetization is available for subsequent excitation even if TR
is very short. However, the overall signal is larger than the one obtained
with a 90° flip angle. In general, the shorter the TR, the smaller the flip angle
that is needed to prevent excessive saturation. The flip angle maximizing the
signal for a given TR and TE is known as the Ernst angle.

3.5 Presaturation

Another option available to modulate image contrast is presaturation. This
technique employs an initial 90° or 180° inverting pulse that is delivered
before the data for image generation is acquired. A presaturation pulse or
prepulse can be combined with all basic pulse sequences (SE, FSE, GRE, and
EPI sequences). But what is the benefit of this technique?

Fast gradient echo sequences are often limited by poor image contrast
because the short repetition times lead to homogeneous saturation of differ-
ent tissues. As we have seen above, the resultant images are T1-weighted but
not very strongly so. Stronger T1 weighting can be achieved by selecting a
larger flip angle but the resultant MR signal would be much too weak to ob-
tain a reasonable image quality because saturation would increase as well.

This is why presaturation is used to enhance T1 contrast. A more pro-
nounced T1 effect is achieved with a 180° inverting pulse than with a 90°
pulse because a 180° pulse inverts all longitudinal magnetization. As a re-
sult, T1 relaxation begins at -1 rather than 0 and twice as much longitudinal
magnetization is available. Additionally, the operator can modulate the T1
effect by varying the time interval between the 180° inversion pulse and
the excitation pulse (= inversion time, TI). TT can be chosen such that the
signal contribution from a specific tissue is eliminated by applying the ex-
citation pulse when the tissue has no magnetization. Thus, a short TT will
suppress the signal from fat (» Chapter 7.5) and a long TI the signal from
CSF (FLAIR sequence, » Chapter 7.6). Another practical application is
late-enhancement imaging in patients with myocardial infarction (» Chap-
ter 11.8).
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3.6 Magnetization Transfer

Without explicitly saying so, we have thus far always referred to free protons
(i.e. protons in free water) when talking about protons because only these
contribute to the MR signal. In addition to water protons, biological tissues
also contain a specific pool of protons bound in macromolecules (usually
proteins). These macromolecular protons cannot be directly visualized be-
cause of their very short T1. They have a wider range of Larmor frequencies
than the water protons. This is why macromolecular protons can also be
excited by RF pulses with frequencies slightly different from the Larmor fre-
quency of hydrogen protons. Hence, it is possible to selectively excite a tissue
with a large pool of macromolecular protons without directly affecting the
protons in free water. Repeated delivery of the magnetization transfer pulse
saturates the magnetization of the macromolecular protons from where it is
transferred to free protons nearby. This process is associated with a drop in
signal that depends in magnitude on the concentration of macromolecules
and their interaction with free water and is known as magnetization transfer
(» Fig. 13). The decrease in signal intensity due to magnetization transfer is
large for solid tissues but only small for fluids (as long as their macromol-
ecule content is low) and fatty tissue.

A Signal

free
bound free

bound

Frequency (Hz)

Fig.13.

The phenomenon of magnetization transfer is exploited to improve im-
age contrast using a technique known as magnetization transfer imaging.
Magnetization transfer contrast (MTC) is used in cartilage imaging where
it improves contrast between synovial fluid and cartilage because synovial
fluid contains only few bound protons and thus shows only little magnetiza-
tion transfer while cartilage contains a large proportion of bound protons
and therefore shows pronounced magnetization transfer. In the brain, the
MTC technique improves the detection of gadolinium-enhancing lesions.
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4 Slice Selection and Spatial Encoding

In the preceding sections, we have outlined the MR phenomenon and dis-
cussed the role of repetition and echo times. Now, finally, we want to make a
picture! As a tomographic technique, MR imaging generates cross-sectional
images of the human body. The excitation pulse is therefore delivered only
to the slice we want to image and not to the whole body. How is this ac-
complished and how does the signal provide us with information about its
origin within the slice?

For illustration, we consider a transverse (axial) slice or cross-section
through the body. The magnetic field generated by most MR scanners is not
directed from top to bottom, as in the illustrations we have used so far, but
along the body axis of the person being imaged. From now on, this is the
direction that will be designated by “z” since, as already said, z stands for the
direction of the main magnetic field. The magnetic field gradients that now
come into play are represented by wedges with the thick side indicating the
higher field strength and the tip the lower field strength.

Both the excitation of a specific slice and the identification of the site
of origin of a signal within the slice rely on the fact that the precessional or
Larmor frequency is proportional to the magnetic field strength. In addition,
recall that protons are excited only by an RF pulse with a frequency roughly
equal to their Larmor frequency (resonance condition). If a uniform field of
identical strength were generated throughout the body, all protons would
have the same Larmor frequency and would be excited simultaneously by a
single RF pulse.

To enable selective excitation of a desired slice, the magnetic field is there-
fore made inhomogeneous in a linear fashion along the z-direction by means
of a gradient coil. As a result, the magnetic field strength has a smooth gra-
dient so that, for example, it is weakest at the patient’s head and strongest at
the feet. The Larmor frequencies thus change gradually along the z-axis and
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Fig. 14. Slice selection by means of the
z-gradient. An RF pulse of a specific fre-
quency excites exactly one slice (hatched)
with adjacent slices being unaffected be-
cause they have different resonant fre-
quencies

each slice now has its unique frequency. Hence, application of an RF pulse
that matches the Larmor frequency of the desired slice will excite only pro-
tons within the chosen slice while the rest of the body remains unaffected
(» Fig. 14).

Gradients are additional magnetic fields that are generated by gradient
coils and add to or subtract from the main magnetic field. Depending on
their position along the gradient, protons are temporarily exposed to mag-
netic fields of different strength and hence differ in their precessional fre-
quencies. A shallow gradient generates a thicker slice while a steep gradient
generates a thinner slice (» Fig. 15a). Slice position is defined by changing
the center frequency of the RF pulse applied (» Fig. 15b).

Having selected slice position and thickness by application of an appro-
priate slice-select gradient, we can now proceed to explain how the spatial
position of an MR signal is identified. This is accomplished by spatial encod-
ing, which is the most difficult task in generating an MR image and requires
the application of additional gradients that alter the magnetic field strength
along the y- and x-axes. Once we have grasped the concept of spatial en-
coding, it will be easy to understand the different kinds of artifacts that de-
grade MR image quality in clinical practice. Spatial encoding comprises two
steps, phase encoding and frequency encoding. These two steps are discussed
in their appropriate order, which means that we must first turn to the more
difficult technique of phase encoding.

For phase encoding, a gradient in the y-direction (from top to bottom)
is switched on after the spins have been excited and precess in the xy-plane.
Such a phase-encoding gradient alters the Larmor frequencies of the spins
according to their location along the gradient. As a result, the excited spins
higher up in the scanner experience a stronger magnetic field and thus gain
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Fig.15. a The strength of the gradient applied defines slice thickness. An RF pulse of a
given frequency bandwidth produces a thin slice if the gradient is strong and a thick slice
if the gradient is weak. b The center frequency of the RF pulse applied determines the
location of the slice
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phase relative to the somewhat slower spins further down. The result is a
phase shift of the spins relative to each other (» Fig. 16). The degree of phase
shift is determined by the duration and amplitude of the phase-encod-
ing gradient and by the physical location of the precessing nuclei along its
length. The phase gain is higher for nuclei closer to the top of the scanner.
When the gradient is switched off after some time, all spins return to their
initial rate of precession yet are now ahead or behind in phase relative to
their previous state. Phase now varies along the y-axis in a linear fashion
and each line within the slice can thus be identified by its unique phase.

The second spatial dimension of the MR signal that needs to be identified
is encoded by changes in frequency along the x-direction. To this end, a fre-
quency-encoding gradient is applied - in our example along the x-axis. This
gradient generates a magnetic field that increases in strength from right to
left. The corresponding changes in Larmor frequencies make spins on the
left side precess slower than the ones on the right side. When we collect
the MR signal while the frequency-encoding gradient is switched on, we
do not obtain a single frequency but a whole frequency spectrum (» Fig. 17)
comprising high frequencies from the right edge of the slice and low fre-
quencies from the left edge. Each column of the slice is thus characterized
by a specific frequency. Frequency and phase together enable unique spatial
identification of each volume element (voxel).

The MR signal measured in this way contains two pieces of information.
The frequency locates the signal along the x-axis. This information can be
extracted directly by applying a Fourier transform (or frequency analysis) to
decompose the signal into its component frequencies along the frequency-
encoding direction. This mathematical operation serves to identify the indi-
vidual frequencies that make up a signal. The phase distribution within each
frequency provides information on the place of origin of the corresponding
signal component along the y-axis. How do we get this second piece of infor-
mation when we merely have the sum of all spins with the same frequency
but different phases? The phases of the individual spins cannot be derived
from a single signal but only from a set of signals. In this respect, the MR
signal is comparable to a mathematical equation with many unknowns (e.g.
256) of which we only have the result but not the individual unknowns.

To calculate the unknowns, one needs as many different equations as there
are unknowns. Applied to the MR signal, this means that we must repeat the
sequence many times with increasing or decreasing gradient strengths. The
set of echoes acquired with different phase encodings allows us to derive the
required phase-encoded spatial information by applying a second Fourier
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Fig.16. Phase encoding by means of the y-gradient. Each horizontal line (e.g. the white
line in the example) is identified by a unique amount of phase shift

B
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Fig.17. Frequency encoding by means of the x-gradient. With the gradient switched off
(left), only a single frequency is received, the Larmor frequency w,. With the gradient
switched on (right), a frequency spectrum is received with each column being identified
by its unique frequency
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transform, this time along the y-axis. Hence, for spatial encoding in two
dimensions, the Fourier transform has to be applied twice, which is why this
technique is called two-dimensional Fourier transform (2D-FT). To perform
such complex calculations — which corresponds to solving a set of equations
with, for example, 256 equations and 256 unknowns — an MR scanner is
equipped with a dedicated computer, a so-called array processor.

Repeated measurements are performed with a specific temporal delay,
the repetition time previously mentioned. The number of phase-encoding
steps performed depends on the desired image quality. More phase-encod-
ing steps improve resolution and image quality but also prolong scan time.

4.1 Three-Dimensional Spatial Encoding

It is sometimes desirable to image a whole volume rather than just a number

of individual slices, for the following reasons:

— The acquired source data set is to be postprocessed, for example, to
generate reconstructions in different planes.

— One wishes to acquire thin slices without drowning the MR signal in
noise. Thin slices yield weaker MR signals because fewer spins are
excited. This drawback can be overcome by benefiting from the stronger
signal generated by an entire volume and extracting the individual slices
afterwards.

If we want to excite an entire volume instead of only a single slice, we
need an additional step to encode spatial information in the third direction
(z). (This is the information provided by the slice-select gradient when a
single slice is scanned.)

In volume imaging, the spatial position of a signal along the z-direction
is encoded by applying an additional phase-encoding gradient, a z-gradient.
As with the phase encoding gradient along the y-axis, the number of rep-
etitions performed with different values of the gradient determines image
resolution in the z-direction, which corresponds to the slice thickness in 2D
imaging. The computation of a volume image is even more time-consuming
because a three-dimensional Fourier transform (3D-FT) with an additional
transform in the z-direction has to be performed. The 3D-FT yields a 3D
data set of a volume without interslice gaps from which reconstructions in
any plane or projections can be generated with the aid of suitable recon-
struction algorithms. These techniques are very useful for MR angiography.

The major drawback of volume imaging is that it may unduly prolong
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scan time since spatial encoding in the x- and y-directions must be per-
formed for each phase-encoding step along the z-axis.

4.2 K-Space

Data collected from the signals is stored in a mathematical area known as
k-space. K-space has two axes with the horizontal axis (k,) representing
the frequency information and the vertical axis (k,) the phase information
(» Fig. 18). It is a graphic matrix of digitized MR data that represents the
MR image before Fourier transformation is performed. Each line in k-space
corresponds to one measurement and a line is acquired for each phase-en-
coding step. The center line (0) is filled with the data that is unaffected by
the phase-encoding gradient (gradient isocenter).

K-space

ky (phase)

A

Measurement 2

-
Measurement 1 o

- ky (frequency)

Fig.18. K-space. k, is the frequency axis, k, the phase axis. The data from each measure-
ment fills a different horizontal line

An MR image is created from the raw data by application of 2D-FT after
the scan is over and k-space is filled. The lines in k-space do not correspond
one to one with the lines in the resulting MR image. Rather, data in the cen-
ter of k-space primarily determines contrast in the image while the periphery
(the outer lines) primarily contains spatial information. When discussing fast
sequences (» Chapter 8), we will also learn how we can speed up scanning
by filling more than one k-space line with a single acquisition.
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5 Factors Affecting the
Signal-to-Noise Ratio

In the preceding chapters we have learned how an MR signal is generated

and how the collected signal is processed to create an MR image. What we

have disregarded so far is that the MR signal can be degraded by noise. Im-

age noise results from a number of different factors:

— Imperfections of the MR system such as magnetic field inhomogenei-
ties, thermal noise from the RF coils, or nonlinearity of signal ampli-
fiers.

— Factors associated with image processing itself.

— Patient-related factors resulting from body movement or respiratory
motion.

The relationship between the MR signal and the amount of image noise
present is expressed as the signal-to-noise ratio (SNR). Mathematically, the
SNR is the quotient of the signal intensity measured in a region of interest
(ROI) and the standard deviation of the signal intensity in a region outside
the anatomy or object being imaged (i.e. a region from which no tissue sig-
nal is obtained).

A high SNR is desirable in MRI. The SNR is dependent on the following
parameters:

— Slice thickness and receiver bandwidth

— Field of view

— Size of the (image) matrix

— Number of acquisitions

— Scan parameters (TR, TE, flip angle)

— Magnetic field strength

— Selection of the transmit and receive coil (RF coil)

Before we discuss the effects of each of these parameters, it is first neces-
sary to clarify some concepts.
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5.1 Pixel, Voxel, Matrix

An MR image is digital and consists of a matrix of pixels or picture elements.
A matrix is a two-dimensional grid of rows and columns. Each square of the
grid is a pixel which is assigned a value that corresponds to a signal inten-
sity. Each pixel of an MR image provides information on a corresponding
three-dimensional volume element, termed a voxel (» Fig. 19). The voxel
size determines the spatial resolution of an MR image.

The size of a voxel can be calculated from the field of view, the matrix size,
and the slice thickness. In general, the resolution of an MR image increases
as the voxel size decreases.

Slice thkchess

el

Fig.19. A voxel is the tissue volume represented by a pixel in the two-dimensional MR
image

5.2 Slice Thickness and Receiver Bandwidth

To achieve optimal image resolution, very thin slices with a high SNR are
desirable. However, thinner slices are associated with more noise, and so the
SNR decreases with the slice thickness. Conversely, thicker slices are associ-
ated with other problems such as an increase in partial volume effects.

The poorer SNR of thin slices can be compensated for to some extent
by increasing the number of acquisitions or by a longer TR. Yet this is ac-
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complished only at the expense of the overall image acquisition time and
reduces the cost efficiency of the MR imaging system.

The receiver bandwidth is the range of frequencies collected by an MR sys-
tem during frequency encoding. The bandwidth is either set automatically
or can be changed by the operator. A wide receiver bandwidth enables faster
data acquisition and minimizes chemical shift artifacts (» Chapter 13.3) but
also reduces SNR as more noise is included. Halving the bandwidth im-
proves SNR by about 30%. With a narrow bandwidth, on the other hand,
there will be more chemical shift and motion artifacts and the number of
slices that can be acquired for a given TR is limited.

An interslice gap is a small space between two adjacent slices. It would
be desirable to acquire contiguous slices but interslice gaps are necessary in
SE imaging due to imperfections of RF pulses. Because the resultant slice
profiles are not perfectly rectangular (» Fig. 20), two adjacent slices overlap
at their edges when closely spaced. Under these conditions, the RF pulse for
one slice also excites protons in adjacent slices. Such interference is known
as cross-talk.
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Cross-talk produces saturation effects and thus reduces SNR (» Fig. 20b).

In selecting an appropriate interslice gap one has to find a compromise
between an optimal SNR, which requires a large enough gap to completely
eliminate cross-talk, and the desire to reduce the amount of information
that is missed when the gap is too large. In most practical applications an
interslice gap of 25-50% of the slice thickness is used.

Alternatively, the undesired saturation of protons in adjacent slices can
be reduced by multislice imaging, which will be discussed in » Chapter 7.3.
Scan times are somewhat longer unless a shorter TR is used.

Gradient echo (GRE) sequences are different. They do not require a 180°
refocusing pulse and thus allow the acquisition of contiguous slices without
interslice gaps.

5.3 Field of View and Matrix

There is a close relationship between field of view (FOV) and SNR. When
matrix size is held constant, the FOV determines the size of the pixels. Pixel
size in the frequency-encoding direction is calculated as the FOV in mm di-
vided by the matrix in the frequency-encoding direction and pixel size in
the phase-encoding direction as the FOV in mm divided by the matrix in the
phase-encoding direction.

As illustrated in » Fig. 21, pixel size changes with the FOV. A smaller
FOV results in a smaller pixel size as long as the matrix is unchanged. Pixel
size is crucial for the spatial resolution of the MR image. With the same
FOV, a finer matrix (i.e. a matrix consisting of more pixels) results in an
improved spatial resolution (» Figs. 22 and 23).

Conversely, a coarser matrix (i.e. one with fewer pixels) results in a poorer
spatial resolution when the FOV is held constant (» Fig. 23).

From what has been said so far, one might conclude that the matrix
should be as large as possible in order to encompass a maximum of picture
elements. This is true in terms of image resolution but the minimum pixel
size is limited by the fact that, in general, SNR decreases with the size of the
voxel.

Another limiting factor is image acquisition or scan time, which increases
in direct proportion to the matrix size. Scan time is the key to the economic
efficiency of all MR systems and can be calculated by a simple equation.

Scan time = TR x number of phase-encoding steps x number of signal
averages (NSA) [echo train length (ETL)].
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Fig. 22. A smaller matrix size with the FOV held constant results in larger pixels and
thus a poorer spatial resolution

A “trick” can be used to achieve a high spatial resolution in a reason-
able scan time. This is done by reducing the field of view only in the phase-
encoding direction (rectangular field of view) and is possible because spa-
tial resolution is determined by the matrix size in the frequency-encoding
direction while scan time is determined by the matrix size in the phase-
encoding direction. Reduction of the matrix size in the phase-encoding di-
rection therefore does not reduce spatial resolution. Filling only one-half
the normal number of phase-encoding lines in k-space reduces imaging
time and the FOV by 50%. However, use of a rectangular FOV may be asso-
ciated with wraparound artifacts when signal outside the FOV in the phase-
encoding direction is mapped back into the image at an incorrect location
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Fig. 23. Effect of matrix size on spatial resolution. Consider we are imaging a smiley
face with a fine matrix (fop) and a coarse matrix (bottom). The pixels representing the
face are black. The two depictions of the face illustrate the much poorer detail resolution
when a coarser matrix (bottom right) is used: pupil and eye cannot be distinguished and
the open mouth appears to be closed

(» Chapter 13). This kind of foldover can be suppressed by specific anti-
aliasing options such as “no phase wrap”. Moreover, reduction of the FOV
in the phase-encoding direction is associated with a slight drop in SNR. A
rectangular FOV is typically used to image the spine and extremities and for
MR angiography.

Scan time can be shortened further on state-of-the-art scanners that al-
low one to use rectangular fields of view in combination with rectangular
pixels.

Finally, various techniques of partial k-space acquisition (» Figs. 24, 25,
and 26) save scan time without one having to change the voxel size. In
partial Fourier imaging, only half the lines (or slightly more) in the phase-
encoding direction are filled (» Fig. 24) while fractional or partial echo imag-
ing (» Fig. 25) refers to a technique with incomplete filling of the frequency-
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Fig. 24. Complete k-space sampling.
Each data point represents one fre-
quency-encoding line and one phase-
encoding line

Fig. 25. Partial Fourier imaging.
Slightly less than half the k-space lines
in the phase-encoding direction are
not sampled (gray dots). These lines are
interpolated

Fig. 26. Fractional echo imaging.
Slightly less than half of the k-space
lines in the frequency-encoding direc-
tion are not filled directly (gray dots).
The unfilled lines represent the echo
portions that have not been sampled.
The resulting MR image has a similar
resolution but poorer SNR compared
with an image generated with com-
plete k-space sampling (» Fig. 24) (as
less “true” data is incorporated)
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encoding lines by sampling only part of each echo. Both techniques rely on
the inherent symmetry of k-space that allows one to interpolate the unfilled
lines and to thus reconstruct an MR image when only half or slightly more
than half the lines of k-space have been sampled. Both methods shorten scan
time but this is accomplished at the expense of SNR. Partial Fourier and frac-
tional echo imaging are needed for fast imaging techniques (» Chapter 8).

In routine 2D Fourier transform or spin-warp imaging, k-space is filled
sequentially one line at a time (linear or Cartesian k-space acquisition).
More sophisticated sequences use spiral k-space trajectories that fill the lines
from the center toward the periphery (elliptical centric ordering of k-space,
CENTRA). In MR angiography, for instance, this technique is used to fill the
center of k-space with the data important for evaluating contrast enhance-
ment patterns.

5.4 Number of Excitations

The number of excitations (NEX) or number of signal averages (NSA) denotes
how many times a signal from a given slice is measured. The SNR, which is
proportional to the square root of the NEX, improves as the NEX increases,
but scan time also increases linearly with the NEX.

5.5 Imaging Parameters

Other parameters affecting the SNR are the sequence used, echo time (TE),
repetition time (TR), and the flip angle. The SNR increases with the TR but
the T1 effect is also lost at longer TRs. Conversely, the SNR decreases as the
TE increases. With a short TE, the T2 contrast is lost. For this reason, the
option of shortening TE to improve SNR is available only for T1-weighted
sequences.

5.6 Magnetic Field Strength

Applying a higher magnetic field strength increases longitudinal magnetiza-
tion because more protons align along the main axis of the magnetic field,
resulting in an increase in SNR. The improved SNR achieved with high-field
systems (» Chapter 14) can be utilized to generate images with an improved
spatial resolution or to perform fast imaging.
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5.7 Coils

An effective means to improve SNR, without increasing voxel size or length-
ening scan time, is selecting an appropriate radiofrequency (RF) coil. In gen-
eral, an RF coil should be as close as possible to the anatomy being imaged
and surround the target organ. The nearer the coil can be placed to the or-
gan under examination, the better the resulting signal. RF coils can be used
either to transmit RF and receive the MR signal or to act as receiver coils
only. In the latter case, excitation pulses are delivered by the body coil. The
basic coil types that are distinguished are briefly described below.

5.7.1 Volume Coils

Volume coils may be used exclusively as receive coils or as combined trans-
mit/receive coils. Volume coils completely surround the anatomy to be im-
aged. Two widely used volume coil configurations are the saddle coil and the
birdcage coil. Volume coils are characterized by a homogeneous signal qual-
ity. Another type of volume coil is the body coil, which is an integral part of
an MR scanner and is usually located within the bore of the magnet itself.
Head and extremity coils are further examples of volume coils.

5.7.2  Surface Coils

Most surface coils can only receive the MR signal and rely on the body coil
for delivery of RF pulses. Combined transmit/receive surface coils are also
available. Surface coils are used for spinal MRI and imaging of small ana-
tomic structures.

573 Intracavity Coils

Intracavity coils are small local receive coils that are inserted into body cavi-
ties to improve image quality as a result of the closer vicinity to the target
organ. In clinical MRI, endorectal coils are used for imaging of the prostate
and the anal sphincter muscle. Experimental applications include endovas-
cular imaging and imaging of hollow organs.
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57.4 Phased-Array Coils

Phased-array coils serve to receive MR signals. A phased-array system con-
sists of several independent coils connected in parallel or series. Each coil
feeds into a separate receiver. The information from the individual receiv-
ers is combined to create one image. Phased-array coils yield images with a
high spatial resolution and allow imaging with a larger field of view as they
improve both SNR and signal homogeneity.

» Table 4 summarizes the factors affecting SNR.

» Table 5 summarizes the effects of matrix size, slice thickness, and FOV on
spatial resolution.

» Table 6 summarizes the effects of different sequence parameters on scan
time.

Table 4. Effects of different imaging and sequence parameters on signal-to-noise ratio
(SNR)

Change in parameter SNR
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Table 5. Effects of matrix size, slice thickness, and field of view (FOV) on spatial resolu-
tion

Change in parameter Spatial resolution

Table 6. Effects of different sequence parameters on scan time

Change in parameter Scan time
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6 The MR Scanner

All major components of an MRI system have now been mentioned. They

are (» Fig. 27):

— A strong magnet to generate the static magnetic field (Bo).

— A gradient system consisting of three coils to produce linear field
distortions in the x-, y-, and z-directions and the corresponding
amplifiers.

— A radiofrequency (RF) transmitter with a transmit coil built into the
scanner.

— A highly sensitive RF receiver to pick up and amplify the MR signal.
Alternatively, imagers may use a single RF coil switched between the
transmit and receive modes.

— Additional coils, either receive coils or transmit/receive coils.

— Various computers for controlling the scanner and the gradients (control
computer), for creation of the MR images (array processor), and for
coordinating all processes (main or host computer, to which are con-
nected the operator’s console and image archives).

— Otbher peripheral devices such as a control for the patient table, electro-
cardiography (ECG) equipment and respiration monitors to trigger
specialized MR sequences, a cooling system for the magnet, a second
operator’s console (e.g. for image processing), a device for film expo-
sure, or a PACS (picture archiving and communications system).
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Fig. 27. The major components of an MR scanner

6.1 The Magnet

The main magnetic field generated by the magnet must have the following

features:

— An adequate strength, which typically ranges from 0.1 to 3.0 T in
medical MR imaging.

— A high stability without fluctuations in field strength.

— The best homogeneity possible with a uniform strength throughout the
entire field and without “holes”. Field homogeneity is usually expressed
in ppm relative to the main field over a certain distance. Inhomogenei-
ties throughout the scan volume should be below 5 ppm (0.0005%).
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Three types of magnets are distinguished:

— Resistive magnets are conventional electromagnets that depend on a high
and constant power supply to create a magnetic field. The maximum
field strength generated by resistive magnets is about 0.3 T. Their major
disadvantages are the high operating costs due to the large amounts of
power required and a field homogeneity that is often poor. An advan-
tage is the safety of the system as the field can be turned off instantly in
an emergency.

— Permanent magnets consist of ferromagnetic substances and create a
magnetic field that is maintained without an external power supply.
However, permanent magnets are very heavy, can generate a field with
a maximum strength of only 0.5 T, and rely on a constant external
temperature.

— Superconducting magnets consist of a coil made of a niobium-titanium
(Nb-Ti) alloy whose resistance to current flow is virtually eliminated
when cooled to near absolute zero (about 4°Kelvin or -269°C). In this
superconducting state, which is achieved using coolants known as
cryogens (usually liquid helium), a current once induced flows practi-
cally forever. Once the magnetic field has been established, it is main-
tained without additional power input. Very strong and highly homoge-
neous magnetic fields of up to 18 T can be generated using super-
conducting magnets. However, liquid helium evaporates and must be
resupplied regularly. In an emergency it is not possible to simply switch
off the magnet. About 95% of all MR systems used today have super-
conducting magnets. A quench refers to a magnet’s sudden loss of
superconductivity with subsequent breakdown of the magnetic field and
may be induced by very minute movements of the coil. Due to the
frictional energy released by this process, the coil temperature rises
above the superconductivity threshold and the coils suddenly develop
resistance. The current passing through an area of elevated coil re-
sistance creates heat, which causes a sudden boiloff of cryogens. The
risk of quenches is reduced by insulation of the Nb-Ti with an extra
copper winding. Magnetic quenches are serious events but have become
rare with the use of state-of-the-art magnet technology.

Magnetic field homogeneity is a primary consideration in medical MRI,
regardless of the magnet used. To achieve an optimal homogeneity, it is often
necessary to make adjustments known as shimming. This is done either pas-
sively by placing pieces of sheet metal at certain locations within the magnet
bore and on the outer surface of the scanner or actively by the activation of
specialized coils of which over 20 may be present in a scanner.



44

Another important aspect is shielding of the magnet, which serves to
control the fringe fields external to the magnet. In the past, fringe fields
were contained mainly by incorporating large amounts of iron into the walls
and the ceiling of the scanner room (10-20 tons!). Because of weight and
expense, this form of shielding is increasingly being abandoned and mag-
nets with integrated or active shielding are used instead. Actively shielded
magnets have a double set of windings of which the inner one creates the
field while the outer one provides return paths for the magnetic field lines.

6.2 The Gradient System

Magnetic field gradients are applied for slice selection and spatial encod-
ing (» Chapter 4). A set of three separate gradient coils, each with its own
amplifier, is needed to alter the magnetic field strength along the x-, y-, and
z-axes. These are switched on separately or in combination, e.g. to define
an oblique slice. The isocenter is the geometric center of the main magnetic
field, where the field strength is not affected by any of the three gradients.
The gradient coils generate magnetic fields that are small compared with
the main field but nevertheless need a current of several hundred amperes.
The changing magnetic fields generated when the gradients are switched
lead to the typical banging sound heard during an MR scan. Similar to a
loudspeaker, which is nothing but a coil inside a magnetic field, the gradient
coils “try to move” when the current is switched on and off, which causes a
noisy clanging.

Despite the high currents, the gradient fields must be extremely stable in
order to prevent image distortions. Moreover, it has been shown for gradi-
ent coils as well that actively shielded coils (» Chapter 6.1) are superior to
the simpler versions: with smaller fringe fields, there is less external RF in-
terference (induction of so-called eddy currents, » Chapter 13.7).

Gradient performance is measured by three parameters:

— Maximum gradient strength (in units of mT/m)
— Rise time - time to maximum gradient amplitude
— Slew rate — maximum gradient amplitude/rise time
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6.3 The Radiofrequency System

The radiofrequency (RF) system comprises a powerful RF generator (the
Larmor frequency at 1.5 T is 63.8 MHz, which is in the range of FM trans-
mitters) and a highly sensitive receiver. The stability of these two compo-
nents is crucial: as both the frequency and the phase of the signal are needed
for spatial encoding, any distortions, e.g. by phase rotation introduced by
the receiver, would result in a blurred image. Moreover, to adequately detect
the weak MR signal, effective RF shielding of the scanner room is necessary
to prevent interference from external sources. This can be achieved by hous-
ing the magnet in a closed conductive structure known as a Faraday cage.

The RF subsystem also includes the transmit and receive coils. These
may be combined coils acting as both transmitters and receivers such as
the body coil which is integrated into the scanner. It is not visible from the
outside and consists of a “cage” of copper windings encircling the patient.
The RF transmitter serves to deliver pulses that correspond to the resonant
frequency of hydrogen atoms.

As discussed in » Chapter 5, the SNR can be modulated by employing
coils other than the body coil. Careful coil selection according to the anat-
omy being imaged is important for optimizing image quality.

6.4 The Computer System

The computers of an MRI system control and coordinate many processes
ranging from turning on and off gradients and the RF coils to data handling
and image processing.
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7 Basic Pulse Sequences

Let us once again go through the different steps that make up an MR pulse
sequence.
— Excitation of the target area

- Switching on the slice-selection gradient,

- Delivering the excitation pulse (RF pulse),

- Switching off the slice-selection gradient.

— Phase encoding
- Switching on the phase-encoding gradient repeatedly, each time with a
different strength, to create the desired number of phase shifts across
the image.
— Formation of the echo or MR signal
- Generating an echo, which can be done in two ways (discussed
below).
— Collection of the signal

- Switching on the frequency-encoding or readout gradient,

- Recording the echo.

These steps are repeated many times, depending on the desired image
quality. A wide variety of sequences are used in medical MR imaging. The
most important ones are the spin echo (SE) sequence, the inversion recov-
ery (IR) sequence, and the gradient echo (GRE) sequence, which are the
basic MR pulse sequences.

We have already briefly mentioned echoes (» Chapter 3) and said that
some time must elapse before an MR signal forms after the hydrogen pro-
tons have been excited. Now we can explain why this is so:

— Before an MR signal can be collected, the phase-encoding gradient
must be switched on for spatial encoding of the signal.

— Some time is also needed to switch off the slice-selection gradient and
switch on the frequency-encoding gradient.
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— Finally, formation of the echo itself also takes time, which varies with
the pulse sequence used.

7.1. Spin Echo (SE) Sequences

Spin echo sequences use a slice-selective 90° RF pulse for excitation, after
which transverse magnetization decays with T2*, as discussed in » Chap-
ter 2. Dephasing occurs because some spins precess faster than others as a
result of the static magnetic field inhomogeneities that are always present.
This is why after half of the echo time (TE) has elapsed, a 180° RF pulse is
delivered to reverse or refocus the spins: those spins that were ahead before
are now behind and vice versa. However, the spins that are now behind will
catch up as they are still exposed to the same field inhomogeneities that
caused the phase differences in the first place. Thus, after the second half
of the TE interval has passed, all spins meet once again in phase. This is the
moment at which the echo forms (» Fig. 28). The role of the 180° refocus-
ing pulse in generating the spin echoes can be illustrated by considering a
race in which a number of runners start together and, after some time, are
given a signal to go back. At the time the signal is given, the fastest runners
will have covered the longest distance but also have the longest way back.
Assuming that everyone is still running at their initial speed, they will all
arrive at the starting line together. (The analogy is not quite correct since
it is not the direction of precession that is reversed but merely the position
of the spins on the precessional path relative to each other. Applied to the
example of the race, a magician would have to reverse the order of the run-
ners without their noticing!)

The 180° refocusing pulse then serves to eliminate the effects of static
magnetic field inhomogeneities (T2*) but cannot compensate for variable
field inhomogeneities that underlie spin-spin interaction (T2). Therefore,
the magnetization decay that occurs after excitation is slower as it is a func-
tion of T2 rather than T2*. Because of this decay, the transverse magnetiza-
tion component is smaller at the time the echo is collected than immedi-
ately after excitation though the decrease in signal is less pronounced than
it would be without application of the 180° refocusing pulse. Again, in our
analogy, this means that not all runners arrive at the starting line together
because they do not always run at a constant speed.

Spin echo sequences are characterized by an excellent image quality pre-
cisely because the effects of static field inhomogeneities are eliminated by
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Fig. 28. SE sequence. The excitation pulse always has a flip angle of 90° the dephased
spins are refocused into the spin echo by the 180° pulse. The dashed lines indicate the
phase-encoding steps

application of the 180° refocusing pulse. The tradeoft is a fairly long scan
time, which makes the sequence highly sensitive to motion artifacts. SE se-
quences are still used as the standard sequences for acquiring T1-weighted
or PD-weighted images. They are preferred for PD imaging because they are
less susceptible to motion artifacts compared with FSE sequences.

7.2 Black Blood Effect

The black blood effect, or outflow effect, refers to a natural high contrast be-
tween flowing blood and tissue. It is a specific feature of SE sequences due to
the long echo time. Flowing blood appears black because it does not give a
signal. This has two reasons:
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— All or most of the blood leaves the imaging slice during the long TE and
thus the spins are not affected by the 180° refocusing pulse.

— In case of turbulent blood flow, there is additional signal loss due to
phase dispersion.
Based on the fact that normal flowing blood is black, we can explain those

cases where the outflow effect does not occur:

— If there is slow blood flow, excited blood stays in the slice and produces a
signal.

— Excited blood may also remain within a slice and become visible if a
long segment of a blood vessel lies within the imaging slice.

— In case of thrombosis, a fresh thrombus will yield a bright signal while
an older, organized thrombus appears somewhat darker.

7.3 Multislice Imaging

Conventional imaging with inactive repetition times (TR) between two
successive excitation pulses is highly inefficient, especially when using se-
quences with long scan times and long TRs (e.g. scan time of almost 3 min
for acquisition of a T1-weighted SE image with 256 excitations and a TR
of 500 msec). The “wait times” or “dead times” can be put to good use by
exciting and recording signals from other slices during this period. In this
way, 12 slices instead of only one can be acquired in the same time (or even
up to 30 slices for T2-weighted sequences with TRs of 2000-4000 msec;
» Fig. 29).

A disadvantage of multislice imaging is that, due to imperfect slice pro-
files or RF pulses, protons outside the selected slice will also be excited. As
a result, there will be less longitudinal magnetization and a weaker MR
signal.

7.4 Inversion Recovery (IR) Sequences

Inversion recovery (IR) sequences are typically used for TI-weighted or fat-
suppressed imaging but they can also be used to acquire T2-weighted im-
ages.

An IR sequence is an SE sequence with an additional 180° inversion pulse
that precedes the usual 90° excitation pulse and 180° rephasing pulse of a
conventional SE sequence. The inversion pulse flips longitudinal magnetiza-
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Fig. 29. Multislice imaging (interleaved acquisition). The inactive repetition time, TR,
for the first slice is used productively to acquire data from other slices. In the example
shown, we thus obtain four slices instead of only one in the same time. (The rectangles
represent the different slices)
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Fig. 30a-c. Inversion recovery sequence with T1 relaxation. Following the 180° inver-
sion pulse (a), the longitudinal magnetization vector points in the opposite direction (b).

T1 relaxation takes place from -z to +z (¢, d). No signal forms as long as there is no vec-
tor component in the transverse plane (the null point of a tissue)

Y

tion from the positive z-direction into the negative z-direction (» Fig. 30),
which is indicated by the longitudinal magnetization vector now pointing
in the opposite direction. As no component of the magnetization vector is
in the transverse plane, no signal forms after delivery of the 180° RF pulse.
Instead, the inverted longitudinal magnetization vector moves through the
transverse plane to return to its original orientation. After some relaxation
has occurred, the 90° pulse of the SE sequence is applied. The time between
the 180° pulse and the 90° RF pulse is the inversion time (TI).

Image contrast can be manipulated by changing the inversion time. With
a short TI and delivery of the 90° excitation pulse immediately after the 180°
inversion pulse, all negative longitudinal magnetization is flipped into the
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transverse plane. With a longer interval, less longitudinal magnetization is
tilted into the transverse plane and a weaker signal is generated. If, however,
inversion time is long enough to allow full relaxation, the signal again be-
comes stronger.

Two IR techniques are widely used in routine clinical applications: the
short TT inversion recovery (STIR) sequence and the fluid-attenuated inver-
sion recovery (FLAIR) sequence.

7.5 STIR Sequences

STIR (short TT inversion recovery) sequences are widely used for fat sup-
pression because they reliably eliminate the signal from fat at all magnetic
field strengths. A standard STIR sequence inverts the longitudinal magneti-
zation of both fat and water by delivery of the 180° pulse, which is followed
by a TI of some hundred milliseconds. To suppress the fat signal, the TT is
adjusted such that the 90° RF pulse is emitted exactly at the moment when
fat passes through zero. The TI for fat suppression is about 150 msec at a
field strength of 1.5 T and about 100 msec at 0.5 T.

7.6 FLAIR Sequences

FLAIR (fluid-attenuated inversion recovery) is an inversion recovery tech-
nique that differs from STIR in that very long TI values (typically about
2000 msec) are used. Another difference is that FLAIR sequences are FSE
sequences. With such long inversion times, there is nearly complete sup-
pression of the signal from cerebrospinal fluid (CSF) while there is excel-
lent detection of signals from brain tissue, tumors, edema, and fat. FLAIR
sequences a very useful for detecting lesions with a poor contrast to sur-
rounding brain tissue.

7.7 Gradient Echo (GRE) Sequences

Gradient echo sequences are also known as gradient-recalled echo or fast-
field echo (FFE) sequences. As suggested by the name, GRE sequences em-
ploy the gradient coils for producing an echo rather than pairs of RF pulses.
This is done by first applying a frequency-encoding gradient with negative
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polarity to destroy the phase coherence of the precessing spins (dephasing).
Subsequently, the gradient is reversed and the spins rephase to form a gradi-
ent echo (» Fig. 31).
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Fig. 31. Gradient echo sequence. For the sake of simplicity, a flip angle a of 90° is as-
sumed here as well

Since no 180° refocusing pulse is needed to generate gradient echoes,
very short repetition times (TR) can be achieved. As TR is a major deter-
minant of the overall scan time of a GRE sequence — and of most other
sequences — much faster imaging is possible compared with SE and IR se-
quences, which is the most important advantage of GRE imaging. As a re-
sult, GRE sequences are less frequently troubled by motion artifacts and are
thus preferred whenever a short scan time is desirable. A disadvantage of
a short TR is that the time available for T1 relaxation is also short. This
may lead to saturation and reduce the SNR when a large flip angle is used.
Because no 180° RF pulse is delivered, static field inhomogeneities are not
compensated for and the signal decays with T2*. The image contrast result-
ing from differences in the T2* decay of various tissues is called T2* con-
trast. The T2* contrast of GRE images is affected by TE, which should be as
short as possible to achieve optimal T1 weighting (to minimize T2* contrast
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and to reduce susceptibility effects). Conversely, a longer TE is selected to
accentuate T2* contrast. T1 effects are minimized by simultaneously using a
long TR. T2*-weighted images are useful to detect calcifications or deposits
of blood products in tissues with a very short T2 such as connective tissues.
GRE sequences are also used in conjunction with the administration of iron
oxide-based contrast media (» Chapter 12).

One problem, however, needs to be briefly mentioned. Since some GRE
sequences are very fast and use very short repetition times, it is highly likely
that part of the signal will be “left over” from cycle to cycle. This signal must
be destroyed when T1-weighted images are acquired. The purposeful de-
struction of the residual MR signal is called spoiling and is accomplished by
turning on the slice-select gradient an additional time to dephase the spins
before the next RF pulse is applied. Spoiled GRE sequences are widely used
in the clinical setting and are available from all manufacturers of MR scan-
ners.

Popular spoiled GRE sequences are SPGR (spoiled gradient echo) and
FLASH (fast low angle shot). The contrast in spoiled GRE sequences can be
manipulated as follows:

— T1 weighting increases as TR decreases;
— T1 weighting increases with the flip angle;
— T2* weighting increases with TE.

Proton density-weighted images are generated with a fairly long TR
(100-400 msec), a low flip angle (<20°), and a short TE (5-10 msec).
T2*-weighted images result when a long TR (20-500 msec) and long TE
(2-50 msec) are used. T1 weighting is achieved by a short TR (20-80 ms),
short TE (5-10 msec), and a flip angle of 30-50°.

Spoiled GRE sequences can be acquired in the 2D or 3D mode. The 3D
spoiled GRE technique enables volumetric thin-slice imaging without inter-
slice gaps and allows for multiplanar reformatting.

A special type of GRE sequence used for routine MR imaging is the
steady-state free precession (SSFP) sequence. SSFP is an unspoiled sequence
in that part of the phase coherence of transverse magnetization is preserved
from one TR interval to the next. This means that the transverse magne-
tization generated with a single RF pulse contributes to the formation of
several echoes. Various acronyms are used by different manufacturers to
designate SSFP sequences such as GRASS (gradient-recalled acquisition in
the steady state) or FISP (fast imaging with steady-state precession). Further
developments of the SSFP technique are FIESTA (fast imaging employing
steady-state acquisition), balanced FFE (fast-field echo), and true FISP. FI-
ESTA and true FISP are T2-weighted GRE sequences whose image contrast
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is determined by the T2/T1 ratio. Blood has a high T2/T1 ratio and there-
fore appears bright on SSFP images. Another advantage of SSFP is that it is
not very prone to flowing blood. SSFP sequences are characterized by very
short scan times and are thus well suited for vascular imaging and real-time
imaging of moving organs such as the heart (» Chapter 11.6).

7.8 Multiecho Sequences

Several echoes can be generated in a single cycle with both SE and GRE

sequences: additional spin echoes are produced by applying extra 180° re-

focusing RF pulses while multiple gradient echoes are generated by repeat
reversal of the frequency-encoding gradient. Multiecho techniques are em-
ployed for two reasons:

— The generation of multiple echoes enables acquisition of a sequence
with several measurements that differ in their echo times and T2
weightings. For instance, a repetition time of 2000 msec with echo times
of 20 msec for the first and 80 msec for the second echo allows acquisi-
tion of a proton density-weighted image (20 msec) and a T2-weighted
image (80 msec) with a single measurement. The multiecho technique is
routinely used in the clinical setting (» Fig. 32).

— The multiecho technique accelerates data acquisition and can be used for
ultrafast imaging (» Chapter 8).
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Fig. 32. Multiecho SE sequence. A second 180° refocusing RF pulse (4) is applied to
generate a second echo (5), resulting in an image with heavier T2 weighting due to the
longer TE. The second 180° pulse is delivered exactly midway between the first (3) and
the second (5) echo
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8 Fast Pulse Sequences

There are several reasons why it is desirable to speed up scanning.

— A fast sequence allows one to perform dynamic studies, e.g. to track a
contrast medium bolus.

— Shorter acquisition is less prone to motion artifacts, which is especially
important in uncooperative patients.

— A sequence that is fast enough can be acquired during breath-hold and
thus yields images without respiratory artifacts.
Various techniques are available to shorten scan time:

— Use of state-of-the-art gradient and RF systems to full capacity and
more effective timing of conventional sequences ([ultra-]fast GRE).

— Sampling of multiple echoes with different phase encodings (FSE, echo
planar imaging).

— Incomplete filling of k-space (fractional echo imaging, partial Fourier
imaging, rectangular field of view).

8.1 Fast orTurbo Spin Echo Sequences

Fast spin echo (FSE) sequences (also called turbo spin echo (TSE) se-
quences by some manufacturers) are modified SE sequences with consid-
erably shorter scan times. This is accomplished by delivering several 180°
refocusing RF pulses during each TR interval and briefly switching on the
phase-encoding gradient between echoes. In this way, optimal use is made
of the TR interval by sampling several echoes with different phase encodings
after each excitation pulse (» Fig. 33). The series of spin echoes thus gener-
ated is called an echo train and the number of echoes sampled is the echo
train length (ETL). The imaging time of an FSE sequence is calculated as:
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Scan time = TR X number of phase-encoding steps x number of signal
averages [ETL]

ETL is the echo train length and refers to the number of echoes sampled
per echo train.

FSE sequences are not only faster but differ from conventional SE tech-
niques in a number of other ways as well.

— FSE sequences have a longer TR in order to deliver as many 180°
refocusing RF pulses as possible. The TR of FSE is 4000 msec or greater
compared with 2000-2500 msec for SE sequences. With their longer
TR, FSE sequences are well suited for the acquisition of T2-weighted
images.

— The TE of FSE sequences for T2-weighted images is also longer.

The fact that several echoes can be generated after a single excitation pulse
is exploited in conventional imaging to acquire a proton density-weighted
(intermediate-weighted) image and a T2-weighted image with the same se-
quence (» Chapter 7.8). Alternatively, the multiecho technique can be used
to acquire faster sequences.

ESE sequences can be used to perform double echo imaging by splitting
the echo train. With an echo train length of eight, for example, the first four
echoes can be used to generate a proton density-weighted image and the last
four echoes to generate a T2-weighted image.

8.2 Single-Shot Fast Spin Echo (SSFSE) Sequences

Single-shot fast spin echo (SSFSE) and half-Fourier acquisition single-shot fast
spin echo (HASTE) are alternative names for a very fast MR technique with
scan times of 1 sec or less. The technique is based on incomplete k-space
filling (fractional echo and partial Fourier imaging). “Single-shot” indicates
that half of the k-space lines are filled after only one RF excitation pulse.
The speed of acquisition reduces motion artifacts to a minimum. Because
of the long echo times, SSFSE or HASTE images selectively depict tissues
with long TEs, i.e. compartments containing free liquid, whereas tissues
with short or medium-length TEs are not shown. For this reason, the SSFSE
or HASTE technique is used for MR myelography, MR urography, and MR
cholangiopancreatography (MRCP).
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Fig. 33. Fast spin echo sequence. Four 180° refocusing RF pulses are applied to cre-
ate four echoes (echo train). Since, in contrast to the multiecho technique, the phase-
encoding gradient is switched on before each echo, the four echoes obtained after a sin-
gle excitation pulse have different phase encodings. In the example shown, T2 contrast is

determined principally by the third echo (effective TE, » Chapter 8.9)

8.3 Fast or Turbo Inversion Recovery (Fast STIR) Sequences

Modifying the echo trains of an IR sequence is especially effective because
the extremely long TRs allow for full T1 relaxation to occur. Fast or turbo
inversion recovery (fast STIR) sequences have the same inversion time as
conventional STIR sequences and also use an initial 180° inversion pulse
but sample all echoes of an echo train with different phase encodings.

8.4 Fast Gradient Echo (GRE) Sequences

Fast gradient echo (GRE) sequences (also known as turbo gradient echo or
ultrafast gradient echo sequences) used in conjunction with state-of-the-art
gradient systems (active shielding) achieve echo times below 1 msec with
repetition times of 5 msec or less. Fast GRE is basically a conventional GRE
sequence that is run faster and uses some mathematical tricks, primarily
incomplete filling of k-space (fractional echo and partial Fourier imaging,
» Chapter 5.3). Fast GRE sequences yield an excellent image quality al-
though a slice can be acquired in only a few seconds (typically 2-3 sec).
Such sequences are highly suitable for dynamic imaging, for example, to
track the inflow of a contrast medium bolus. Moreover, fast GRE techniques
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are used for imaging body regions where motion artifacts must be elimi-
nated such as the chest (respiratory motion) and the abdomen (peristalsis).

Fast spoiled GRE techniques employ a smaller flip angle, typically less
than 45°, for optimal T1 weighting. This improves SNR since there is less
time for T1 relaxation when TR is short (saturation, » Chapter 3).

8.5 Echo Planar Imaging (EPI) Sequence

Echo planar imaging (EPI) enables ultrafast data acquisition, making it an

excellent candidate for dynamic and functional MR imaging. This method

requires strong and rapidly switched frequency-encoding gradients. An
echo train consisting of up to 128 echoes can be acquired (» Fig. 34). In
this way, it is possible to obtain an image with a resolution of 256x128 after

a single excitation pulse (single shot) in 70 msec, which corresponds to 16

images per second! However, EPI still has to tackle a couple of problems,

which have so far precluded its routine clinical use. These are:

— As a GRE technique, EPI cannot compensate for field inhomogeneities
and the signal decays with T2*.

— The rapidly switched gradients induce field inhomogeneities that
accumulate over time, causing geometrical distortions of the MR image.

— Due to rapid T2* decay of the signal, there is only little time for echo
collection. To perform an adequate number of measurements in the
short interval available, a very strong and fast gradient is needed. The
speed of gradient switching is limited by the electrical inertia of the
gradient coils and by the risk of damage to the person being imaged as a
result of nerve stimulation associated with rapidly changing magnetic
fields. Moreover, rapid gradient switching is so noisy that patients need
ear protection!

— Image contrast is often rather poor since a single-shot acquisition
involves no repetition and hence there is no T1 effect. Contrast can be
improved by applying a presaturation pulse but only at the expense of
the signal-to-noise ratio, which is already poor.

8.6 Hybrid Sequences

Hybrid techniques generate and record a series of alternating SEs and GREs.
GRASE (gradient and spin echo) and spiral imaging are hybrid techniques.
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Fig. 34. Echo planar imaging (EPI). As with the FSE technique, several echoes (eight in
the example shown) are generated with different phase encodings. In contrast to FSE, the
echoes are not generated with a 180° RF pulse but with the frequency-encoding gradient
- as in a GRE sequence. This technique requires powerful amplifiers since the frequency-
encoding gradient must be reversed very rapidly. The peaks of the phase-encoding gra-
dient are called “blips”

8.7 Gradient and Spin Echo (GRASE) Sequence

A gradient and spin echo (GRASE) sequence is a combination of FSE and
EPI. A series of 180° RF pulses is applied to generate several spin echoes
(as in FSE). In addition, several GREs are produced for each SE by rapidly
switching the readout gradient polarity. This makes the GRASE technique
even faster than FSE without impairing image quality as the signal decays
with T2 rather than with T2*. The contrast achieved is the same as that ob-
tained with conventional SE sequences.

8.8 Spiral Sequences

Spiral sequences derive their name from the fact that k-space is filled using
a spiral trajectory. Spiral imaging is performed with a GRE sequence com-
bined with two oscillating gradients. It is a promising approach, especially
for real-time imaging of the heart.



62

8.9 EchoTime and T2 Contrast in Fast Sequences

In conventional SE and GRE imaging, only one echo is formed after each
excitation. As a result, all echoes sampled for an image have the same echo
time and thus the same T2 weighting. The T2 weighting of an image gener-
ated in this way is well defined.

In contrast, fast SE and EPI sequences generate several echoes with dif-
ferent T2 weightings, all of which contribute to the contrast of the resulting
image. This is why one of the echoes is selected to mainly determine T2 con-
trast (in » Fig. 33 the third of four echoes). Its echo time is called effective
echo time (effective TE). However, we must be aware that the other TEs also
contribute to the T2 contrast.

Technically, the echo is selected by recording it in such a way that it fills
the center of k-space (» Chapter 4.2), which contains the data that most
strongly affect image contrast.
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9 Fat Suppression Techniques

Several techniques are employed in clinical MR imaging to reduce (sup-

press) the signal from fat.

— Chemical shift imaging based on the time-dependent phase shifts
between water and fat

— Frequency-selective fat saturation (fat sat pulse)

— T1-dependent fat suppression (STIR)

— Spectral presaturation with inversion recovery (SPIR)

9.1 Chemical Shift Imaging

As already mentioned, the same atomic nucleus differs slightly in its reso-
nant frequency when bound in different molecules or at different molecular
sites. This type of resonant frequency difference is known as chemical shift.
The chemical shift can be given in Hertz (Hz), which is proportional to the
strength of an external magnetic field to which the protons are exposed, or
as “parts per million” (ppm), a unit which is independent of the magnetic
field strength.

The chemical shift most important in clinical imaging is that between
protons in fat and water. The resonant frequency of fat protons bound in
long-chained fatty acids (e.g. triglycerides) and water protons differs by 3.5
ppm, which, at a field strength of 1.5 T, causes fat to precess 225 Hz slower
than water (» Fig. 35). If the water and fat protons are in the same voxel,
the precessional frequency difference will become apparent as a phase dif-
ference after magnetization has been tilted into the xy-plane and transverse
relaxation has occurred. Over time, fat and water protons fall alternately
in and out of phase with each other. They are said to be in opposed phase
when their phase difference is 180°. At 1.5 T fat and water protons will be
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Fig.35. Chemical shift between fat and water. The resonant frequencies of fat and water
protons are separated by approximately 3.5 ppm, which translates into a difference of 225
Hzat15T

180° out of phase 2.2 msec after excitation and in phase again after 4.4 msec.
After another 2.2 msec they will again be out of phase and so on. In clinical
MR imaging, these time-dependent phase shifts between the two protons
are exploited to suppress the fat (or water) signal selectively. In an image
acquired under in-phase conditions, the transverse magnetization compo-
nents of water and fat protons which are in the same voxel add together
and produce a strong signal, while in an out-of-phase image either water
or fat alone contributes to the signal (» Fig. 36). The differences in signal
intensities between in-phase and opposed-phase images can help differenti-
ate benign and malignant lesions in clinical MR imaging. If an organ lesion
contains fat, this will cause a decrease in intralesional signal intensity on the
opposed-phase image compared with the in-phase image. This technique
is known as chemical shift imaging and, for example, has a role in the MR
evaluation of adrenal tumors, where the presence of fat is an important cri-
terion for lesion characterization.
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Fig. 36a-c. Phase differences between fat (gray arrow) and water (black arrow) as a
function of echo time (TE). At an external magnetic field strength of 1.5 T, the transverse
magnetization vectors of fat and water point in opposite directions at TE=2.2 msec (b),
resulting in a weak MR signal. (c) At TE =4.4 msec, water and fat are back in phase and
both contribute to the MR signal

A technique of chemical shift imaging for the selective suppression of
the signals from either fat or water was proposed by Dixon. In this method
two sets of images are acquired, one with fat and water signals in phase and
the other with fat and water signals out of phase. The signal intensities of
the two images obtained with this method (image 1 and image 2) can be
described as:

— Image 1 = water plus fat
— Image 2 = water minus fat

By adding image 1 and image 2, a pure water image (water plus water) is
reconstructed while subtracting image 2 from image 1 generates a pure fat
image.

9.2 Frequency-Selective Fat Saturation

Because water and fat have different resonance frequencies, it is possible
to selectively saturate the spectral peak of either water or fat by applying
a frequency-selective RF pulse before imaging. “True” saturation methods
deliver the RF pulse after calibration has been performed to exactly deter-
mine the spectral peak of fat. These methods are frequently used in MR
spectroscopy but not in routine clinical MR imaging, where fat suppression
is generally accomplished by means of a spoiling technique. A fat sat pulse
is a short frequency-selective 90° RF pulse that is applied to rotate the fat
magnetization into the transverse plane. While in the transverse plane, the
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Fig. 37. Frequency-selective fat suppression. A frequency-selective 90° RF pulse is ap-
plied to rotate the fat magnetization vector into the transverse plane (a, b). The fat spins
begin to dephase, which is accelerated by applying a spoiler gradient. Thus, only the
longitudinal magnetization of water is available for subsequent excitation (c)

fat magnetization is dephased by application of a spoiler gradient, leaving
only the longitudinal magnetization of water for excitation during the next
cycle (» Figs. 36 and 37).

Frequency-selective fat suppression techniques are typically used on
high-field scanners while STIR sequences are preferred on low-field scan-
ners.

9.3 Short Tl Inversion Recovery (STIR)

STIR sequences provide reliable fat suppression at all field strengths. They
are mainly used for fat suppression on low-field scanners and in all other in-
stances where adequate fat suppression cannot be achieved by means of fre-
quency-selective techniques. The principal function of the STIR sequence is
described in » Chapter 7.5.

9.4 Spectral Presaturation with Inversion Recovery (SPIR)

SPIR is similar to STIR in that it is an inversion technique for fat suppression.
However, while the STIR sequence uses an initial 180° saturation pulse, the
SPIR technique employs an initial inverting pulse that is made frequency-
selective and only inverts fat magnetization. Note that SPIR is not a pulse
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sequence but merely an additional module that can be applied prior to other
pulse sequences. The SPIR module is typically used to obtain fat-suppressed
images in conjunction with a T1-weighted sequence.



10 Parallel Imaging

KLAAS P. PRUESSMANN

10.1 Background

The fast MR sequences presented in the preceding chapters are basically
conventional sequences that are run faster. With these sequences, much
shorter scan times are achieved but the extent to which data acquisition can
be accelerated in this way is limited by the available hardware, in particular
the performance and slew rates of the gradient coils used for frequency and
phase encoding. Moreover, the use of ever more powerful gradients with
higher slew rates is limited by physiological considerations such as the risk
of peripheral nerve stimulation.

Another concern is that RF energy deposition in a tissue leads to heating
(specific absorption rate, SAR). To ensure patient safety, SAR limits have
been defined for MR imaging. These limits may be exceeded when fast im-
aging protocols with large flip angles or extremely short repetition times are
used.

10.2 Principles of Parallel Imaging

Parallel imaging methods offer an interesting solution to the limitations just
outlined. These techniques use a set of surface coils placed side by side for
the simultaneous acquisition of several reduced data sets. Such a multiple
receiver coil array allows for further shortening of acquisition time but in
a way that is fundamentally different from the techniques used in conven-
tional fast sequences. In parallel imaging, scan time is shortened by reduc-
ing the number of phase-encoding steps rather than by further speeding up
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the succession of steps. The desired scan time reduction is thus achieved
without faster gradient switching rates and without increasing the risk of
tissue heating.

Specifically, the number of phase-encoding steps is reduced by incom-
plete sampling of k-space. When k-space is filled less densely by collecting
fewer phase-encoding spin echoes, a linear reduction in scan times results
because image acquisition time is proportional to the number of phase-
encoded echoes collected. For example, scan time can be reduced by 50
percent if only every other line is filled. The immediate effect, however, is
an undesired one, namely a smaller field of view in the phase-encoding di-
rection (> Fig. 38) and the occurrence of wraparound artifacts. This means
that parts of the imaged volume that extend beyond the FOV are spatially
mismapped to the opposite side of the image.

Parallel data aquisition Individual images Reconstructed image

o Reduction of phase-encoding e Reduced field of view in o Complete FOV without
steps (factor of 1.0-4.0) phase-encoding direction wraparound artifacts

o Receiver coil array o Different signal weighting resulting e Homogeneous weighting
(at least 2 coil elements) from differences in coil sensitivity

Fig. 38. In parallel imaging, an array of receiver coils simultaneously collect the MR
signals. Scan time is shortened by reducing the number of phase-encoding steps. As
a result, the individual images are obtained with a smaller FOV and show the typical
wraparound artifacts. A complete image without wraparound artifacts is reconstructed
by combining the individual images

These wraparound artifacts can be eliminated by using parallel imaging.
In this technique, each element of the array of coils yields a separate image
with a small FOV where part of the image information is obscured by wrap-
around artifacts. However, the superimposed portions are characterized by
different weightings that vary with the spatial sensitivity of the respective
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coil element. In » Fig. 38, for example, the coil placed in front is more sensi-
tive to the face and the coil placed behind primarily only images the back of
the head. Knowledge of these individual sensitivities allows mathematical
separation of the information underneath and reconstruction of an image
comprising the overall FOV without wraparound artifacts. Moreover, the
reconstruction process also eliminates the different weightings, resulting in
a final image of homogeneous signal intensity.

10.3 Special Requirements

With respect to hardware, the most important item necessary to perform
parallel imaging is a suitable array of receiver coils. Depending on the in-
tended application, the array of coils consists of two to eight elements.
Proper geometric arrangement of the coils is crucial for the signal-to-noise
ratio (SNR) attainable. It is also important to keep the spatial sensitivities of
the array elements fairly constant during imaging. This is accomplished by
a rigid arrangement, for instance, a cage-like configuration when the head
is imaged. In contrast, flexible arrangements that can be attached to the pa-
tient in an individual manner are preferred for parallel imaging of the chest
and abdomen. Finally, the MR scanner must have a corresponding number
of separate receiver channels to connect each of the coil elements.

To ensure reliable image reconstruction in parallel imaging, it is important
to precisely determine the coding effects of the individual receiver sensi-
tivities. This is often done by performing an additional reference measure-
ment at the beginning of each examination (calibration). Alternatively,
individual reference data can be acquired with each image acquisition.

10.4 Applications

Parallel imaging can be used to shorten acquisition time in conjunction with
virtually all known sequences and contrast mechanisms. As a rule, parallel
acquisition does not alter the contrast characteristics and therefore the im-
ages can be interpreted in the same way as their conventional counterparts.

The gain in speed is directly proportional to the reduction of phase-
encoding steps. The acceleration factor is the factor by which the number
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of sampled k-space lines is reduced. It can take on any whole-number or
fractional value between 1.0 (no acceleration) and about 3.0 to 4.0. Even
faster data acquisition is possible with 3D techniques that achieve further
acceleration by virtue of their two phase-encoding directions.

Commercially available parallel imaging software is marketed as SENSE,
IPAT, ASSET, or SPEEDER. The faster scan time achieved with these tools is
of use in a wide range of practical applications. In the clinical setting, a re-
duction of scan time is especially attractive for imaging protocols with very
long sequences or imaging during breath-hold. Short scan times are also
beneficial in dynamic MR studies such as evaluation of contrast medium
passage or cardiac motion. Alternatively, parallel imaging techniques can
be employed to improve spatial resolution or to acquire more slices without
unduly increasing scan time.

Finally, parallel imaging can help reduce artifacts. When sequences with
long acquisition times are used, shorter readout trains can reduce undesired
effects that interfere with image quality. This applies especially to echo pla-
nar imaging (EPI), which is frequently degraded by considerable artifacts
caused by field inhomogeneities due to variable susceptibility, movement,
and flow. Moreover, the extremely rapid gradient reversal necessary in EPI
is associated with a very high noise level. Parallel imaging is less noisy be-
cause the gradient reversal rate is reduced by shortening the readout train
while the overall scan time remains the same.

Whenever one considers applying a parallel imaging technique for any
of the reasons outlined, one should also be aware that the sequence used
should have some SNR reserve. This is necessary because, with few excep-
tions, parallel imaging will reduce SNR.
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11 Cardiovascular Imaging

DANIEL NANZ

The cardiovascular system can be examined by MR imaging at different
levels.

Vessels are depicted directly (MR angiography, MRA) and can be evalu-
ated for anatomic abnormalities, narrowing, dilatation, or dissection. The
advent of new contrast media has dramatically changed vascular MR imag-
ing and has in particular facilitated time-resolved studies. MR images depict
not only the blood but also the vessel wall and its diseases.

While blood vessels and capillaries with diameters well below 1 mm are
usually not seen directly, perfusion can nevertheless be evaluated using MR
techniques which depict tissues with signal intensities that vary with their
blood flow. In this way it is possible to directly visualize relative regional dif-
ferences in organ perfusion.

Effects of perfusion disturbances occurring after a stroke can be evaluated
on diffusion-weighted MR images obtained within minutes of the onset of
symptoms. On such images, the signal intensity reflects the mobility of wa-
ter molecules at the microscopic level.

In the brain, functional MR imaging provides indirect information on
cerebral activity by depicting changes in the oxygen saturation of the capil-
lary blood.

MR imaging of the heart presents some specific problems. Notwithstand-
ing, a wide range of clinical questions can be answered by a set of MR im-
ages of the myocardium or heart muscle obtained with a combination of
different sequences.
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1.1 Angiography

Angiographic MR imaging techniques have been optimized to image the
blood and surrounding anatomy with different signal intensities. With three
of the techniques presented below (time-of-flight, phase-contrast, and black
blood MRA), this is accomplished when blood moves faster than surround-
ing structures. The fourth technique, contrast-enhanced MRA, is different
in that a tissue appears bright when its longitudinal relaxation time is short-
ened to values below 100 msec by administration of a contrast agent. In this
way, angiographic contrast agents selectively enhance the blood signal im-
mediately after direct injection into the vascular system.

11.1.1  Bright Blood Imaging

The MRA techniques most widely used in the routine clinical setting depict
the blood with a high signal intensity (bright blood imaging). Vessels with
positive contrast are more conspicuous and, in electronic postprocessing of
MRI data, can be more easily visualized on projections through stacks of
images. However, all bright blood techniques are limited by the fact that
there is usually no signal from blood when flow is turbulent. Under these
conditions, the blood cannot be distinguished from surrounding tissue.
Turbulent flow often occurs in important vessel segments such as branch-
ings or vessel segments distal to a stenosis. In general, the only remedy to
reduce this effect is to keep the echo time as short as possible.

Angiographic MR techniques can be used to acquire two-dimensional
(2D) or three-dimensional (3D) data sets. 2D data can be postprocessed to
generate 3D volumes. A general advantage of 3D imaging is that thinner
slices can be obtained without interslice gaps, which also improves the sig-
nal-to-noise ratio (SNR) in some applications. Moreover, volumetric data
sets allow for multiplanar reformation with good resolution. When MRA
is performed in the 2D mode, optimal results are achieved with the slices
placed perpendicular to the vessel of interest and scanning against the di-
rection of blood flow. This will minimize undesired saturation and partial
volume effects (» Fig. 39).
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Fig. 39. Partial volume effects occur when the imaged slice is tilted out of the plane
perpendicular to the longitudinal vessel axis. The vessel diameter appears smaller on the
image from the tilted plane

Time-of-Flight (TOF) MR Angiography

Time-of-flight (TOF) MR angiography depicts blood (rapidly) flowing
through the imaging plane with a high signal intensity (bright). TOF angi-
ography is mainly performed in axial orientation for evaluation of the ves-
sels of the head and neck such as the carotid arteries and the circle of Willis.
Theoretically, however, TOF MR angiography is an option for vascular im-
aging throughout the body.

The term “time of flight” is probably adopted from a mass spectrometry
technique that separates molecular fragments with different masses on the
basis of the different times needed by the fragments to travel through a vac-
uum tube. In a similar manner, TOF angiography depicts the spins of wa-
ter molecules that move in the blood through the vessels. A vessel appears
bright when there is a continuous supply of “fresh” spins that replace the
spins in the imaging plane (inflow effect, » Fig. 40).

TOF MRA is performed using GRE sequences with short repetition times
(30-50 msec). Echo times should be kept as short as possible. The flip angles
used range from approximately 20-40° for 3D imaging to 50° or greater for
2D imaging. The spins that rest within the slab without moving are highly
saturated by the repeated excitation pulses (» Figs. 11 and 12) and give only
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Fig. 40. Principle of TOF angiography. Different shades of gray represent the magni-
tude of longitudinal magnetization

a very weak signal, making stationary tissue appear dark on the resultant
image. In contrast, blood flowing into the imaging plane has not been sub-
jected to these RF pulse. As a result, more longitudinal magnetization is
available for subsequent excitation and the inflowing blood appears bright.

If the newly arriving spins do not leave the scan volume within one TR
interval, their magnetization will also be saturated by subsequent RF excita-
tion pulses. Their MR signal thus becomes smaller and smaller as they move
away from the entry slice. A problem may arise if blood stays in the imaged
volume for a long time, for example, if there is slow flow due to vascular
pathology (e.g. aneurysm, false lumen, vascular wall sutures, vascular mal-
formations), if vessels take a curved course through the slice, or if a thick
slice is acquired (especially in 3D imaging). The increasing signal loss can
be mitigated to some extent by gradually increasing the flip angle that is im-
parted on the spins on their way through the scan volume (tilted optimized
non-saturating excitation, TONE). Alternatively, a thick slab can be subdi-
vided (multiple overlapping thin slab acquisition, MOTSA).

Maximum enhancement of flow occurs when thin 2D slices are acquired
perpendicular to the direction of flowing blood. This is why 2D MRA tech-
niques may offer advantages in imaging vessels with slow flow such as the
portal venous system.
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Problems with magnetization saturation may also be encountered when
a vessel does not take a straight course but leaves the scan plane and then
enters it again. This may lead to very weak signals in distal vessel segments.

The increase in signal induced by inflowing blood is independent of the
direction from which the blood enters the imaging plane. For this reason
veins are not readily distinguished from arteries in TOF MRA. This prob-
lem can be overcome by applying regional presaturation prior to data ac-
quisition. To this end, magnetization is completely saturated either in a slice
distal to the imaging slice (arteriography) or proximal to it (venography).
Blood flowing into the scan volume from the presaturated slice appears dark
(» Fig. 41).

The signal from stationary tissue can be suppressed further by saturating
the magnetization of the pool of bound protons (» Chapter 3.6), which will
improve vessel contrast in many instances. Fat suppression is another op-
tion to improve contrast.

The presence of moderate concentrations of an MRA contrast medium
increases the vessel signal but differentiation of arteries and veins will be
more difficult.

The radiologist interpreting TOF MRA images must be aware that the
vessel diameter is typically underestimated while a stenosis tends to be over-
estimated and that contrast may be poor when there is slow blood flow or
the vessels do not take a straight course. Also, an unexpectedly bright signal
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Fig. 41. Differentiation of arteries and veins in TOF angiography. After presaturation
of the blood on either side of the imaging slice, the signal intensity of a vessel becomes
more dependent on the direction of blood flow
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may be seen when relaxation times are shortened by methemoglobin, which
may be present in a hematoma or thrombus.

Advantages of TOF angiography are its robustness under routine clinical
conditions and efficient data acquisition.

Phase-Contrast Angiography

Phase-contrast (PC) angiography is another bright blood technique and
relies on the use of bipolar (flow-encoding) gradients. By selecting the po-
larity and amplitude of the gradient, the operator can determine the flow
direction and the range of flow velocities to which the sequence is sensitive.
This technique enables calculation of averaged flow velocities for all voxels
imaged.

2D images acquired upstream and downstream of a stenosis, e.g. in a re-
nal artery, can be used to estimate the pressure drop over the stenotic vessel
segment. A slice through the stenosis allows one to determine peak flow
velocity and the degree of luminal narrowing.

In cardiac imaging, a 2D slice positioned in the ascending aorta just
above the aortic valve will provide information on the distribution of out-
flow velocities over the cross-sectional area of the aorta for “all” (e.g. 20)
ECG phases of a cardiac cycle. To this end, a series of 2D phase-contrast
angiograms synchronized with the heart rate is acquired at different times
during the cardiac cycle (cine phase-contrast imaging). From such a data
set, the stroke volume and cardiac output can be estimated. Moreover, an
incompetent aortic valve can be diagnosed and the insufficiency quantified
by determining the regurgitation volume relative to the stroke volume. Such
a velocity profile also provides information on the shearing forces acting on
the vessel wall.

3D phase-contrast techniques are mainly used for imaging of intracranial
vessels, where excellent results can also be obtained in sagittal orientation.

Phase-contrast MRA sequences are GRE sequences with repetition times
in the range of 10 to 20 msec and echo times that should be as short as pos-
sible (approximately 5-10 msec). The sequences are made sensitive to flow
phenomena by means of a bipolar gradient that is applied between the RF
excitation pulse and signal readout (» Fig. 42). The flow-encoding gradient
pulses induce phase shifts in flowing blood which are proportional to veloc-
ity but do not affect the signal from stationary spins (» Fig. 43).
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Fig. 42. Diagram of a PC MRA sequence

Fig. 43a-d. Delivery of a bipolar gradient pulse and the resulting phase shifts induced
in stationary spins (a, Ag,=0), spins slowly flowing in the direction of the gradient field
(b, Ag,>0), spins rapidly flowing in the direction of the gradient field (¢, Ag.> Agy), and
spins rapidly flowing in the opposite direction (d, A@a=-Ag.). In a phase-contrast im-
age, the gray scale value of a pixel represents the averaged difference angle, Ag, measured
in the corresponding voxel
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The effect of the flow-encoding gradient is negligible for spins that receive
both halves of the bipolar pulse at the same site. These spins experience a
change in their Larmor frequency as a result of the change in local magnetic
field strength and thus precess at a different rate. The second half of the bi-
polar pulse subjects the stationary spins to a change in magnetic field that is
equal in magnitude to that imparted by the first half, only this time the sign
is reversed. For stationary spins, the bipolar pulse has therefore no net effect
and their phase is the same as if the pulse had never been applied.

The situation is different for spins that move through the field while the
bipolar gradient is switched on. Having changed position, these spins are
exposed to a different field change by the second half of the pulse. This field
change cannot fully compensate for the phase shift imparted by the first half.
As aresult, there is a persistent phase shift that corresponds in magnitude to
the velocity with which the spins move in the direction of the gradient. The
phase shift of the spins allows one to calculate blood flow velocity based on
the amplitude of the bipolar gradient applied.

The sign of the phase shift is determined by the direction of blood flow
relative to the gradient direction. If it is positive for arteries (phase shifts
from 0 to +180°) and arteries appear bright on the MR image, it is negative
for veins (0 to —180°) and veins appear dark, or vice versa.

Calculation of flow velocities from phase angles between —180° and +180°
is straightforward. Problems arise when spins move so fast that their phase
shifts exceed +180°. For instance, a phase shift of +200° will be interpreted
by the algorithm as a negative phase shift of ~160°. As a result, blood flow-
ing near the vessel wall may appear bright while the faster blood in the cen-
ter of the lumen suddenly becomes quite dark or vice versa. This phenom-
enon is known as phase wrapping or phase aliasing and can be prevented by
properly adjusting the velocity encoding (VENC) parameter. VENC should
be chosen to encompass the highest flow velocities likely to be encountered
in the vessels of interest. This requires some knowledge of the blood flow
velocities in different vascular territories. Arterial flow velocities vary over
a wide range from just a few cm/sec to over 200 cm/sec in the ascending
aorta. However, one may deliberately choose a low VENC to sensitize the
sequence to slow flow. This will also reduce the underestimation of vessel
diameters. The VENC parameter adjusts the strength of the bipolar gradi-
ent pair and thus the proportionality constant for the phase shift and flow
velocity.

The absolute phase of an MR signal is affected by numerous factors and
interferences. This is why phase-contrast MRA methods collect data twice
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with different flow-encoding gradients. The second data set is acquired with
a zero gradient or the polarity of the bipolar gradient reversed (e.g. +/- pulse
followed by a —/+ pulse). A systematic error in phase measurement can thus
be corrected by subtraction of the two data sets. The tradeoft, however, is a
longer overall scan time.

When four data sets are acquired, one without flow encodings and three
sets with the bipolar gradients applied along the x-, y-, and z-axes, the three
components of the flow velocity vector can be calculated with error correc-
tion. In this way, one can generate MR angiograms resembling the images
obtained with other angiographic techniques in that flowing blood appears
bright. However, a phase-contrast angiogram is superior to other techniques
such as TOF because the brightness of the blood exclusively reflects the flow
velocity and is not affected by the flow direction.

Moderate amounts of an MRA contrast medium will increase the signal
intensity of blood and thus improve SNR.

The acquisition of 3D phase-contrast angiograms with flow encoding in
all three spatial directions can be time consuming. Fast flow in large arteries
and nearly stagnant blood in an aneurysm or vascular malformation cannot
both be adequately depicted with a high sensitivity in a single measurement.
Like other techniques, phase-contrast angiography also tends to underesti-
mate vessel diameters and overestimate stenosis.

Advantages of the phase-contrast technique include the quantitative and
spatially resolved evaluation of flow velocities and flow directions and the
good suppression of the signal from stationary tissue. With proper param-
eter settings, phase-contrast MR angiography is most suitable for depicting
slow flow or flow within the imaging slice. No other MR technique provides
the kind of quantitative information that can be derived from the time-
resolved velocity and flow profiles obtained with cine phase-contrast angiog-
raphy for different phases of the cardiac cycle.

Contrast-Enhanced MR Angiography

Blood gives a bright signal on contrast-enhanced MR angiograms if its lon-
gitudinal relaxation time is effectively shortened by a suitable contrast me-
dium (» Fig. 44). Contrast-enhanced MR angiography enables rapid acqui-
sition (within seconds) of three-dimensional data sets with a good SNR and
a resolution in the millimeter range, thereby allowing imaging of large seg-
ments of the vascular system in all regions of the body. Contrast-enhanced
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Fig. 44. Shortening of the T1 of water in blood by increasing contrast medium con-
centrations. Approximate values for a contrast medium with a molar relaxivity of
41/(mmol - sec) and a T1 of 1.4 sec without contrast medium

MRA is well established for imaging of major vessels of the trunk and in the
periphery but is also used for evaluating the vessels of the head and neck in
combination with other techniques.

In general, the contrast agents for MR angiography are injected into a
vein in the bend of the elbow. The MRA contrast agents are well-tolerated,
gadolinium-based paramagnetic compounds (» Chapter 12) that are ad-
ministered at doses of 0.05-0.3 millimol gadolinium per kilogram of body
weight. In arteriography where a large arterial signal and a small signal from
veins are desirable, images must be acquired during the first pass of the con-
trast medium through the arteries. Arterial enhancement decreases quickly
due to the subsequent signal increase in the veins and perfused tissue. Ex-
cept for the brain, there is rapid diffusion of most contrast media through
the capillary walls into the extracellular space. An imaging window of only
a few seconds is available from arterial inflow of the contrast medium to
its arrival in the veins. This is why proper timing and the duration of the
scan are paramount in vascular imaging. Typical scans do not take longer
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than 20 seconds. These short scan times allow imaging of the thoracic and

abdominal vessels during breath-hold.

When very short scan times are used, a body region can be imaged re-
peatedly to evaluate the pattern of contrast medium distribution in a time-
resolved manner.

Another option is to move the scan plane as the contrast medium bolus
advances so as to cover a larger body region with several acquisitions (so-
called multi-station bolus chase). This is accomplished using an automated
table feed technique. The data sets are electronically postprocessed and can
be combined to yield a single composite image. Under ideal conditions, this
technique allows scanning of the arterial system from head to ankle fol-
lowing a single, optimized contrast medium injection. The well-tolerated
MR contrast media available today, however, can be injected repeatedly in a
single examination.

Contrast-enhanced MRA is performed with spoiled GRE sequences
with very short TRs (approximately 1.7-6 msec) and very short TEs (be-
low 2 msec). Flip angles ranging from approximately 15° to 50° are used.
The sequences closely resemble those used for TOF MRA but with a fur-
ther marked reduction of repetition and echo times. As a result, there is
even more efficient suppression of the signal from stationary spins in the
scan volume. On the other hand, blood magnetization recovers very quickly
when an adequate concentration of a contrast medium is present (on the
order of about 5 millimol/liter, depending on the agent administered). In
this way, blood gives a strong signal and appears bright despite the repeated
RF excitation pulses. Contrast can be further enhanced by combining the
technique with fat saturation.

Scan time is a crucial issue and all kinds of tricks are applied to shorten
image acquisition. Most techniques available reduce SNR as well. These in-
clude:

— Shortening of echo and repetition times through incomplete readout of
the data in the frequency-encoding direction (fractional echo imaging,
» Chapter 5.3).

— Reduction of the number of phase-encoding and/or slice-selection steps
through incomplete readout of the phase-encoding and slice-select data
(partial Fourier imaging, » Chapter 5.3). The unacquired data is either
supplemented on the basis of the conjugate symmetry of k-space or
interpolated by applying intelligent algorithms.

— Reduction of the minimum echo and repetition times through a
broader receiver bandwidth.
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— Parallel imaging (» Chapter 10) with use of suitable receiver coil arrays
allows one to further reduce the phase-encoding and/or slice-selection
steps or to acquire images with an improved resolution in the same scan
time
Moreover, special techniques of k-space ordering can be employed to ac-

quire arterial data during optimal contrast enhancement. These techniques

rely on the fact that the signal intensity and contrast of an image are largely

determined by the data in the center of k-space (» Chapter 5.3) (» Fig. 45).

All of the central k-space data can be acquired at the beginning of the scan

by initially applying only shallow phase- and slice-encoding gradients. Sam-

pling of the center of k-space while all of the contrast medium is still in the
arterial system allows generation of images with good contrast and minimal
venous overlap. This also applies when the peripheral k-space lines are filled
after a considerable amount of the contrast medium has reached the veins.

With this kind of centric k-space ordering, longer scan times and improved

image quality are possible without compromising arterial contrast. Com-

mercially available implementations of this technique are known as CEN-

TRA or elliptical centric ordering of k-space.

It is crucial to collect the central k-space lines when the contrast medium
concentration in the target vessels is highest. Several strategies are available
for optimizing bolus timing:

— The test bolus technique is a method in which the individual patient’s
circulation time is determined by measuring the time the contrast
medium needs to pass from the site of injection to the target vessel. To
this end, a small amount of contrast (1 to 2 ml followed by a saline
flush) is injected and the target area is repeatedly imaged using a fast
sequence, e.g. a spoiled T1-weighted 2D GRE sequence which updates
images once every second. The bolus must be large enough to cause
signal enhancement when it arrives in the target vessel but should not
unduly enhance the background signal in the subsequent 3D data
acquisition. Based on knowledge of the individual circulation time
determined in this way and the method of k-space ordering used, the
3D angiography sequence can be optimally coordinated with the
injection of the contrast medium.

— Automatic triggering techniques are based on the continuous measure-
ment of the vascular signal in a proximal test volume. Tracking starts
with the injection of the angiographic bolus of the contrast medium,
and the 3D sequence is then automatically triggered with an operator-
controlled delay as soon as the signal intensity in the region of interest
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Fig. 45. Schematic representation of the MR raw data in k-space for a three-dimen-
sional image. Each diagonal line represents an echo signal that is recorded within 1 or
2 msec. The contrast of the resulting MR image is mainly determined by the data in the
center of k-space

increases above a defined threshold. When the renal arteries are imaged,

the test volume can be placed in the abdominal aorta.

— In a similar manner, 3D acquisition can be started manually as soon as
the operator observes the arrival of contrast in the target volume on
rapidly updated 2D images. This method is occasionally referred to as
fluoroscopic triggering.

Automatic or manual triggering techniques provide images with optimal
arterial contrast when combined with a k-space ordering technique that
samples the central lines first. However, these techniques are prone to early
or late mistriggering of data acquisition. Moreover, rapid instruction of the
patient is needed if breath-hold imaging is necessary. Bolus timing, on the
other hand, is compatible with any method of k-space filling.

Even better suppression of the background signal is often achieved when
the angiographic data set is acquired twice with the same parameters before
and after contrast medium injection. The unenhanced image, the so-called
mask, is then subtracted from the contrast-enhanced image. The resultant
difference images highlight the signal changes occurring after contrast me-
dium administration.



86

Many studies have shown contrast-enhanced MRA to have a high diag-
nostic accuracy in comparison with conventional radiographic techniques
or other reference modalities. Most of the problems that arise in routine
clinical application are associated with proper timing of data acquisition
relative to contrast medium injection. The problems may be merely techni-
cal in nature or due to individual variations in circulation times and con-
trast medium distribution. An aneurysm, false lumen, or arteriovenous
malformation may not be completely filled with contrast medium at the
time of scanning even when there is adequate enhancement of the rest of
the arterial system. When multi-station bolus chase is used, confounding
signals from bright veins on projections of the lower leg images may limit
the evaluation of the arterial tree. This is a problem more likely to occur in
patients with diabetes mellitus. Retrograde inflow of the contrast medium
may impair the diagnosis of vascular occlusion. However, as with other
techniques, contrast-enhanced MRA generally overestimates rather than
underestimates stenoses. With time-resolved imaging (» Chapter 11.1.3),
many of the problems associated with achieving optimal bolus timing can
be overcome. Contrast medium injection is minimally invasive. MR con-
trast media are associated with a very low rate of adverse events and allergic
reactions are rare (» Chapter 12).

The advantages of contrast-enhanced MR angiography include:

— short scan time,

— three-dimensional display of large volumes in any orientation,

— high SNR and good vessel contrast,

— no exposure to ionizing radiation,

— well-tolerated contrast medium,

— minimal invasiveness of contrast medium injection, and

— reasonable robustness of the method under routine clinical conditions.

11.1.2  Black Blood Imaging

Black blood MR angiography is an MRA technique in which the signal from
flowing blood is suppressed rather than enhanced as it is in most conven-
tional MRA techniques such as TOF MRA. The black blood effect results
from the fact that the blood in the scan plane is replaced with fresh blood
during scanning.

Black blood MRA sequences are well suited to evaluate the vessel walls
and the myocardium. They provide information on wall thickness, the
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Fig.46. Diagram of black blood MRA with double inversion recovery. The black arrows
represent the longitudinal magnetization in the corresponding voxels

presence of inflammatory wall lesions, and the internal makeup of mural
thrombi. So far, black blood MRA techniques have been mainly used to im-
age large vessels such as the thoracic and abdominal aorta and the heart
chambers or easily accessible vessels such as the carotid arteries. However,
black blood MRA nicely depicts the coronary vessels as well.

The different effects of fresh blood flowing into the scan plane are mainly
attributable to the fact that TOF imaging is performed with GRE sequences
while SE sequences are used for black blood angiography. Blood whose mag-
netization is rotated into the transverse plane by the 90° excitation pulse of
an SE sequence and then leaves the slice before the 180° refocusing pulse is
delivered does not emit a signal (» Chapter 7.2). The two pulses are sepa-
rated by half the echo time. Likewise, there is no signal from blood which is
still outside the slice when the 90° RF pulse is applied but which then flows
into the slice between excitation and readout.

The blood signal can be suppressed even more effectively by double in-
version of longitudinal magnetization some hundreds of milliseconds be-
fore data sampling (double inversion recovery, » Fig. 46). In this method, a
non-selective 180° pulse, followed by a slice-selective 180° pulse, is applied
to selectively rotate only the magnetization outside the scan plane into the
negative z-direction. Magnetization relaxes and passes through zero before
it regrows in the positive z-direction. Three conditions must be met for an
improved suppression of the blood signal by double inversion recovery:

— The blood must be outside the scan plane during the two inverting
pulses for its magnetization to be inverted.
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— The blood must flow into the scan plane between double inversion and
signal collection.

— Central k-space must be collected when the relaxing blood magnetiza-
tion passes through zero. The interval between double inversion and the
start of data collection is automatically calculated by the scanner’s
software.

Double inversion recovery can be combined with an additional inver-
sion pulse to selectively rotate the longitudinal magnetization of fat into the
negative z-direction prior to scanning. This will additionally suppress the
signal from fat, as with a STIR sequence (» Chapter 7.5).

In the routine clinical setting, only 2D implementations of black blood
MR angiography are available. The signal from slowly flowing blood as in
the trabecular structures near the walls of the cardiac chambers may be dif-
ficult to suppress. The use of SE sequences makes the method somewhat
slower than GRE-based techniques. Black blood MRA is an angiographic
technique in the true sense of the word in that it primarily visualizes the
vessel walls rather than the blood. The diagnostic accuracy of black blood
angiography is not impaired by turbulent flow and the method has a lower
rate of false-negative results in the evaluation of atherosclerotic lesions, es-
pecially in patients with early disease before significant narrowing of the
vessel lumen has occurred.

11.1.3  Time-Resolved MR Angiography

The term time-resolved MR angiography is now mostly used to refer to the
dynamic study of the distribution of a contrast agent in the vascular system.
Technically, this is done by imaging a vascular region rapidly and repeatedly
after administration of a single dose of contrast medium. The individual
MRA images obtained in this way represent different phases of the progres-
sive contrast medium distribution.

Ideally, time-resolved MR angiography depicts the early phases of con-
trast medium inflow, when all of the contrast medium is still confined to the
arteries, and the subsequent venous phases when there is contrast medium
in both the arteries and the veins. Time-resolved angiography can also en-
compass evaluation of organ perfusion, as has been shown for the kidneys.

When time-resolved MRA images are updated fast enough, arteries and
veins are easier to distinguish even in case of suboptimal timing of data
acquisition. Moreover, the method demonstrates the false lumen in dissec-
tion and facilitates the identification of retrograde contrast medium inflow.
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Finally, the time-resolved information enables detailed evaluation of the
vascular system supplying and draining an arteriovenous malformation or
a tumor.

The demands on scan time are even higher for time-resolved MRA com-
pared with contrast-enhanced MRA. To minimize scan time is a major
concern but is usually achieved only at the cost of spatial resolution. The
strategies available to shorten scan time are specific for dynamic imaging.
A widely used approach is the reconstruction of data sets for which the pe-
riphery of k-space has not been updated (TRICKS or time-resolved imaging
of contrast kinetics, keyhole imaging). In this method, peripheral k-space
data from an earlier measurement is combined with the central k-space data
which is updated more frequently. In the resulting images, the data from the
center of k-space reflects the most recent change in signal intensities. The
three-dimensional k-space used in this technique is divided into different
areas where the image information is updated at different intervals. Data
is updated more frequently, the closer the area is to the center of k-space.
When this technique of k-space filling is combined with the methods of
reducing scan time discussed earlier, 3D data sets can be acquired in 1 to
6 sec, depending on the size of the imaging volume and the desired resolu-
tion.

If even faster image acquisition is desired, one can dispense with phase
encoding in the slice-select direction. In this way, one obtains two-dimen-
sional images that represent projections of the signal intensities through the
scan volume, similar to conventional X-ray techniques. Depending on the
situation then, images can be updated several times per second with good
spatial resolution.

1.2 Perfusion-Weighted Imaging

MR techniques that depict the flow of blood through the capillary circula-
tion of an organ or tissue by different signal intensities are known as per-
fusion-weighted imaging (PWT). Perfusion-weighted images provide direct
information on tissue perfusion, regardless of whether blood is supplied
through the main vessel or collaterals. Perfusion imaging is mainly used to
assess blood flow in the brain, the myocardium, the lungs, and the kidneys.
Blood flow is measured in vivo by monitoring the signal changes that are in-
duced by a tracer entering the tissue of interest. Exogenous and endogenous
tracers are distinguished.

An example of exogenous tracers are the gadolinium-based contrast
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agents used in contrast-enhanced MRA. These agents have very strong ef-
fects on the tissue signal when they flow into the target organ so that re-
gional differences in perfusion are directly seen on the images (first-pass
imaging).

The blood itself can be used as an endogenous tracer. To this end, the
longitudinal magnetization of the blood in a feeding artery is saturated or
inverted (arterial spin labeling, ASL). When the labeled blood arrives in
the target anatomy before complete relaxation of its magnetization has oc-
curred, it produces a decrease in signal. Because the signal decrease caused
by the inflowing blood is usually too small to be seen directly, the contrast
is highlighted by means of image subtraction using two sets of image data
obtained with and without presaturation of the inflowing blood.

A paramagnetic contrast agent passing through a tissue induces transient
shortening of its relaxation times, which is seen as an increase in signal on
T1-weighted images and a decrease on T2- or T2*-weighted images. Both ef-
fects are exploited in MR imaging.

Contrast medium-based perfusion imaging of the heart, lungs, and kid-
neys is typically performed with T1-weighted GRE sequences. For cardiac
perfusion imaging, the sequence must be synchronized with the cardiac
cycle and generate at least one image from exactly the same phase of the
cardiac cycle every second heartbeat. Sequences that collect more than one
echo per excitation (multishot echo planar imaging, » Chapter 8.5) are
preferred due to their short scan time. Perfusion imaging of the lungs and
kidneys is usually performed using T1-weighted 3D GRE sequences. Evalu-
ation of contrast medium arrival in the target anatomy can be supplemented
by monitoring the rate of contrast outflow from the tissue. Naturally, this
additional step results in longer scan times.

Cerebral perfusion imaging is more commonly done with T2*-weighted
2D or 3D echo planar sequences which depict the passage of the contrast
medium as a transient decrease in signal intensity (dynamic susceptibility
contrast-enhanced MR imaging). With these sequences, most of the brain
can be imaged with acquisition of a new image about once every second.

Ideally, one would determine absolute blood flow per unit time for each
voxel of the target anatomy, for example, in milliliters per second and gram
of tissue. In this way, one could identify even small areas with reduced flow
relative to their surroundings and thus reliably diagnose globally reduced
perfusion of an organ. Unfortunately, absolute quantification of blood flow
is difficult to accomplish with both exogenous and endogenous tracers al-
though many published studies report absolute values. Numerous factors
have to be taken into account with both techniques and a review of the most
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recent literature suggests that there is still no agreement as to the most suit-
able approach, at least with regard to the contrast medium-based methods.

Given these problems with absolute quantification of blood flow, various
parameters have been proposed to characterize signal changes descriptively.
Several of these parameters have been shown to be reproducible when re-
peat measurement is performed. Perfusion parameters determined by dy-
namic contrast-enhanced MRI include the time to peak signal enhance-
ment, measured from the moment the first change is observed, or the signal
change over time (enhancement slope). Although such parameters allow
quantitative data analysis and are largely examiner-independent, they are
nevertheless limited because results vary with the pulse sequence used and
with other scan parameters as well. Hence, these parameters have to be cali-
brated after each change in the experimental setup and results are difficult
to compare among different study centers.

Compared with various other modalities, MR perfusion techniques have
the advantage of allowing noninvasive or minimally invasive evaluation of
blood flow in a tissue with good spatial resolution. MR imaging involves no
radiation exposure and is relatively fast. Patients can therefore be examined
repeatedly, for example, to monitor therapy or to follow up surgery. More-
over, perfusion measurement can be performed in conjunction with other
MR measurements in a single session. The additional morphologic data may
provide detailed anatomic information or help differentiate vital regions of
decreased perfusion from scar tissue or areas of acute infarction.

1.3 Diffusion-Weighted Imaging

Diftusion-weighted imaging (DWI) shows the changes in signal intensity
resulting from the motion of water molecules by diffusion. Specifically, the
signal of a biological tissue or body fluid is determined by the mean dis-
tance a hydrogen molecule moves per unit time based on random micro-
scopic translational motion. The signal loss produced by the translational
molecular movement in an MR image increases with the speed at which
the molecules move through a magnetic gradient field. The direction and
amount of diffusion weighting can be controlled by the operator by varying
the direction and strength of the gradient field applied.

The motion of the water molecules is described quantitatively by the dif-
fusion constant and usually varies with the direction of diffusion.

Isotropic diffusion is present when the distance traveled by the water
molecules is the same in all directions (» Fig. 47). In an isotropic medium,
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Fig. 47a—-c. Diffusion tensor ellipsoids for isotropic (a), tubular (b), and layered envi-
ronments (c)

the effects of molecular motion on the resulting MR images are independ-
ent of the direction of the gradient field. In the human body, nearly isotro-
pic diffusion occurs in body fluids with freely mobile water molecules such
as cerebrospinal fluid (CSF) in the ventricles or cystic fluids. The diffusion
constants of such tissues are rather high and are identical in all directions.
This results in a strong signal attenuation on diffusion-weighted images.

In an environment that is heterogeneous at the microscopic level, diffu-
sion of water molecules is a directionally dependent phenomenon known
as anisotropy. In the brain, for example, water molecules diffuse faster in
the direction of axons with intact myelin sheaths than perpendicular to the
axons. The diffusion constant is higher along the longitudinal axis of the
axons than in the plane perpendicular to the axis. The diffusion-induced
signal loss is smaller when the diffusion gradient is applied in a direction
perpendicular to the fiber tract and larger when it is applied along the axis.

Diftusion of water molecules in an anisotropic medium is constricted by
structures that are below the resolution of an MR image. Therefore, the di-
rectional differences can be observed only when most axons in a voxel are
arranged in parallel and their effects add together.

Diffusion-weighted images depict lesions caused by stroke already within
the first 6 hours of the onset of symptoms — before traditional MRI tech-
niques such as T2-weighted images will show any significant changes. In
the acute phase, the diffusion-induced loss of signal is less pronounced in
affected areas and these appear brighter compared with unaffected brain.
This positive contrast is gradually lost in the course of some days and finally
becomes negative as a result of greater mobility of the water molecules.

Diffusion-weighted images are typically acquired with an echo planar
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imaging technique. A pair of gradient pulses is delivered between the ex-
citation pulse and signal collection to sensitize the sequence to diffusion
effects (» Fig. 48). The pulse pair differs from that used in phase-contrast
angiography in that both halves have the same polarity. However, the effect
is very similar due to the 180° RF pulse which is delivered between both
halves of the pulse. A change in phase is imparted only to those spins that
move along the gradient field while the pulses are being applied. As a result,
the spins in a voxel which have experienced different phase shifts are no
longer coherent and produce a weaker MR signal. The signal attenuation
depends on the strength and duration of the gradient pulses, their spacing,
and the diffusion constant along the direction of the gradient field.

The amount of diffusion weighting achieved with a given gradient pulse
pair and inversion pulse sandwich is denoted by the b-value. This factor
expresses the signal loss to be expected from a given pulse sequence for a
given diffusion constant.

Diffusion constants in biological tissues can be measured by repeated
scanning with different b-values but otherwise identical imaging parame-
ters, in particular an unchanged gradient direction. The measured diffusion
constants are represented by the apparent diffusion coefficient (ADC), which
is distinct from the constant of unobstructed diffusion in pure water.

Images whose gray-scale values represent the mean ADCs of the corre-
sponding voxels are known as ADC maps. An area of acute infarction that
is bright on a diffusion-weighted image (reduced mobility of the water mol-
ecules) will appear dark on the corresponding ADC map (smaller diffusion
constant).

Diftusion constants for different directions can be measured by changing
the direction of the gradient field. Such measurements provide detailed in-
formation on the local geometry of the microscopic structures that restrict

180°
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Fig. 48. Diagram of a diffusion-weighted sequence
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water diffusion. Based on the measurement of the diffusion constants in six
selected directions, the entire geometry can be calculated by using the for-
malism of three-dimensional tensors. This version of diffusion imaging is
known as diffusion tensor imaging (DTI). Such a formalism provides an ap-
proximation of the mean diffusion of water molecules in all directions in an
ellipsoid whose three main axes may differ in length when there is anisotropic
diffusion (» Fig. 47). A more accurate geometric model of the structures
that hinder diffusion in a voxel can be generated when additional diffusion
constants for other directions are measured.

Diffusion tensor imaging is mainly used for so-called fiber tracking (trac-
tography) in the cerebral white matter. The information obtained with DTI
is used to reconstruct the spatial course of fiber tracts over longer distances
from the relative orientation and size of diffusion ellipsoids in adjacent vox-
els.

Diffusion-weighted images are highly sensitive to all kinds of move-
ments. These include rotation or trembling of the head in cerebral imag-
ing or respiratory motion in imaging of the trunk. This is why short scan
times are important. Fast switching of the strong gradient pulses requires a
powerful MR scanner. When a sequence is made sensitive only to diffusion
in a specific direction, normal areas may show false positive contrast if the
dominant orientation of the fiber tracts is perpendicular to the preselected
diffusion direction. The radiologist interpreting the images should there-
fore take into account information on diffusion in 3 orthogonal directions,
which can be obtained with a single scan.

The gradient pair applied to make the sequence sensitive to diffusion
processes only attenuates the signal compared to images obtained without
the gradient. Structures such as CSF with a strong signal on corresponding
non-diffusion-weighted images may still appear bright on images with only
mild to moderate diffusion weighting when their diffusion constant is high.
This effect is known as T2 shine-through and may be difficult to distinguish
from actual restriction of diffusion. Only on strongly diffusion-weighted
images are the signal intensities predominantly determined by diffusion.

Diffusion-weighted imaging is an area of intensive research because it
provides unique information that cannot be obtained with other methods
or only to a very limited extent.
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1.4 The BOLD Effect in Functional Cerebral Imaging

Functional magnetic resonance imaging (fMRI) of the brain aims at iden-
tifying cerebral areas that respond to a well-defined external stimulus by a
change in signal (brain mapping). Functional images are typically acquired
using T2*-weighted techniques. Classical tasks used to induce neuronal re-
sponses are visual (such as looking at changing patterns) or sensorimotor
(such as a sequence of defined finger movements) activation. A wide vari-
ety of protocols exist for neuronal activation and the interpretation of the
changes observed on functional MR images (paradigms).

Functional MRI is based on the assumption that a stimulus increases the
oxygen demand of a specific brain region that is activated by it. To meet the
higher demand, capillary blood flow and the blood volume in the activated
region are increased by local vasodilatation. Moreover, it is assumed that
excess oxygen is supplied to the activated area because the increased blood
flow exceeds the metabolic needs after some time. The higher proportion of
hemoglobin molecules bound with oxygen (oxyhemoglobin) prolongs the
T2* time of the surrounding water, which is observed as a signal increase on
T2*-weighted images. This contrast mechanism is known as blood oxygen
level-dependent (BOLD) contrast.

The T2* relaxation rate of blood depends on whether or not the hemo-
globin is bound with oxygen. Hemoglobin not combined with oxygen (de-
oxyhemoglobin) is paramagnetic because of unpaired electrons and short-
ens the T2* of surrounding water. In contrast, oxyhemoglobin is slightly
diamagnetic because all electrons are paired and thus has only a negligible
effect on the relaxation times of surrounding water. This is how an increased
oxygen saturation lengthens the T2* of blood water.

While BOLD imaging is based on the oxygen content of blood, there are
other functional MRI techniques that take advantage of the higher blood
flow or the increased blood volume to demonstrate cerebral activation.

BOLD imaging is typically performed with strongly T2*-weighted GRE
EPI sequences (» Chapter 8.5) that allow scanning of the entire brain in
a few seconds. To capture the fairly small signal changes induced by ac-
tivation, all slices are usually imaged repeatedly. Imaging is continued for
some time with alternating “on” and “off” cycles (block design paradigm,
» Fig. 49). Interpretation of the data requires sophisticated statistical meth-
ods to correlate the signal changes on the MR images with the task para-
digm presented. In this way, maps of brain activation are generated where
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Fig. 49. Block design paradigm for functional brain imaging

voxels, identified as representing real activation by the application of statis-
tical thresholds, are colored. The final activation maps are superimposed on
traditional morphologic MR images that depict anatomic structures with a
higher resolution and thus allow exact identification of the brain areas being
activated.

The BOLD contrast increases with the magnetic field strength of the MR
scanner. The noise that is associated with MR scanning makes it somewhat
difficult to measure cerebral activation by auditory stimuli. Moreover, the
standard techniques of stimulation have only a limited temporal resolution
for the registration of physiologic changes. Therefore, event-related para-
digms with only short periods of activation are becoming more popular.
The spatial resolution of BOLD imaging is limited because the area with
an increased oxygen saturation of the blood may be much larger than the
region that has actually been activated. Finally, T2* is affected by many con-
founding factors at the microscopic level that may be difficult to isolate.
This is why the magnitude of the observed signal change does not provide a
quantitative measure of the physiologic changes induced by stimulation.

While much research activity is focused on functional MR imaging, it
has only a very small role in routine clinical applications at most radiologic
centers. Clinically, BOLD imaging is used to plan neurosurgical interven-
tions. Despite its limitations, functional BOLD imaging enables fully non-
invasive and radiation-free evaluation of subtle changes in cerebral activity
with a spatial resolution of 1-2 mm or better and a temporal resolution in
the range of 100 msec.
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1.5 CardiacIlmaging

Imaging of the heart differs from imaging of other organs in that the con-
stant cardiac motion causes blurring and other artifacts along the phase-
encoding direction on MR images acquired with long scan times. With
state-of-the-art equipment, though, the scan time for acquisition of a single
slice can be reduced to such an extent that cardiac motion can be monitored
on a series of images in near-real time without degradation of image quality
by artifacts caused by respiratory or cardiac motion. Most artifacts can be
effectively eliminated when the scan time is less than 50 msec during systole
and less than 200 msec during diastole.

Real-time cardiac imaging is mainly performed to rapidly localize the heart
and long- and short-axis views for subsequent data acquisition.

To improve the spatial or temporal resolution of “real-time” cardiac im-
aging, an image is obtained over several heartbeats (so-called segmented ac-
quisition). This is possible because cardiac motion is periodic under normal
conditions and the myocardium will be in the same place at specific time
points within different cycles. To ensure that all data for an image is sam-
pled during the same phase of the cardiac cycle, segmented imaging must
be tailored to the individual patient’s heart rate. To this end, an electrocar-
diogram (ECG) is recorded and the data is used by the scanner software to
identify the R wave in each cardiac cycle. The ECG data can be used in two
ways, either to trigger MR acquisition to a specific phase of the cardiac cycle
(cardiac triggering, prospective cardiac gating) or to retrospectively assign
continuously acquired data to the corresponding cardiac phases (retrospec-
tive cardiac gating).

The scan time per cardiac cycle is shorter when an image is acquired over
several cycles, resulting in an improved temporal resolution of cardiac mo-
tion. However, the overall scan time per image is longer and effects resulting
from respiratory motion between scans become stronger.

These limitations can be overcome by breath-held imaging. For instance,
with a repetition time (TR) of 3.5 msec and collection of only one phase-
encoding step per R-R interval, 14 phase-encoding steps can be sampled in
50 msec. If we want to generate an image with a resolution of 224 pixels in
the phase-encoding direction, the acquisition will have to be segmented to
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224/14 =16 heart beats. However, patients with heart disease may find it dif-
ficult to hold their breath for 16 heart beats.

Since respiratory motion is also periodic, data acquisition cannot only
be distributed over several cardiac cycles but also over several breaths. This
is accomplished by monitoring the patient’s breathing rhythm: A short 1D
scan is alternated with image data acquisition for localizing the boundary
between the diaphragm and the lung along the body’s longitudinal axis. In
this way, the image data can be — prospectively or retrospectively - assigned
to the different phases of the respiratory cycle (navigator technique). Us-
ing the navigator technique, scanning is not limited to the duration of a
breath-hold but can be performed with the patient breathing freely. Navi-
gator techniques are limited by rather inefficient acquisition and long scan
times. Moreover, they provide the best results in healthy subjects with a
fairly regular heart rate and breathing pattern.

When used in combination with gating, the cardiovascular MR imag-
ing techniques described so far allow three-dimensional visualization of
the anatomy of all cardiac chambers and of the vessels entering and leaving
the heart, without radiation exposure and with generally good sensitivities.
MRI can thus be used to repeatedly examine patients with suspected con-
genital malformations, cardiomyopathy, valve incompetence, or pericardial
disorders; to follow up patients after bypass surgery; and to monitor heart
transplant recipients. A wide variety of pulse sequences and sequence modi-
fications are in use for imaging of the coronary vessels, all having specific
advantages and disadvantages. The major advantages of cardiac MR im-
aging lie in the repeat evaluation of morphology, function, and perfusion
without radiation exposure in patients with coronary heart disease as well
as in the localization and precise delineation of infarcted areas.

Some specific applications are discussed in more detail below.

1.6 Cardiac Imaging with SSFP Sequences

Steady-state free precession imaging has become a fixed component of stand-
ard cardiac MRI protocols. With its shorter TR (about 2-5 msec) compared
with other GRE sequences, an SSFP sequence (» Chapter 7.7) yields images
with a stronger blood signal. It is thus possible to rapidly image the blood in
the cardiac chambers with good contrast relative to the myocardium. Good
contrast is even achieved when there is only little blood flow in the scan
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plane and the blood signal is not enhanced through inflow effects. This may
be advantageous when longitudinal views of the left ventricle are obtained.

The sequence is usually acquired and displayed in the cine mode with
imaging of each slice during different phases of the cardiac cycle. If, for in-
stance, we assume an acquisition with scan time segments of 50 msec and
a patient with a heart rate of 70 beats per minute, cardiac motion could be
assessed on a sequence of 17 images from different phases of the cardiac
cycle obtained with a single acquisition. When several slices are acquired in
this way during different breath-hold periods, the motion of the entire heart
can be evaluated and quantified. Even the apex of the heart is depicted with
good quality on long axis views.

The acquired image data sets can be used to determine global morpho-
logic and functional parameters such as the myocardial mass, the ejection
fractions of both ventricles, or the stroke volume. These parameters can be
determined directly without having to make geometric assumptions as in
the classical model-based methods. There is good interobserver reproduci-
bility of the results.

Besides estimation of the global parameters, the method provides infor-
mation on regional functional parameters such as local wall motion or left
ventricular wall thickening from diastole to systole. Disturbed perfusion can
be diagnosed with a high degree of accuracy if a myocardial region show-
ing normal wall motion at rest becomes hypokinetic during drug-induced
stress (dobutamine).

A slight additional enhancement of the blood signal on SSFP images can
be achieved by administration of moderate amounts of an MRA contrast
agent.

SSFP images are degraded by inhomogeneities in the static magnetic
field, especially in connection with flow effects, and an inadequate RF fre-
quency. Nevertheless, the technical problems have been solved to such an
extent that SSFP has become very reliable for routine clinical application.

1.7 Myocardial Perfusion Imaging

Myocardial perfusion is typically evaluated as the signal enhancement seen
on T1-weighted MR images obtained during the first pass of a contrast me-
dium through the muscle tissue. Ideally, the image is updated once every
heart beat. The contrast medium is injected intravenously, usually at a lower
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dose than administered for angiography. Ischemic areas are identified di-
rectly by a delayed inflow of contrast medium and/or a lower peak signal
intensity during passage of the contrast medium. The differences to adjacent
myocardium with normal perfusion are especially salient when viewing the
images in rapid succession in the cine mode. In this way;, it is also possible to
identify disturbed perfusion confined to inner myocardial layers, which is
more difficult to detect with competing diagnostic modalities.

Imaging is performed during drug-induced stress (adenosine, dipyri-
damol) and breath-hold. The actual scan takes less than a minute. Regions
of reduced perfusion are differentiated into viable and nonviable areas by
combining stress imaging with perfusion measurement at rest or with late-
enhancement imaging (» Chapter 11.8).

The most widely used techniques for myocardial perfusion imaging are
fast GRE and multishot EPI in conjunction with a preparatory RF pulse. The
preparatory pulse is either a 90° saturation pulse or a 180° inversion pulse,
resulting respectively in a saturation recovery sequence or an inversion re-
covery sequence. The latter allows stronger T1 weighting while the former
is more stable in that it is less sensitive to an irregular heart rate and yields
more reproducible results. With optimal parameter settings and the options
available on specific scanners, it is currently possible to acquire about four
slices per heart beat or eight slices every second heartbeat.

For quantitative analysis, the temporal course of the contrast medium
concentration in the myocardium is related to the temporal course of the
concentration in the blood in the feeding arteries. Since the course cannot
be measured directly for each voxel, an approximation is used to determine
the course in the blood in the left ventricle. This technique of quantitative
analysis is associated with a number of problems: different signal enhance-
ment in myocardium and blood, unclear effect of water exchange through
cellular and capillary walls, unknown patency of the capillary membrane for
the contrast medium, signal differences due to local variations in sensitivity
of the receive coil, and nonquantifiable signal enhancement resulting from
respiratory motion of anatomic structures in the imaging plane. Various op-
tions are available to tackle these problems.

Despite these problems, results reported in the literature suggest that
quantitative data obtained with this technique is fairly independent of the
examiner and has a high diagnostic accuracy compared with different refer-
ence modalities.
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11.8 Late-Enhancement Imaging

On late-enhancement images acquired about 10 to 20 minutes after intrave-
nous administration of an angiographic contrast agent dose, a bright signal
indicates a myocardial area of increased contrast accumulation relative to
surrounding normal myocardium. In this way both acutely infarcted tis-
sue and scar tissue after an older infarction can be delineated with good
resolution (“bright is dead”). Increased contrast accumulation in these areas
is attributed to a larger extravascular, extracellular volume and/or slower
washout. Studies performed so far suggest that late-enhancement images
allow very accurate estimation of the size of an infarcted area.

Late enhancement is not a specific feature of myocardial infarction. A
similar signal enhancement may also be seen in myocardial regions affected
by other heart diseases. While enhancement associated with infarction is
usually confined to subendocardial regions with transmural extent in severe
cases, the late enhancement seen in other disorders may be confined to the
middle layer of the wall.

It must be noted, however, that very poorly perfused, nonviable areas may
not show contrast enhancement due to failure of the contrast medium to
enter these areas by the time the images are acquired. This applies especially
to images that are obtained within the first minutes of contrast medium ad-
ministration. Enhancement may be absent in very large infarctions where
the center appears dark while the periphery is bright. In case reports in the
literature, this phenomenon is described by such terms as “microvascular
obstruction”. It has been shown that unchanged microvascular obstruction
persisting for several days is associated with an extremely poor prognosis.

Late-enhancement images are acquired with GRE-based inversion recov-
ery sequences. The recovery time between the RF inversion pulse and data
acquisition (TI, inversion time) is selected such that the magnetization of
healthy myocardium passes through zero when the central k-space lines are
filled, leaving normal tissue dark on the resultant image. If a scan takes sev-
eral minutes, it may become necessary to readjust TI to the changing con-
trast medium concentration. Late-enhancement imaging can be performed
with 2D or 3D sequences.

While the differentiation of infarcted and healthy tissue has always been
straightforward, the differentiation of a subendocardial infarction and blood
in the left ventricle may be difficult and require additional scans, for exam-
ple with a different TI.
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It has been suggested that late-enhancement imaging has the potential to
become the method of first choice for demonstrating myocardial infarction
and estimating its extent.

11.9 Detection of Increased Myocardial Iron Concentrations

MR imaging seems to have the potential to reliably detect excessively high
iron concentrations in the myocardium on the basis of their T2*-shorten-
ing effect when precisely defined protocols are used for data acquisition and
analysis. Such protocols comprise a short axis slice through a central por-
tion of the left ventricle which is obtained repeatedly with different echo
times using a GRE sequence. The signal loss observed with increasing echo
times allows one to calculate the T2* relaxation constant in a region of inter-
est placed in the septum. Preliminary results, mostly obtained in thalasse-
mia patients, suggest that T2* shortening predicts a deterioration of cardiac
function only if the value drops below a certain threshold. The threshold
identified is about 20 msec at 1.5 tesla compared with a mean value of 52
msec in healthy subjects. Measurement of T2* relaxation times might there-
fore provide the basis for identifying those patients who will benefit from
intensive iron-chelating therapy and so be spared the poor prognosis asso-
ciated with impairment of cardiac function.
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Image contrast in medical MR imaging results from differences in signal in-
tensity (SI) between two tissues and is determined by intrinsic and extrinsic
factors. These are respectively properties of the different tissues and proper-
ties of the MR scanner, especially of the pulse sequence used.

MR contrast media are pharmaceutical preparations that are adminis-
tered in MR imaging to further enhance the natural contrast and addition-
ally to obtain dynamic (pharmacokinetic) information. To achieve these
goals, contrast agents used for MRI must have specific physicochemical
properties and also a suitable pharmacokinetic profile.

MR contrast media fundamentally alter the intrinsic contrast properties
of biological tissues in two ways:

— directly by changing the proton density of a tissue or
— indirectly by changing the local magnetic field or the resonance proper-
ties of a tissue and hence its T1 and/or T2 values.

The local magnetic field strength is altered because the unpaired electron
spins of the contrast medium (CM) interact with the surrounding hydrogen
nuclei of the water, fat, or protein molecules in the tissue. Thus, the mechan-
ism of action of an MR contrast agent comprises processes of the electron
shell and not just processes at the nuclear level, as does the MR effect. The
magnetic moments of electrons are 657 times greater than those of protons.
This is one of the reasons why the electron shell has much more powerful
paramagnetic properties than a hydrogen nucleus.

The interactions occurring between contrast medium electrons and tis-
sue protons comprise “inner-sphere relaxation” (through interaction with
bound water) and “outer-sphere relaxation” (e.g. arising from the diffusion
of water nearby). Both processes contribute substantially to the overall ef-
fect of MR contrast media.



104

Before we proceed with our discussion of contrast media, some terminol-
ogy must be clarified:

— Paramagnetic substances have magnetic moment (resulting from
individual spins) because they consist of atoms or molecules that have
magnetic moment due to unpaired electron orbits in their outer
electron shells or unpaired nucleons in their atomic nuclei. When such
a substance is exposed to an external magnetic field, most of the
magnetic moments align with the direction of the magnetic field and
the magnetic moments add together, resulting in a local increase in the
magnetic field (just as with protons). When no external magnetic field
is present, the magnetic moments occur in random pattern and there is
no net magnetization. Many dissolved metal ions (including iron in
blood) but also stable radicals are paramagnetic because they contain
unpaired electrons. Examples are Co*", Co’*, Fe*', Fe**, Gd’*, Mn*,
Mn’*, and Ni**. Because of their powerful magnetic moment (see
above), substances with unpaired electrons are preferred as MR contrast
media. Most of the clinically available MR contrast media are paramag-
netic metal ion compounds (gadolinium chelates, manganese, iron).

— Superparamagnetic substances have very strong paramagnetic proper-
ties. Their greatly increased magnetic moment (10- to 1000-fold) results
from the arrangement of the paramagnetic ions in a rigid crystal lattice,
which increases the mobility of their surrounding electrons (e.g. iron
oxide in the form of superparamagnetic nanoparticles). Superparamag-
netic contrast agents are solid substances that not only have T1 and T2
effects but also markedly distort the local magnetic field (magnetic
susceptibility).

— Ferromagnetic substances also consist of large groups of atoms whose
unpaired electron spins are strongly entwined by exchange coupling
(solid state). These substances retain their magnetization even after the
external magnetic field has been removed and subsequently become
permanent magnets. The best known example is iron (Fe).

By far the majority of all substances are diamagnetic (strictly speaking,
diamagnetism is present along with the other forms of magnetic properties
in these substances). When brought into an external magnetic field, dia-
magnetic substances induce very weak overall magnetization in the oppo-
site direction (-z) — mostly because the orbital movement of most electrons
is counterclockwise.

Now we can address the question as to how a contrast medium alters the
MR signal and thus enhances contrast on the resultant image.
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Unlike radiographic contrast media, which are directly seen on an X-ray
absorption image, an MR contrast medium, such as a gadolinium complex,
acts indirectly by altering the relaxation properties of surrounding hydro-
gen protons. In the example shown (» Fig. 50), the image obtained after IV
administration of a Gd complex (right) depicts two lesions which were not
visible on the image acquired before contrast medium administration (left).
To produce this effect, the contrast medium must have two properties - first,
it must diffuse through the blood-brain barrier and, second, it must be able
to interact with the local protons (thereby shortening their T1).

MR contrast agents can alter an MR image in one of four ways.

Changing Spin or Proton Density

The presence of a contrast medium affects the amount of protons present in
a voxel. Most agents reduce the number (e.g. freon-like compounds such as
perfluoro-octyl bromide [PFOB], barium sulfate, fatty emulsions). The de-
crease in local proton density is associated with a signal loss, as for example
after oral administration of a barium sulfate suspension.

Fig. 50. Schematic representation of the CNS in transverse orientation. T1-weighted
MR images before contrast medium administration (left) and after IV administration of
0.1 mmol Gd/kg body weight (right). Two additional lesions are seen on the contrast-
enhanced image. The signal increase results from local T1 shortening and the extravas-
cular distribution of the contrast medium within the lesions



106

Shortening T1 and T2 Relaxation Times (Most Important)

An MR contrast medium can be thought of as a catalyst that accelerates
the relaxation of nearby protons by withdrawing the excess energy (in T1
weighting) the protons have previously absorbed from the excitation pulse
(spin-lattice interaction). The faster recovery of longitudinal magnetization
results in a stronger MR signal. An agent that enhances the signal is called
a positive contrast medium. In addition, the magnetic moments of unpaired
electrons alter the local magnetic field strength, resulting in faster dephasing
due to spin-spin effects and enhancement of T2 relaxation. High contrast
medium concentrations, e.g. in the lower urinary tract, produce local field
inhomogeneities and T2 shortening, which is seen as a signal loss especially
on T2-weighted images.

The significance of faster relaxation is nicely illustrated by comparing re-
laxation times in different environments:
— spontaneous relaxation in a vacuum: 1016 years,
— relaxation in a watery solution: about 1 second,
— relaxation in a watery contrast medium solution: a few milliseconds.

Pathologic tissue that takes up the contrast medium shows a signal
change (typically a markedly higher signal on T1-weighted images and a re-
duced signal on T2-weighted images when the contrast medium concentra-
tion is high) while the surrounding normal tissue not containing any con-
trast medium remains unaffected. For optimal visualization of the effects
resulting from the selective uptake of the agent into a lesion, it is important
to adjust the imaging parameters, especially the weighting (e.g. predomi-
nantly T1 weighting and a short TR when a Gd preparation is administered)
(» Fig. 51). Members of this class that are used in clinical MR imaging are
gadolinium-based compounds, manganese compounds, and iron solutions.

Faster Dephasing Through Local Field Inhomogeneities (Susceptibility Effects)

So-called T2* effects are predominantly seen on T2-weighted images. Local
field inhomogeneities caused by the high magnetic moment of the contrast
medium accelerate dephasing of the protons beyond normal FID and thus
shorten T2 further. This phenomenon is known as magnetic susceptibility
and predominantly occurs in the presence of high local field strengths or at
interfaces and may also cause artifacts. Susceptibility becomes manifest as a
pronounced signal loss that is best appreciated on T2-weighted images. The
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agents producing a signal loss are therefore termed negative contrast media.
Examples are superparamagnetic iron oxide nanoparticles (SPIO) that are
taken up by the reticuloendothelial system (RES) of normal liver tissue and
can thus serve as a liver-specific contrast medium for the selective suppres-
sion of the signal from normal liver.

Shifting the Resonance Frequency (Dysprosium)

Another mechanism of action is shifting of the resonance frequency by sev-
eral hundred ppm. This effect is similar to chemical shift and weakens the
measured proton signal. Dysprosium-based compounds are known to have
this kind of effect but have virtually no role in medical MR imaging.

12.1 Chemical Structure

Most of the paramagnetic substances that can be used as contrast media are
toxic metal ions with an unfavorable distribution in the body. This applies
especially to gadolinium, which belongs to the lanthanide series of rare-
earth elements. These substances may not be introduced into the body in
their native state but only after having been chelated to a ligand. The ligands
used for complexing should have a strong and specific affinity for the active
ingredient (DTPA, DOTA, DTPA-BMA, HP-DO3A, BT-DO3A, BOPTA)
(» Fig. 52). However, as complex binding is a reversible process (equilib-
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Fig. 52. Chemical structures of gadolinium-based compounds (linear structure: Gd-
DTPA, Gd-DTPA-BMA, Gd-DTPA-BMEA, Gd-BOPTA, Gd-EOB-DTPA; macrocyclic
structure: Gd-DOTA, Gd-HP-DO3A, Gd-BT-DO3A). Gd-BOPTA and Gd-EOB-DTPA
have a more lipophilic side chain with a benzyl ring. These two compounds bind revers-
ibly to protein. The side chain is also responsible for specific uptake into hepatocytes and
partial hepatobiliary elimination (» Chapter 12.3.3). The other Gd-based compounds
are unspecific agents that are eliminated via the kidneys

rium reaction between free and bound forms), a small portion of the central
atom (most often Gd) may be released from the compound. The amount
varies with the pH, temperature, and the presence of competing substances
(for example other metal ions such as Cu**, Ca**, Zn*", Fe*** or acidic pro-
tons in the stomach) but is so small that no appreciable toxic effects occur.
As an additional safeguard, most commercially available contrast medium
preparations contain excess amounts of free complexes (typically Ca/Na
complexes) to immediately intercept any gadolinium ions which are re-
leased
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The toxicity of the gadolinium ions results from the fact that their diameter
is virtually identical to that of calcium ions. Free gadolinium ions can thus
function like calcium antagonists and block calcium channels by binding to
them. This may impair cellular respiration, muscle contractility, and blood
clotting. Besides greatly reducing the toxicity of gadolinium, the ligands de-
termine the biodistribution of the compound. Unspecific, liver-specific, and
macromolecular gadolinium-based compounds can be distinguished.

12.2 Relaxivity

Relaxivity is a measure of the relaxation efficiency of an MR contrast agent.
It varies with the Larmor frequency and temperature but also with the con-
centration of the paramagnetic contrast medium preparation and properties
of its molecular structure (such as the ability of the chelated ion to interact
with water molecules, movement of side chains, or magnetic induction).
By virtue of its seven unpaired electrons, trivalent gadolinium (Gd’*) is one
of the most powerful paramagnetic elements. So-called molar relaxivity is
determined by measuring T1 or T2 in a one-molar solution that is obtained
by dissolving 1 mole of the substance in 1 liter of water.

Relaxivity: R1=1/T1 and R2=1/T2
(concentration: 1 mol/liter, measured at a temperature of 20°C and a given
Larmor frequency/field strength)

The higher the relaxivity, the better the interaction of the contrast me-
dium with nearby water protons. This results in faster relaxation of the
protons and an increase in signal (e.g. on T1-weighted images). When a
substance has a high relaxivity, it is theoretically conceivable to reduce the
dose as there is a direct relationship between the dose of a contrast agent
and its relaxation enhancement effect. In the future there will be contrast
agent preparations that can be applied either to reduce the gadolinium dose
(to cut cost) or, contrarily, to increase the dose in order to achieve more
pronounced signal enhancement, thereby improving contrast and enabling
faster imaging.

The unspecific gadolinium-based compounds that have been available so
far differ slightly in their contrast enhancement effects (and hence are ad-
ministered at different dosages). Most of the commercially available prepa-
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Table 7. R1 and R2 relaxivities of selected MR contrast media measured in water at a
field strength of 1.0 T. Gadolinium chloride has very high relaxivities but is unsuitable as
a contrast medium because it is highly toxic. Complexing reduces relaxation efficiency
because it increases the distance between Gd** and nearby water protons

R1 R2
GdCl, 9.1 10.3
Gd-DTPA = Magnevist® 34 3.8
Gd-DOTA = Dotarem®, Artirem® 3.4 4.3
Gd-DTPA-BMA = Omniscan® 3.9 5.1
Gd-HP-DO3A = Prohance® 3.7 4.8 (at 0.5 T)
Gd-BT-DO3A = Gadovist® 3.6 4.1 (at 047 T)
Gd-BOPTA = Multihance® 4.6 6.2
Mn-DPDP = Teslascan® 2.3 4.0
Ferumoxides = Endorem® (SPIO) 40 160
Ferucarbotran = Resovist® (SPIO) 25.4 151
Ferumoxtran = Sinerem® (USPIO) 21.6 44.1

rations have a concentration of 0.5 mol/l, corresponding to an amount of

gadolinium and dosage of 0.2 ml/kg body weight (=0.1 mmol Gd/kg bw).
With the recent advent of new gadolinium-based CM preparations and

new applications, it has become necessary to carefully choose the proper sol-
ution in terms of its specific physiologic interactions and concentration in
order to achieve the desired relaxation enhancement effect for the intended

purpose (» Table 7):

— In direct MR arthrography gadolinium solutions are administered at a
dilution of 1:100 to 1:500, corresponding to a concentration of 5 mM
Gd/1 (=0.005 mol/1) to 1 mM Gd/I (=0.001 mol/l). A 2.0-2.5 mM Gd
solution has proved to be most efficient. Intra-articular injection of an
undiluted solution (containing 0.5 mol/l) would cause a signal loss
instead of the desired enhancement. Conversely, IV injection of the
dilutions used for arthrography would not produce enough signal and
adequate contrast enhancement for lesion detection.

— Gadovist®1.0 (gadobutrol) contains twice the amount of the active
ingredient (1.0 mol of Gd per liter instead of the usual concentration of
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0.5 mol/l). Using this preparation, one can reduce the dose in milliliters
or the rate of administration. Thus, the recommended dose is 0.1 ml/kg
body weight instead of the usual dose of 0.2 ml/kg bw. In this prepara-
tion, twice the concentration of the active ingredient is feasible due to
the high water solubility of the gadolinium complex. This solution is
expected to provide higher first-pass concentrations in certain vascular
territories such as the peripheral arteries. However, as with higher
concentrations of iodine-based contrast media, one also has to take into
account the higher osmolality and viscosity of the solution.

— Albumin-binding agents: Contrast media like Gd-BOPTA (Multihance®
- gadobenate dimeglumine), Gd-EOB-DTPA (Primovist® - gadoxetate
disodium - marketed as a 0.25 mol/l preparation), or MS-325 EPIX
(gadofosvesete trisodium - Vasovist®) bind reversibly to human albu-
min and therefore have a higher relaxivity in blood compared with
water. The larger molecule size alters the contrast medium distribution
and the enhancement effect varies with the protein affinity and the local
protein concentration. How this affects dosing regimens, remains to be
determined (» Fig. 52).

Finally, one has to take into account that both R1 and R2 can influence
the MR signal.

The dose-effect curves of MR contrast media differ from the linear curves
of X-ray contrast media in that they have a peak that indicates optimal
contrast medium concentrations (» Fig. 53). The concentration which pro-
duces optimal enhancement varies with the MR contrast medium and the
pulse sequence used. In general, the effects of lower concentrations are seen
more clearly on T1-weighted images while T2 effects or decreases in signal
intensity become more prominent at higher concentrations. From a practi-
cal perspective, this means that it is not necessarily the highest concentra-
tion or amount of gadolinium that produces the highest signal increase and
hence the best contrast. Doubling the relaxivity does not imply doubling the
signal intensity!

Relaxation enhancement also varies with field strength and tends to
decrease as field strength increases (as T2 effects become stronger) while
the contrast-to-noise ratios at 3.0 T are, in general, still superior to those
achieved at 1.5 T or lower field strengths. Moreover, there may be variations
among tissues resulting from differences in their intrinsic T1 and T2 times.
As arule, higher contrast agent doses are needed on scanners with low field
strengths (0.2-0.6 T).
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Fig. 53. Dose-effect curves of SNR after administration of an extracellular Gd-based
contrast medium (Gd-DOTA) for three different pulse sequences at 1.5 tesla: SE = spin
echo sequence, GRE = gradient echo sequence, SSFP = steady-state free precession se-
quence. Note the clearly different peak maxima

12.3 Pharmacologic Properties

The pharmacologic properties of a contrast agent, and especially its phar-
macokinetics, determine its distribution in the body and hence its effect on
the MR signal. Based on these properties, different types of contrast media
can be distinguished (» Table 9).

12.3.1 Extracellular Contrast Agents

Extracellular contrast media are low-molecular-weight, water-soluble com-
pounds that distribute in the vascular and interstitial spaces following IV
administration. Most MR contrast media used today belong to this group of
gadolinium(IIT) complexes (» Fig. 52). They are:
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— Gd-DTPA (gadopentetate dimeglumine = Magnevist®/linear ionic
complex),

— Gd-DOTA (gadoterate meglumine = Dotarem®/macrocyclic ionic
complex),

— Gd-DTPA-BMA (gadodiamide = Omniscan®/linear nonionic complex),

— Gd-HP-DO3A (gadoteridol = Prohance®/macrocyclic nonionic com-
plex),

— Gd-DTPA-BMEA (gadoversetamide = Optimark®/nonionic linear
complex),

— Gd-BT-DO3A (gadobutrol = Gadovist®/linear nonionic complex),

— Gd-BOPTA (gadobenate dimeglumine = Multihance®/linear ionic
complex; also used as a liver-specific agent).

Intravascular administration of a standard dose of an extracellular con-
trast medium shortens T1, producing an increase in signal intensity in the
vessels (first pass, » Chapter 11.1.1) and in the tissues due to tissue perfusion
or disruption of the capillary barrier (brain, spinal cord, eyes, testes). Under
normal conditions, these contrast media do not cross the blood-brain bar-
rier because they are strongly hydrophilic (i.e. have a high affinity for wa-
ter). The change in contrast medium distribution observed when the barrier
is disrupted is an important diagnostic criterion. In general, the contrast
effect is best appreciated on T1-weighted images, preferably in conjunction
with fat suppression. The effect is comparable to that of water-soluble X-ray
contrast media and is characterized by rapid diffusion of the contrast me-
dium into tissue, thus equalizing the concentration between the vascular
and interstitial spaces.

Extracellular contrast agents are eliminated renally by passive glomerular
filtration. In this way, virtually all of the substance is eliminated unchanged
without being metabolized. The plasma elimination half-life is about
90 min. Under normal conditions, far more than 90% of the administered
dose is eliminated via the kidneys within 24 hours. The concentration in the
kidneys produces additional T2 shortening, which may be seen as a loss of
signal in the lower urinary tract. Only small amounts of contrast medium
cross the placenta or are excreted in the breast milk. Current guidelines of
the European Society of Urogenital Radiology (ESUR) no longer recom-
mend that lactating women suspend breast-feeding after administration of
a gadolinium contrast medium.

Extracellular contrast media are administered intravenously as a bolus
or drip infusion (see also MR angiography, » Chapter 11.1) at a dose of
0.1-0.3 mmol/kg body weight. Higher doses of up to 0.5 mmol/kg bw have
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been administered sequentially in MR angiography. Since the majority of
preparations are formulated as 0.5 molar solutions, the standard dose for
single administration is 0.2 ml/kg bw (but only 0.1 ml/kg bw for a 1.0 mo-
lar formulation!). Some investigators recommend slightly higher doses for
imaging at lower field strengths (<0.5 T) in order to achieve similar contrast
enhancement to that on high-field MR scanners (1.5 T, 3.0 T).

From a practical perspective, it is important to note that the distribution
half-life of about 2.5-5.0 min allows delayed imaging after IV administra-
tion, which is useful to assess extravascular pathology (such as tumors, me-
tastases, or lesions) when enough contrast medium has reached the extra-
vascular space. This does not apply to examinations in which evaluation of
the early arterial or vascular phase is relevant (such as dynamic studies of
the liver, pituitary gland, breast, and other organs).

In rare cases is imaging performed with a triple dose of contrast medium
(0.3 mmol Gd/kg bw), which is actually a single dose followed by a double
dose within 30 min of the first injection. It has been shown that this dosing
regimen improves the detection of cerebral lesions in individual cases. The
diagnostic gain is clinically significant, however, only in cases where it leads
to therapeutic consequences (e.g. operable lesions, treatment of multiple
sclerosis). Another option to improve the contrast medium effect is magne-
tization transfer contrast (MTC) imaging (» Chapter 3.6).

The adverse events that may occur after administration of an MR con-
trast medium are the same as for nonionic iodinated contrast media al-
though adverse reactions are much less common because lower CM doses
are required for MRI. Mild adverse events such as heat sensation, headache,
nausea, or mild pseudoallergic reactions of the skin and mucosa occur in
1-2% of cases. Extravasated contrast medium can cause local pain and in-
flammatory reactions including tissue necrosis. Patients on asthma medica-
tion or with a history of contrast medium allergy are at an increased risk
of allergoid reactions. Anaphylactoid shock induced by an MR contrast
agent is extremely rare (about 1:50,000 cases). There is controversy about
the renal tolerance of gadolinium preparations. Anecdotal cases of neph-
rotoxic effects after gadolinium administration have been reported. When
identical volumes are administered, gadolinium preparations appear to be
less nephrotoxic than X-ray contrast media but this is no longer the case
when absolute amounts of the substances (molarities) are compared. As
with other contrast agents, special caution is indicated when high doses are
administered or in high-risk patients because elimination is much slower in
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these cases. In patients with end-stage renal failure, unspecific gadolinium
chelates can be removed by dialysis.

Extracellular contrast media can be administered as a bolus, allowing
them to be used for dynamic studies in conjunction with fast scan tech-
niques, for instance, in contrast-enhanced MRA and liver imaging. Images
obtained approximately 30 sec after IV administration show arterial anat-
omy and perfusion. About 1 min after contrast administration, the paren-
chyma is depicted (referred to as the portal venous phase in liver imaging).
After about 3 min the distribution of the contrast medium in the extracel-
lular (vascular and interstitial) space can be evaluated. Late enhancement
images are acquired to evaluate specific washout phenomena (e.g. delayed
washout in myocardial infarction after 10-20 min, » Chapter 11.8). In con-
trast-enhanced MR angiography, arterial first-pass contrast medium dyna-
mics can be evaluated.

Being heavy metal solutions, gadolinium-based contrast agents are ra-
diopaque. However, because of the lower metal concentration, their X-ray
absorption is only about one third that of the water-soluble iodinated con-
trast media (and their optimal kV value is different). A gadolinium-based
contrast agent can be used for conventional radiography in patients with
contraindications to iodine preparations (e.g. active thyroid disease) but
only after carefully weighing the expected benefits against the agent’s os-
motic load, lower radiopacity, and different pharmacologic properties as
well as higher price.

12.3.2 Intravascular or Blood Pool Contrast Agents

Intravascular or blood pool contrast media are higher-molecular-weight
compounds with longer intravascular residence times due to the fact that
they cannot diffuse through the capillary walls, or only very slowly, as a
result of their molecule size. Some blood pool contrast agents have higher
molar relaxivities since longer side chains in the ligand reduce Brownian
molecular motion, thereby increasing the central atom’s accessibility to wa-
ter. The residence time in the vascular compartment and hence the imaging
window varies with the molecular weight and elimination rate of the agent.
However, when the capillary barrier is disrupted, leakage of blood pool
contrast medium into the extravascular space provides information on the
permeability of a lesion or damage to capillary membranes (tumor, trauma,
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hemorrhage, infection, irradiation). More recently, it has been shown that

blood pool contrast agents appear to have a potential to detect occult gas-

trointestinal bleeding or to identify and characterize tissues with impaired
capillary permeability such as tumors. Moreover, blood pool agents with
their fairly constant intravascular concentrations (steady state) are expected
to improve quantitative perfusion measurement as well. Vascular imaging
using blood pool contrast media is not restricted to assessment of the arte-
rial phase. However, overlapping veins may obscure arterial anatomy.

The following intravascular contrast agents are distinguished on the basis
of their pharmacologic properties:

— Gadolinium or iron oxide micelles, liposomes, or nanoparticles (SPIO,
USPIO, » Chapter 12.3.5). These preparations have long circulation
times due to their particulate nature. Most of the administered dose is
inactivated by the reticuloendothelial system (RES). Various iron oxide
nanoparticle preparations are currently being developed. These include
Sinerem®/Combidex® and Supravist®.

— Macromolecular agents such as Gd-based dextrans or polylysines
(gadomelitol = Vistarem®; Gd-DTPA cascade polymer = Gadomer-17).
Macromolecular Gd chelates have higher relaxivities and have the
advantage of being cleared by the kidneys.

— Albumin-binding low-molecular-weight Gd complexes have a lipophilic
side chain (» Fig. 52) that enables their reversible binding to human
proteins, thereby slowing down extravascular diffusion.

12.3.3 Liver-Specific Contrast Agents

Liver-specific contrast media are administered intravenously and accumu-
late in normal liver cells through anion receptor-mediated endocytosis but
not in metastases or other tissues foreign to the liver (» Fig. 54). These agents
are highly lipophilic GA(IIT) or Mn(II) complexes. The route of elimination
is biliary (enterohepatic circulation) and renal. A liver-specific contrast me-
dium in clinical use is Mn-DPDP (mangafodipir trisodium — Teslascan® 0.01
mol/l solution - and 0.05 mol/l in the USA). This agent also accumulates in
other organs such as the pancreas because manganese is released from the
complex and the latter is metabolized. Gd-BOPTA or gadobenate dimeglu-
mine (Multihance® 0.5 mol/l) accumulates in the liver parenchyma after 30-
60 min following an initial phase that is rather unspecific. This preparation
has been approved for the detection of focal liver lesions in some countries.
Only 2-7% of the administered agent is excreted in the bile. The fact that
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Fig. 54a, b. Schematic representation of the liver without (a) and with (b) adminis-
tration of liver-specific contrast medium. Liver-specific agents such as Mn-DPDP, Gd-
BOPTA, and Gd-EOB-DTPA produce a diffuse increase in the SI of normal liver tissue
on T1-weighted images (b) compared with an unenhanced image (a). Lesions without
intact liver cells such as metastases thus become visible as negative or low-signal-inten-
sity areas. This is why the contrast-enhanced image is a functional image. Liver-specific
contrast agents improve not only the detection of focal liver lesions but also their char-
acterization

this contrast medium preparation acts both as an unspecific gadolinium
agent with the capacity to alter plasma relaxivity due to its predominantly
intravascular distribution as a result of reversible albumin binding and as
a liver-specific agent in the subsequent liver phase opens up new fields of
application in MR angiography, imaging of cerebral lesions, and in the de-
tection of breast cancer and liver metastases. Gd-EOB-DTPA or gadoxetate
disodium (Primovist® 0.25 mol/l) has the highest specific absorption rate
with about 50% hepatobiliary elimination and has recently been approved
for the detection and characterization of focal liver lesions in Europe. It en-
hances normal liver tissue about 10-20 minutes after IV administration. Le-
sions not taking up the contrast medium thus show negative contrast and
are delineated as low-signal-intensity areas against the bright background of
normal liver tissue on T1-weighted images. Only in patients with biliary ob-
struction will there be little or no uptake of the contrast medium into liver
cells. Apart from improving detection of focal liver lesions, Gd-EOB-DTPA
may also have a potential for use in MRCP imaging, where it provides posi-
tive contrast of the bile ducts due to its biliary elimination. The manufac-
turer recommends the preparation for combined imaging of the dynamic
phase (first pass) and the hepatocellular late phase although this application
must be further validated.
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Fig. 55a, b. Schematic representation of the liver without (a) and with administration
of a negative MR contrast medium (SPIO, b). RES-directed MR agents such as SPIO pro-
duce a diffuse decrease in the SI of normal liver tissue on short T2-weighted sequences
(b) compared with an unenhanced image (a). Thus, lesions without Kupffer cells such
as liver metastases are depicted with a high signal intensity (b, brighter lesion). Benign
lesions often show reduced RES activity and therefore appear brighter than normal liver
parenchyma but darker than on an unenhanced image (b, darker lesion). SPIO-enhanced
images are functional images because they reflect RES activity. SPIO particles improve
the detection of liver lesions as well as their characterization

12.3.4 RES Contrast Agents

MR contrast agents targeted to the reticuloendothelial system (RES) are ad-
ministered intravenously and are predominantly phagocytosed by RES cells,
in particular by Kupffer cells in the liver, and, to a lesser extent, in the spleen
and the bone marrow. RES-specific agents used clinically are ferumoxides
(AMI-25/Endorem®/Feridex®) and ferucarbotran (SHU 555 A/Resovist®).
These superparamagnetic agents markedly shorten T2 and consequently
reduce the SI of normal liver tissue with intact RES while neoplastic tissue
without RES retains its bright signal (» Fig. 55). The rate at which the con-
trast medium is accumulated into a lesion can also be exploited diagnosti-
cally to improve lesion characterization since benign liver lesions such as
adenoma, FNH, or hemangioma also have RES activity. Optimal contrast is
achieved when using an intermediately T2-weighted sequence with a longer
TR and a TE which should not be too long - that is, a sequence with a high
susceptibility effect without an unduly long scan time.

The increase in intravascular signal associated with the T1-shortening ef-
fect can be used diagnostically to evaluate the vascularization of liver lesions
such as hemangiomas.
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Ferumoxides and ferucarbotran consist of iron oxide nanoparticles of
different particle size that are coated with dextran and carboxydextran, re-
spectively. They are administered as a bolus or as an infusion at doses of
8-15 pumol Fe/kg body weight. The optimal imaging window for exploiting
the T2* effect is about 15 minutes to 8 hours after administration. These
iron oxide preparations remain visible in the liver for 3-7 days. Thereafter,
the metabolized iron enters the normal body iron metabolism cycle. A rare
side effect whose mechanism is still unclear is back pain. Other rare adverse
events are pseudoallergic reactions.

12.3.5 Lymph Node-Specific Contrast Agents

Contrast media specific to the lymph nodes have been in clinical trials for
some time. They are superparamagnetic iron oxide nanoparticles (AMI-
227, ferumoxtran, Sinerem®/Combidex®) that can be administered indi-
rectly (subcutaneously), directly (endolymphatically), or intravenously.
Other names used for lymphatic MR contrast agents are ultrasmall super-
paramagnetic iron oxide particles (USPIO) or monocrystalline iron oxide
nanoparticles (MION). Following intravenous infusion, these agents re-
main in the blood for 24-36 hours before they accumulate in the lymph
nodes and lymphatic vessels. As they are phagocytosed by macrophages and
hence reach high local concentrations, they have a pronounced T2-short-
ening effect which decreases the signal of normal lymph nodes. Metastatic
lymph nodes are thus identified because they do not take up contrast. Iron
oxide nanoparticle preparations are also being developed as vascular con-
trast media (blood pool agents).

12.3.6 Tumor-Targeted Contrast Agents

MR contrast agents targeted to tumor cells are compounds such as metal
porphyrins that accumulate in rapidly dividing cells. The mechanism of
uptake is still unclear. These agents can be used to detect primary and sec-
ondary tumors or inflammatory tissue as well as to simultaneously perform
photodynamic laser therapy (PDT). For therapeutic purposes, the accumu-
lated metal porphyrins are activated to destroy surrounding tumor tissue by
application of a high-energy beam. Unfortunately, tumor-specific contrast
agents have a high systemic toxicity and have so far only been investigated
in animals.
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12.3.7 Other Emerging Tissue-Specific Contrast Agents

A number of different strategies have been devised to target contrast agents
to specific tissues. Potential targets include not only tissue-specific antigens
or epitopes but also genetic and functional features that distinguish tissues at
the molecular level. Such specific MR contrast media consist of a paramag-
netic or superparamagnetic signal emitter, a carrier structure (spacer), and
a targeting system (monoclonal antibody, polysaccharide coat, coordination
site for enzymes). After attachment of the contrast agent to a target, en-
zymes release a binding site or alter relaxivity, which is visualized on the im-
age (activation). A similar mechanism underlies the identification of blood
clots with a fibrin-binding experimental preparation, EPIX 2104R. Another
promising approach is the targeting of contrast agents to folate receptors.
These contrast media will identify pathologies with these receptors such as
precancerous lesions or polyps. Unfortunately, the practical application of
these agents continues to be limited by the fact that fairly high amounts are
required to achieve an appreciable effect in MR imaging.

Simpler targeting mechanisms such as uptake of an agent into the lipid
metabolism are used to identify atherosclerotic plaques. One such agent, the
gadolinium derivative gadoflurine, enhances the signal intensity of plaques
with a high lipid content.

Many studies have shown that iron oxide nanoparticles (USPIO) - whose
use as blood pool and lymph node agents has already been discussed above
- are also taken up by inflammatory cells (macrophages or histiocytes, lym-
phocytes) and may thus be used for so-called inflammatory imaging (with
both T1- and T2-weighted sequences). Promising fields of application for
this approach are the early identification of transplant rejection, demonstra-
tion of reactive atherosclerotic plaques, differentiation of acute from chronic
glomerulonephritis, identification of inflammatory activity in certain types
of multiple sclerosis plaques, uptake by synovial macrophages in rheuma-
toid arthritis, and peritumoral accumulation. In all of these cases, active en-
docytic cells can be identified by the extent of their signal changes.

In the monitoring of stem cell therapy, labeling of cells with USPIO has
already been used with success.

12.3.8 Hyperpolarized Gases

The use of hyperpolarized gases as MR contrast agents is based on the
polarization of nuclear spins. A high-volume production method is laser
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excitation of noble gases. The gases used for this purpose in medical imag-
ing are helium-3 and xenon-129, which can be administered for evaluating
lung ventilation or other hollow structures such as the gastrointestinal tract
and the paranasal sinuses. The effects of hyperpolarized gases are visual-
ized by using special pulse sequences with adjusted resonant frequencies
and other optimization steps in order to achieve a high SNR. These opti-
mized sequences yield diagnostic images of organs such as the lung, oth-
erwise notoriously difficult to evaluate by MR imaging. The complexity of
the equipment required, however, has so far hindered a wider use of this
technique.

12.3.9 Oral MR Contrast Agents

Orally administered contrast agents facilitate the differentiation of a physi-
ologic space from surrounding tissue and, at the same time, improve the
distention of the intraluminal space. In the clinical setting, this mechanism
is made use of in direct MR arthrography and to opacify the gastrointestinal
tract. For MR arthrography, dilute solutions of unspecific Gd-based contrast
agents (Artirem® 0.0025 mol/l, Magnevist® 2.0 with 0.002 mol/l) are injected
directly into the joint space. The intracapsular fluid is thus clearly delineated
from surrounding tissue by its high signal intensity on T1-weighted images
and the joint space is markedly widened.

As with contrast agents used for computed tomography, gastrointestinal
MR contrast media can be administered orally or rectally. In addition, bu-
tyl scopolamine (Buscopan®) or glucagon is given intravenously to reduce

Table 8. Examples of different types of gastrointestinal MR contrast agents

Miscible contrast agents Nonmiscible contrast
agents
Positive contrast agents Gd-DTPA (Magnevist” Fats
(ST increase) enteral) Vegetable oils

MnCl, = Lumenhance®
Ferric ammonium citrate

(Ferriselz®)
Negative contrast agents Ferumoxsil (Lumirem®/ Perfluorocarbons
(SI decrease) Gastromark®) CO,

Barium sulfate
Alumina
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artifacts from peristalsis. Miscible agents that mix with the bowel contents
and nonmiscible agents that do not are distinguished as well as positive and
negative agents (» Table 8).

The positive water-soluble contrast media comprise unspecific Gd(III)
complexes as well as iron and manganese solutions. The iron and manga-
nese solutions undergo partial absorption. In the gastrointestinal formula-
tion of Gd-DTPA (Magnevist® enteral), gadolinium is buffered with man-
nitol because it is much less stable in an acidic environment (buffer - less
pronounced drop in pH). The buffer increases gastrointestinal osmolality,
which results in further distention due to inflowing water and may cause
diarrhea. The acid-fast Gd-DOTA has been studied in experimental inves-
tigations without addition of a buffer. Some juices rich in metal ions such as
blueberry juice also increase the signal in the intestinal lumen.

The negative gastrointestinal contrast medium ferumoxsil (Lumirem®)
consists of silicone-coated superparamagnetic iron oxide nanoparticles
with many additional ingredients and is administered as a suspension. The
side effects again include diarrhea. These agents are mainly used to suppress
the gastrointestinal signal in MRCP and to help separate bowel loops from
surrounding structures.

Barium sulfate and alumina decrease the signal by displacing water and
hence the water protons. When higher doses are administered, the hypo-
tonic effects of the suspension may cause obstipation. Perfluorocarbons
(e.g. perfluorooctyl bromide) also decrease the signal by reducing the local
proton density but have been abandoned due to their high price.

Water is probably the least expensive oral MR contrast medium which
can be used to mark the intestinal lumen. It has a low signal on T1-weighted
images and a high signal on T2-weighted images. Distention of the lumen
can be improved by the admixture of gel formers or substances that increase
osmolality (mannitol, PEG).

12.4 Outlook

The development of new contrast media for MR imaging makes high de-
mands on both the pharmaceutical companies developing such agents and
their partners in radiology because they must demonstrate a clinical benefit
beyond simply that of improving image contrast and image quality. From
a clinical perspective, the high diagnostic efficiency of modern imaging
modalities is expected to lead to therapeutic advantages, indeed, more and
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more difficult to realize in today’s ever changing technological environment.
Modern contrast media should combine a maximum of clinical accuracy
with an acceptable price, good tolerance, and easy handling in the routine
clinical setting. These are the challenges facing the developers of new MR
contrast media.
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13 MR Artifacts

13.1 Motion and Flow Artifacts (Ghosting)

Classical MR sequences are rather slow; it takes several minutes to acquire a

T1-weighted image with an SE sequence. This is why MR imaging is highly

sensitive to any kind of motion. Two types of motion artifacts are commonly

encountered in routine MR imaging:

— Artifacts caused by breathing, peristalsis, or the beating heart (respira-
tory and cardiac motion artifacts)

— Artifacts caused by pulsatile blood flow or circulation of cerebrospinal
fluid (CSF) (flow artifacts).

Motion Artifacts

Motion artifacts caused by respiration, the beating heart, and peristalsis are
a common phenomenon in routine MR imaging and their occurrence was
often used as an argument against performing abdominal MR imaging in
the past. Motion artifacts degrade an MR image in the form of blurring or
discrete ghosts. Ghosting caused by cardiac and respiratory motion is seen
on chest MR images as noise running through the heart and mediastinum
in the phase-encoding direction.
Various strategies have been devised to overcome such motion artifacts:
— The effects of respiratory motion can be minimized by means of
specially developed compensatory algorithms (respiratory compensation).
The simplest form is to acquire data only during maximum expiration
(respiratory gating, analogous to cardiac gating). More sophisticated
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techniques collect signals throughout the respiratory cycle, ordering the
acquisition in such a way that the highest-quality data obtained during
expiration fills the center of k-space where its contribution to image
contrast is greatest.

— Use of fast GRE sequences for breath-held volume imaging. Alternative-
ly, a series of slices may be acquired during repeated breath-holds.
Breath-hold imaging yields better results than the use of respiratory
compensation algorithms but takes longer and can only be performed
in patients who are able to cooperate.

— Cardiac motion can be compensated for by synchronizing image
acquisition with a specific phase of the cardiac cycle (cardiac gating).
This is accomplished by simultaneous electrocardiography (ECG)
recording and, for instance, triggering the RF excitation pulse to the
R-wave of the ECG. In this case, TR is as long as one or several R-R
intervals.

— Motion artifacts caused by peristalsis can be reduced by administration
of a spasmolytic agent such as butyl scopolamine (Buscopan®).

— Parallel imaging (» Chapter 10) also helps reduce artifacts caused by
cardiac motion, respiration, or peristalsis.

— The navigator technique can be used as an alternative to breath-hold
imaging. This technique suppresses respiratory motion artifacts and can
therefore be used, for instance, to image the heart with the patient
breathing freely.

— A special phenomenon are CSF pulsation artifacts. These are intradural
areas of low signal intensity that are predominantly seen on sagittal T2-
weighted SE and FSE images. CSF pulsation artifacts can be prevented
by using GRE sequences.

Flow Artifacts

Flow-related artifacts are caused by flowing blood as well as the flow of CSF
and occur in the phase-encoding direction. These artifacts are due to the fact
that spins moving along a magnetic field gradient (slice-selection, phase-en-
coding, or frequency-encoding gradient) experience a phase shift (see also
phase-contrast angiography, » Chapter 11.1.1). As a result, anatomy mov-
ing during the phase-sampling interval is assigned a wrong phase value and
depicted in a different place in the image. Flow artifacts are typically seen



13 MR Artifacts 131

as ghosts, i.e. structures that are not really present, such as a blood vessel

which is depicted more than once in the phase-encoding direction.

The following remedies are available to prevent or reduce flow artifacts:
— Flow compensation or gradient-moment nulling (GMN). Use of special

gradient pulses applied prior to signal readout to compensate in

advance for motion-induced dephasing.

— Presaturation. This is accomplished by saturating the blood on either
side of the imaging slice immediately before actual data acquisition. The
saturated blood does not produce any artifacts because it gives no signal
when it enters the scan plane.

— Swapping the frequency- and phase-encoding axes may serve to remove
an artifact that occurs only in the phase-encoding direction from the
body region of interest.

Another remark on presaturation: The phenomenon of saturation as ex-
plained in » Chapters 3 and 11.1.1 can be exploited to suppress specific tis-
sue components by repeated excitation at short intervals. A tissue excited in
this way emits no signal in the subsequent measurement because the spins
have no time to recover between excitations. This technique is employed in
time-of-flight angiography to suppress the signal from blood entering the
slice from one direction while the blood entering from the other direction
will continue to give a signal. In this way, one can selectively visualize either
the veins or the arteries.

13.2 Phase Wrapping

Another notorious problem in clinical MR imaging is aliasing or phase
wrapping (also known as phase wraparound or foldover artifact), which is
caused by phase encoding errors. Wraparound artifacts occur whenever the
dimensions of an object exceed the defined field of view. These parts are
wrapped around and spatially mismapped to the opposite side of the image
(» Fig. 56).

When a specific FOV is defined, the MR scanner assumes that the whole
range of possible phase shifts from -180° through +180° occur within the
FOV. Problems arise when the target anatomy extends beyond the FOV in
the phase-encoding direction. In this case the parts outside the FOV are
assigned a phase shift above +180° or below -180°. A phase of +190°, for
example, corresponds to a phase of ~170°. Objects with these phases are
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Fig. 56. Phase wrapping. Structures outside the defined field of view that are assigned
the same phase shift as structures within the FOV are superimposed on the latter

assigned the same spatial encoding and therefore appear one on top of the
other in the MR image. Structures extending beyond the right margin will
be wrapped around to the left margin of the image and vice versa.

Various options are available to overcome the problem of wraparound
artifacts:

A larger field of view can be defined to encompass all of the anatomy
of interest. This will eliminate phase wraparound but at the cost of spatial
resolution.

The frequency- and phase-encoding directions can be switched as there
are no wraparound phenomena in the frequency-encoding direction (be-
cause the deep frequencies from one side are easily distinguished from the
high frequencies from the other side). For example, when the chest or the
pelvis is imaged, the gradients are applied so that the shorter (anteroposte-
rior) dimension of the patient is oriented in the phase-encoding direction.

Special algorithms (“no phase wrap’, “foldover suppression’, or “antialias-
ing”) prevent phase wrapping by oversampling in k-space: the field of view
is enlarged so that no parts of the anatomy of interest extend beyond it. The
excess data thus collected is discarded during image reconstruction. Note,
however, that the no-phase-wrap option cannot be combined with some
specialized imaging techniques.

Surface coils can be arranged in such a way that structures which oth-
erwise might wrap around come to lie outside the sensitive range of the
receive coil and thus do not appear in the image (e.g. in spinal imaging with
an anteroposterior phase-encoding axis).

Presaturation (» Chapter 3.5) is another option to suppress the signal
from regions outside the defined field of view.
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13.3 Chemical Shift

The concept of chemical shift as introduced in » Chapter 9 describes the
fact that the resonant frequency of protons varies with their molecular en-
vironment. On MR scanners with a field strength of 1.0 T or greater, this
phenomenon can be exploited to differentiate lesions with and without fatty
components. In addition, chemical shift effects can be used to selectively
suppress the signal from fat.

On the other hand, chemical shift phenomena also give rise to artifacts
that are frequently encountered in medical MR imaging. Such chemical
shift artifacts occur on the basis of two mechanisms: spatial misregistration
between fat and water or silicone and water (chemical shift artifact of the
first kind) and cancellation of the signal at the interface between fat and
water (chemical shift artifact of the second kind).

Chemical Shift Artifact of the First Kind

Chemical shift artifacts of the first kind occur when protons with different
precession frequencies (fat, water, and silicone) are depicted in a different
place from where they are actually to be found along the frequency-encoding
axis. This results from the fact that the signals from fat and water or the
signals from silicone and water are spatially mismapped in the frequency-
encoding direction. In medical imaging, chemical shift artifacts of the first
kind occur at sites where fat and water are adjacent to each other or where
fat is surrounded by water. Chemical shift misregistration manifests itself as
a dark band (low or no signal) on the side of the higher spatial frequency
and a bright band (high signal) on the side of the lower frequency (signal
pile-up) (» Fig. 57). Bright signal bands are seen when protons with differ-
ent resonant frequencies are depicted as if they coexist in the same voxel.
Chemical shift artifacts of the first kind occur with all pulse sequences and
their size depends on the receiver bandwidth and the magnetic field strength
used. They can be reduced by broadening the receiver bandwidth. How-
ever, as we have seen in » Chapter 5, a wider bandwidth will reduce SNR as
well. Alternatively, chemical shift artifacts of the first kind can be reduced
by swapping the frequency- and phase-encoding axes or by employing a fat
suppression technique.
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Fig.57. Chemical shift artifact at a fat-water interface. Spatial misregistration of fat rela-
tive to water signal in the frequency-encoding direction results in a dark band (signal
void) on one side and a light band (signal pile-up) on the other. For details see text.

Chemical Shift Artifact of the Second Kind

Chemical shift artifacts of the second kind are confined to GRE imaging.
Their characteristic appearance is a black rim (signal void) at the boundary
between fat and water. Such artifacts are seen, for example, at the interface
between perirenal fat and the renal parenchyma. They result from phase
cancellation effects when GRE images are acquired while fat and water are
out of phase. Chemical shift artifacts of the second kind can be avoided by
using SE sequences and can be minimized on GRE images by acquiring the
data with fat and water in phase.
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13.4 Magnetic Susceptibility

Magnetic susceptibility is a fundamental property of all matter including bi-
ological tissues. It refers to the ability of a substance to become magnetized
in an external magnetic field.

Metals typically have large susceptibilities. This property becomes rel-
evant in medical MR imaging when patients with metal foreign bodies or
implants are imaged. Such materials can lead to signal voids and/or image
distortions at their boundaries with tissues that have different susceptibili-
ties. This phenomenon is known as a susceptibility artifact. Less prominent
susceptibility artifacts occur at tissue interfaces (e.g. between bone and
muscle) or at interfaces between bone and air. An anatomic area especially
prone to susceptibility artifacts is the transition between the paranasal sinus
and the skull base. Other materials that may cause susceptibility artifacts
are local deposits of calcium hydroxyapatite, accumulations of gadolinium
chelate, or iron oxide particles.

In general, susceptibility artifacts may occur with all pulse sequences.
They are minimal on SE images because the 180° refocusing RF pulse cor-
rects for T2* effects and SE sequences themselves are fairly insensitive to
static field inhomogeneities. On the other hand, the more pronounced sus-
ceptibility effects on GRE images can be exploited for diagnostic purposes,
for instance to identify small hemorrhages or calcifications. In clinical MRI,
minimizing susceptibility artifacts is especially important when body re-
gions with orthopedic implants are imaged. Several strategies are available
to reduce susceptibility artifacts from metal implants: use of SE and FSE se-
quences instead of GRE sequences, swapping of the phase- and frequency-
encoding axes, imaging with a wider receiver bandwidth, alignment of the
longitudinal axis of a metal implant with the axis of the main magnetic field,
and use of STIR rather than frequency-selective fat suppression techniques.

13.5 Truncation Artifacts

Truncation artifacts are also termed ringing, Gibb’s, or spectral leakage
artifacts and arise as a consequence of using the Fourier transform to re-
construct an MR image. They typically appear as straight or semicircular
parallel lines immediately adjacent to high-contrast interfaces such as the
borders between muscle and fat or between CSF and the spinal cord. These
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artifacts are particularly problematic in spinal imaging, where they may
mimic a syrinx or widening of the cord. Because truncation artifacts result
from inadequate sampling of high spatial frequencies, they can be mini-
mized by increasing the matrix in the phase-encoding direction.

13.6 Magic Angle

The magic angle artifact primarily affects structures with parallel fibers such
as tendons and ligaments. These structures are characterized by a low signal
intensity on most sequences because they have a short T2. Their signal may
be increased and mimic pathology when the main magnetic field is at an
angle of 55° to their fibers.

13.7 Eddy Currents

Eddy currents are generated when gradients are turned on and off quickly.
These currents may be induced in the patient, in cables or wires around
the patient, or in the magnet itself. Eddy currents generated by the magnet
appear as a signal drop in the margin of the image. These artifacts can be
reduced by optimizing the sequence of gradient pulses.

13.8 Partial Volume Artifacts

Partial volume artifacts occur whenever spatial resolution is limited. The
signal intensities of different tissues and structures that are located in the
same voxel are averaged. This may result in an intermediate signal at the
interface between tissues with high and low signal intensities. The risk of
partial volume artifacts can be reduced by increasing the number of slices
acquired in the z-direction.

13.9 Inhomogeneous Fat Suppression
In the presence of a homogeneous magnetic field, uniform fat suppression

(saturation) can be achieved by applying an RF pulse that has the resonance
frequency of fat protons. However, in clinical imaging, this is rarely pos-
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sible because the fat protons precess at different frequencies due to local
field inhomogeneities, which may arise from the very presence of the pa-
tient within the magnet. Consequently, fat suppression is inhomogeneous
because the RF pulse applied for fat suppression cannot match the different
precessional frequencies of all fat protons.

Whenever considerable magnetic field inhomogeneities are likely to be
encountered, for example, in patients with a metal foreign body, one should
consider use of a STIR sequence for fat suppression because it will probably
yield better results in such cases compared with presaturation in combina-
tion with SE, FSE, or GRE sequences.

13.10 Zipper Artifacts

A zipper artifact looks like a line of alternately bright and dark pixels run-
ning through the image in the phase-encoding or frequency-encoding di-
rection. Zipper-like artifacts in the phase-encoding direction result from ra-
diofrequency noise. Such noise may originate from an external source that
reaches the receiver coil, for instance, because the door of the scanner room
has not been fully closed. Another cause is RF emission from anesthesia
monitoring equipment like pulse oximeters used within the scanner room.
Zipper artifacts in the frequency-encoding direction are typically due to im-
perfect slice-selection profiles or inadequate RF transmission.

13.11 Crisscross or Herringbone Artifacts

A crisscross or herringbone artifact is due to a data processing or recon-
struction error. It is characterized by an obliquely oriented stripe that is seen
throughout the image. These artifacts can usually be eliminated by recon-
structing the image again.
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Dramatic advances have been made in medical MR imaging in recent years.
The magnetic field strengths typically used for routine clinical imaging
range from 0.2 to 1.5 T. Over the past several years, systems operating at
higher field strengths have become more prevalent, particularly at research
centers. At the same time, interest in clinical imaging at 3 T is increasing as
well. Available data suggests that magnetic field strengths above 2 T involve
no increased risk for patients. The maximum field strength approved by the
US Food and Drug Administration (FDA) for routine clinical applications
is 4 T. Current clinical interest focuses on 3-T scanners although it is already
evident that even higher field strengths will be used to examine patients in
the future. In the framework of scientific studies, MR scanners operating at
7 tesla have already been used in humans.

The 3-T MR imagers that are commercially available today do not dif-
fer from 1.5-T machines in terms of scanner architecture. These are whole-
body scanners just like the MR systems operating at 1.5 T or lower field
strengths.

The strongest argument in favor of switching to a higher field strength is
the expected boost in signal-to-noise ratio (SNR) as the MR signal increases
roughly in proportion to the field strength. In theory, the SNR would thus
be doubled at 3 T compared with 1.5 T. The better SNR achieved with a
high-field scanner can be used to improve spatial resolution or reduce im-
aging time. An improved spatial resolution might permit a better evaluation
of anatomy so far only inadequately visualized by MRI. Alternatively, with
shorter scan times, MR systems can be operated more economically because
more patients can be examined. Finally, imaging at 3 T or even higher field
strengths has the potential to improve more sophisticated applications of
MRI such as functional imaging (spectroscopy or perfusion imaging and
the like).
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In conclusion, high-field MR imaging has both advantages and disadvan-
tages which the user must be aware of when switching to this new technol-

ogy.

14.1 Tissue Contrast

Higher field strengths alter the T1 and T2 relaxation times of biological tis-
sues. T1 is usually longer at 3 T compared with 1.5 T while T2 is shorter.
This means that one has to adjust the TRs and TEs of different pulse se-
quences when they are to be used on 3-T scanners. For spin echo and fast
spin echo sequences, a longer TR is needed at 3 T to achieve a similar con-
trast as with 1.5 T. Conversely, TE should be somewhat shorter in order to
compensate for the longer T1 relaxation times at 3 T.

14.2 Magnetic Susceptibility

Susceptibility effects (» Chapter 13.4) increase in proportion to the field
strength of the magnet. As a result, image distortion may increase and de-
grade image quality especially when GRE sequences are used. Conversely,
the stronger susceptibility effects may be advantageous in conjunction with
MR techniques such as perfusion imaging (» Chapter 11.2) where they con-
tribute to image contrast.

14.3 Chemical Shift

Chemical shift in Hz increases in proportion to the magnetic field strength.
The larger chemical shift is advantageous in spectroscopy where the spectral
lines are spread farther apart. This improves spectral resolution and discrim-
ination of the peaks of fat and water, which in turn enables better calibration
of the frequency-selective RF pulse for fat suppression. MR spectroscopy
at 3 Tesla can be performed with a smaller scan volume, thereby reducing
contamination of the spectrum from outside the area of interest.



14 High-Field Clinical MR Imaging 141

14.4 Radiofrequency (RF) Absorption

The amount of energy deposited in the body by an RF field is proportional
to the square of the field strength and is thus significantly greater for high-
field scanners. The threshold for energy absorption in the body (primarily
in the form of heat), defined as the specific absorption rate (SAR), is there-
fore more easily reached. This limits the scan times that are theoretically
feasible on high-field scanners as the possible succession of pulses must be
slowed down to prevent overheating. These limitations must be borne in
mind when sequences optimized for 1.5 T are used on 3-T scanners. Spe-
cifically, four times as much RF energy needs to be applied per unit time to
achieve the same flip angle at 3 T as at 1.5 T. A sequence with a pulse dura-
tion and amplitude optimized so that energy deposition is just below the
SAR threshold at 1.5 T will exceed the upper limit at 3 T. This limits the use
of sequences with high SAR values such as SE and FSE sequences.

Various strategies are available to minimize the overall SAR. A promising
approach is to use a series of variable flip angles (VFA), which differ both
in size and temporal spacing. The VFA strategy is associated with less en-
ergy exposure because the shorter intervals between two refocusing pulses
reduce overall scan time while the resulting MR signal remains the same.
Another promising technique is parallel imaging (» Chapter 10), which re-
duces RF energy deposition by applying fewer refocusing pulses per echo
train while echo time is kept constant.
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The static magnetic field of an MR scanner may be extremely strong with
field strengths in the range of 1.5-4.0 T (15,000-40,000 gauss). Such strong
magnetic fields hold risks for both patients and personnel. A potential dan-
ger arises from ferromagnetic objects that may turn into dangerous missiles
when brought near the magnet.

Most biomedical implants used today can be safely scanned at field
strengths of up to 4.0 T. The metal components contained in many implants
may induce artifacts on an MR image but the metals employed nowadays
are typically not ferromagnetic and are therefore unlikely to get dislodged
when exposed to the magnetic field of a medical MR scanner. This holds es-
pecially for the majority of orthopedic implants (including hip prostheses)
which, along with most neurosurgical implants such as shunts, drains, tubes,
or plates, no longer constitute contraindications to MR imaging. Caution is
still advised in patients with cerebral aneurysm clips. Here, the MR-com-
patibility should be carefully established in each case although most clips
used for treating skull base aneurysms today are MR-compatible. All clips
placed to stop bleeding in peripheral vessels are safe. Most artificial cardiac
valves implanted today are MR-compatible and yet again this should be es-
tablished in each case.

Cardiac pacemakers are still contraindications to MRI because they con-
tain a number of sensitive electronic components whose function may be
impaired during the scan. Pacemaker electrodes are ideal antennas for the
reception of RF energy, which may lead to arrhythmia. Moreover, the elec-
trodes may heat up and thus cause burns or thrombosis of blood vessels.
This also applies to most patients with transient pacemakers. In contrast,
patients with a sternum cerclage can be imaged without problems. MRI fol-
low-up of patients after coronary stenting should not be performed until at
least six weeks after the intervention. Virtually all aortic and peripheral vas-
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cular stents currently used are also MR-compatible. Nevertheless, it is again
recommended to check before an MRI examination.

At the time of printing, scanning is contraindicated in patients with in-
ternal defibrillators or left ventricular assist devices. Neurostimulators or
cochlear implants are also considered contraindications.

In view of the possible risks just outlined, it is clear that a thorough his-
tory must be obtained prior to an MRI examination to carefully rule out any
contraindications. Most centers use standardized questionnaires to elicit in-
formation about implants and other objects that might not be MR-compat-
ible. In most cases, the questionnaire is supplemented by an oral interview.

Caution is also advised in patients with embedded metal fragments or
bullets. As a general rule, the risk posed by these foreign bodies depends on
their anatomic location and on whether they are ferromagnetic or not. Fer-
romagnetic fragments may be dangerous when found in a critical location
such as the eye where they may damage the optic nerve if displaced during
the scan. If the situation is unclear, an X-ray should be obtained prior to the
MRI examination. Other critical locations of ferromagnetic objects are the
brain, spine, lungs, mediastinum, and abdominal organs. Foreign bodies in
other anatomic locations are usually safe to scan. Our policy is to monitor
these patients more carefully and ask them to report any unusual sensa-
tions, especially while they are being moved into the bore of the magnet.
Dental prostheses often contain ferromagnetic materials and we therefore
ask patients to remove their prostheses, mainly because they may cause arti-
facts on MR images and not because of any risks they may pose.

Problems may also occur in patients with large tattoos, which may oc-
casionally cause burns. Special monitoring is recommended. Piercings have
also been reported to cause burns and should be removed before the scan.

Another safety issue is the exposure to the changing magnetic fields gener-
ated by the gradient coils. Concerns have been voiced that these fields may
interfere with cardiac conduction and thus cause arrhythmia. Such an effect
has not been observed with the gradient strengths used in routine clini-
cal MR imaging at present. However, optical hallucinations like flashes of
light have been attributed to these gradient fields and there is evidence that
experimental MR imagers with much stronger and faster gradients stimu-
late peripheral nerves (especially when echo planar imaging is performed,
» Chapter 8.5).

There is an ongoing controversy about potential deleterious effects of
changing magnetic fields on the fetus. It is known that cells in the phase
of cell division (as during the first three months of fetal life) are sensitive
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to various physical effects. This is why MR imaging of a developing fetus
should be delayed until after the first trimester.

Claustrophobia prevents a number of patients from undergoing an MR
examination. Many more patients experience anxiety or are scared by the
sheer bulk of the MR equipment. Whether an individual suffering from
claustrophobia will be able to complete an MR examination crucially de-
pends on whether the staff, while preparing the patient for the examination,
can dissipate concerns through good care and detailed information about
all aspects of the MR scan. Other measures that help patients tolerate the
MR scan include drug sedation, mirrors placed within the scanner, or mir-
rored glasses to look outside. Today, scanning in an open-bore imager with
a second vertical or horizontal opening is available as an additional alterna-
tive for imaging claustrophobic patients.
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Glossary

Arrows (=) refer to related entries elsewhere in the glossary.

3D Acquisition Technique of volumetric imaging instead of acquisition of
individual slices. Accomplished by performing > Phase encoding in two di-
rections (phase-encoding and slice-selection gradients). Advantages: good
> Signal-to-noise ratio, very thin slices can be obtained, excellent raw data
set for secondary reconstruction, and > 3D MRA.

3D MRA MR angiography based on 3D data acquisition. Typically, a vol-
ume is acquired during a single breath-hold. 3D MRA has become the stand-
ard MR technique for vascular imaging.

Acceleration factor In parallel imaging, the factor by which the number
of phase-encoding steps is reduced. The acceleration factor may range from
1.0 (no acceleration) to about 3.0-4.0.

Active shielding Technique for containment of the fringe fields of an MR
magnet. An actively shielded magnet consists of a set of two coils, an inner
coil to generate the magnetic field and an outer coil to provide return paths
for the magnetic field lines.

Aliasing - Phase wrapping.

B, The static external magnetic field of an MR scanner. The field strength
in clinical MR imaging ranges from 0.064-3.0 tesla (up to 8 T in experi-
mental applications).

Black blood effect Loss of the signal of flowing blood seen on spin echo
images as a result of the fairly long echo times during which the excited
blood leaves the scan plane and irreversible dephasing due to the different
gradients.

Blips The phase-encoding peaks in - Echo planar imaging.
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Blood pool contrast agent Higher-molecular-weight compounds or par-
ticulate agents with a long residence time in blood vessels, which results
from the fact that their large molecular size prevents or slows down diffu-
sion through the capillary walls. Also called intravascular contrast agents.

Blooming Loss of signal observed at interfaces of calcium and tissue on
GRE images. Blooming is a T2* effect.

Body coil The integrated RF coil of an MR scanner.
Bound pool - Bound protons.

Bound protons Water protons not freely mobile in a tissue. They are
macromolecular water protons bound by hydration. The incorporated wa-
ter protons are restricted in their mobility and thus exchange less energy
with their surroundings (long T1) while their fixed structure promotes their
exchange with each other (extremely short T2 of < 0.1 msec). This is why
bound protons do not contribute to the MR signal. > Free protons, > Mag-
netization transfer.

B-value The b-value denotes how sensitive a sequence is to diffusion ef-
fects and thus represents a measure of the signal loss to be expected for
a given diffusion constant. It is determined, among other things, by the
strength and timing of the gradient pulses of the paired diffusion gradient
and inversion pulse sandwich applied to make a sequence sensitive to dif-
fusion effects.

Centric k-space ordering Mode of data collection in which k-space is
not filled in a linear fashion but from the center toward the periphery us-
ing a spiral trajectory (commercial implementations of this technique are
CENTRA or elliptical centric ordering of k-space).

Chemical shift Describes the fact that the resonant frequency of protons
varies with their molecular environment. The chemical shift most important
in clinical MR imaging is that between protons in fat and water. As a result
of the chemical shift, the protons of fat and water which coexist in the same
voxel may be alternately in phase, i.e. their transverse magnetization vec-
tors add together, or out of phase (opposed phase), i.e. their magnetization
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vectors point in opposite directions. This phenomenon can be exploited to
differentiate fatty tissue (signal drop on image acquired while fat and water
are out of phase) from other tissue (no signal drop on out-of-phase image).

Chemical shift artifact Spatial misregistration between fat and water sig-
nals in the frequency-encoding direction seen as a white or dark band at
sites where fat and water are adjacent to each other (chemical shift artifact
of the first kind). Chemical shift artifacts of the second kind designate the
signal losses resulting from phase cancellation effects on GRE images ob-
tained with fat and water out of phase.

Coil Component of an MR scanner which serves to transmit RF pulses
and/or receive MR signals.

Coil array  Arrangement of several surface coils placed side by side for si-
multaneous signal collection in parallel imaging.

Contrast-to-noise ratio (CNR) Measure of the ability to differentiate two
adjacent anatomic structures in an MR image on the basis of their signal
intensities in relation to image noise.

Crisscross artifact Also called herringbone artifact. Artifact caused by a
data processing or reconstruction error. Can usually be eliminated by re-
constructing the image again.

Cross-talk Interference resulting from the unintended excitation of adja-
cent slices which overlap at their edges due to imperfect, nonrectangular
slice profiles. Cross-talk decreases > Signal-to-noise ratio.

Dixon technique MR imaging technique for the reconstruction of fat and
water images based on the > Chemical shift between fat and water.

ECG gating MR imaging technique that acquires data only during a spe-
cific phase of each cardiac cycle (e.g. systole or diastole) (- Gating).

Echo planar imaging (EPI) A gradient echo technique that uses an ultra-
fast > Frequency-encoding gradient to generate a series (train) of up to 128
gradient echoes. EPI thus enables single-shot acquisition of an image in less
than 100 msec.
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Echo time (TE) The interval between excitation of a spin system and col-
lection of the MR signal. TE predominantly determines the amount of T2
contrast of the resultant image.

Echo train length (ETL) Number of echoes sampled per TR when a > Fast
spin echo sequence is used.

Eddy currents  Electrical currents induced when the gradients turn on and
off. These currents cause a drop of signal in the margin of the MR image.

Effective echo time In an FSE sequence, the time between the excitation
pulse and the echo which primarily determines T2 contrast because it pro-
duces the strongest signal.

EPI > Echo planar imaging.

Ernst angle The > Flip angle at which the maximum signal is generated
for a given TR and TE.

Excitation angle - Flip angle.

Exorcist Compensatory algorithm which is applied to reduce > Ghosting
caused by breathing, hence the name Exorcist.

Extracellular contrast agent Low-molecular-weight, water-soluble com-
pound with distribution in the vascular and interstitial spaces of the body
after IV administration. Most of the MR contrast agents in clinical use today
belong to this group of gadolinium (III) complexes.

Fast spin echo sequence (FSE) A - Spin echo sequence run more rapidly
than usual; also known as turbo spin echo or RARE. This technique short-
ens scan time by generating up to 16 echoes with a series of 180° pulses. FSE
sequences have the same image quality as conventional SE sequences and
are nearly as fast as GRE sequences.

Fat saturation (Fat sat, fat suppression) Various techniques are available
to eliminate the signal from fatty tissue. One fat suppression technique em-
ploys an RF pulse which is shifted by 220 Hz (at 1.5 T) and thus selectively
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saturates fat protons (frequency-selective fat saturation). Alternatively, fat
suppression can be achieved by making use of the > Chemical shift between
fat and water or by using a > STIR sequence.

Ferromagnetism Property of a material, as iron, of becoming perma-
nently magnetized. Ferromagnetic materials can markedly distort the mag-
netic field and cause large signal voids in the MR image.

FFE Fast-field echo > Gradient echo sequence.

Field of view (FOV) The area of anatomy covered in an image. The FOV is
usually square, though a > Rectangular FOV may be chosen to reduce scan
time. A smaller FOV improves spatial resolution but decreases > Signal-to-
noise ratio.

FLAIR (Fluid-attenuated inversion recovery) Variant of an inversion re-
covery sequence which is based on a fast spin echo sequence and uses a very
long inversion time. This sequence is primarily used in neuroradiologic im-
aging because it completely suppresses the signal from cerebrospinal fluid
and thus improves the detection of lesion that are otherwise difficult to dif-
ferentiate from surrounding brain tissue.

Flip angle (Excitation angle, pulse angle). The angle by which magnetiza-
tion is tilted when a spin system is excited by an RF pulse. The angle can be
varied freely by changing the strength and duration of the excitation pulse
applied. A flip angle of exactly 90° deflects all longitudinal magnetization
(M,) into the transverse plane (xy-plane). The flip angle is always 90° in a
> Spin echo sequence while a > Gradient echo sequence can be acquired
with different flip angles, e.g. 30°. The flip angle determines the amount of
T1 weighting of an MR image.

Fourier transform Mathematical operation needed to reconstruct MR im-
ages from raw data. The Fourier transform decomposes the measured MR
signal into its frequency spectrum. In medical MR imaging, two-dimen-
sional and three-dimensional Fourier transforms (2D-FT, 3D-FT) are used
for image reconstruction.

FOV - Field of view.
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Fractional echo imaging Technique used to reduce scan time. Only half
(or slightly more than half) the lines of k-space in the frequency-encoding
direction are filled. Also known as partial echo imaging. > Partial k-space
acquisition.

Free induction decay (FID)  Signal loss that occurs at a characteristic time
constant T2* without any external influence.

Free protons The free protons (protons in free water) of a tissue inter-
act frequently with their environment (short T1) but rarely with each other
(long T2). Only free protons contribute to the MR signal. > Bound protons,
- Magnetization transfer.

Frequency encoding Part of > Spatial encoding of an MR signal. While
the echo is being sampled, a gradient field is switched on in one dimension,
imparting different precessional frequencies to the nuclear spins along that
dimension. In this way, a spectrum of resonance frequencies is obtained in-
stead of a single frequency (> Fourier transform). The frequency informa-
tion serves to locate the individual signal components in space along the
gradient.

Frequency-encoding gradient  The gradient field that is switched on while
the MR signal is being collected, hence it is also called readout gradient. It is
needed for > Frequency encoding of the MR signal.

FSE - Fast spin echo sequence.

Gating Technique of synchronizing MR imaging with the respiratory or
cardiac cycle. ECG gating serves to reduce artifacts caused by cardiac mo-
tion. This is accomplished by triggering the scan to the R-wave of the ECG,
thereby collecting data from the same phase of the cardiac cycle with each
acquisition.

Ghosting Misencoding resulting in noise running through the heart and
mediastinum or the multiplication of an anatomic structure such as the
aorta in the phase-encoding direction. These artifacts are typically caused
by pulsatile flow, less frequently by the beating heart or breathing.

Gibb’s artifact - Truncation artifact.
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Gradient Defines the strength of the change of a quantity in a specific spa-
tial direction. A magnetic field gradient in MR imaging refers to the lin-
ear change in magnetic field strength created along the x-, y-, or z-axis of
the stationary magnetic field. Such gradients are needed for slice selection
(> Slice-selection gradient) and > Spatial encoding and are generated us-
ing dedicated coils built into the scanner. In a more general sense, the term
“gradients” is also used to denote the gradient coils.

Gradient echo sequence (GRE) Pulse sequence which differs from a
> Spin echo sequence in that no 180° refocusing pulse is applied. Magnetic
field inhomogeneities and the phase differences imparted by the gradient
are not compensated for and the MR signal decays with T2* instead of T2.
Advantage: shorter scan time.

GRASE (Gradient and spin echo) A hybrid pulse sequence that combi-
nes a > Fast spin echo sequence and > Echo planar imaging. Several spin
echoes are generated and, for each SE, several gradient echoes are acquired.
Advantages: short scan time and high contrast (as with > Spin echo se-
quence). Disadvantages: technically demanding; clinical role still unclear.

GRE - Gradient echo sequence.

Hyperpolarized gases MR contrast agents for special indications. They
are produced by laser polarization of the nuclear spins of noble gases (e.g.
helium-3, xenon-129).

Inflow angiography - Time-of-flight angiography.

Inflow effect (Flow-related enhancement) Describes the fact that fast
> Gradient echo sequences depict blood flowing into the scan slice with a
bright signal while stationary tissue appears dark due to > Saturation.

In phase > Chemical shift.

Intermediate-weighted image > Proton density-weighted image.

Interslice gap The distance between the nearest edges of two adjacent
slices.
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Intravascular contrast agent > Blood pool contrast agent.

Inversion recovery sequence (IR sequence) Spin echo sequence with an
additional 180° inversion pulse preceding the usual excitation and refocus-
ing pulses (- Inversion time). Two IR sequences widely used in clinical MR
imaging are > STIR and > FLAIR.

Inversion time (TI) The interval between the 180° inversion pulse and the
90° excitation pulse in an > Inversion recovery sequence. The TI can be
selected to null the signal from a specific tissue such as fat, which is done by
applying the 90° RF pulse when the magnetization of that tissue is zero.

IR Inversion recovery (- Inversion recovery sequence).

Isocenter The geometric center of the main magnetic field of an MR scan-
ner where the field strength is not affected by any of the three gradients.

K-space The mathematical space for storage of the measured raw data be-
fore the MR image is reconstructed by applying 2D or 3D - Fourier trans-
form. The center lines of k-space predominantly determine image contrast
while the peripheral lines mainly affect spatial resolution.

Larmor frequency Frequency at which spins precess about a magnetic
field. The precession or resonance frequency is proportional to the strength
of the magnetic field applied.

Longitudinal relaxation > T1 relaxation.

Magnetic susceptibility Measure of the extent to which a tissue or sub-
stance becomes magnetized when placed in an external magnetic field.

Magnetization transfer Describes the transfer of magnetic saturation
from bound macromolecular protons to free protons. This phenomenon re-
duces the signal intensity of free water.

Matrix Two-dimensional grid consisting of rows and columns in which
each square is a pixel (picture element). The matrix determines the number
of pixels that make up an image.
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MIP  (Maximum intensity projection) Technique of image reconstruction
which filters out the high signal intensities and projects them onto a single
plane.

MR angiography MR technique that uses sequences providing good ves-
sel-tissue contrast for generating MR angiograms. > Phase-contrast angiog-
raphy, > Time-of-flight angiography, > 3D MRA.

MR arthrography MR technique for imaging of the joints, usually per-
formed with intra-articular administration of a dilute gadolinium chelate
solution under fluoroscopic guidance. The contrast medium widens the
joint space, thereby improving the evaluation of intra-articular structures
and hence the diagnosis of certain joint disorders.

Navigator MR technique for the suppression of respiratory motion arti-
facts which uses additional echoes (navigator echoes) to detect changes in
the position of the diaphragm. The MR images are then reconstructed us-
ing only the data acquired with the diaphragm in a specific position. Using
the navigator technique, it is possible to perform cardiac imaging with the
patient breathing freely.

Negative contrast agent MR contrast agent that improves contrast by
causing a selective signal loss in specific tissues accumulating the agent.
Negative agents usually contain paramagnetic or superparamagnetic sub-
stances. » Paramagnetism, - Superparamagnetism.

NEX, NSA (Number of excitations, number of signal averages) Denotes
how often a signal from a given slice is measured per phase encoding. An
increase in NEX usually improves > Signal-to-noise ratio.

Opposed phase > Chemical shift.

Out of phase > Chemical shift.

Outflow effect > Black blood effect.

Parallel imaging Fast MR imaging technique with simultaneous signal
collection by means of several surface coils placed side by side.
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Paramagnetism A property exhibited by substances which are magne-
tized when exposed to an external magnetic field, resulting in a local in-
crease in the magnetic field. A typical paramagnetic substance is the metal
ion Gd*, which is used as an MR contrast medium in its chelated form.
When low concentrations are administered, this compound shortens T1
and thus acts as a > Positive contrast agent. At higher concentrations, gado-
linium complexes cause a signal loss due to local magnetic field inhomoge-
neities. » Magnetic susceptibility, > Negative contrast agent.

Partial Fourierimaging Technique of k-space filling in which only slightly
more than half the k-space lines in the phase-encoding direction are actu-
ally sampled and the unfilled lines are interpolated. The scan time is thus
reduced by almost 50% while resolution is the same but noise is somewhat
increased. > Partial k-space acquisition.

Partial k-space acquisition General term for different techniques em-
ployed to reduce scan time by incomplete sampling of the lines of k-space:
> Rectangular FOV, - Partial Fourier imaging, - Fractional echo imaging.

Partial volume effect The loss of contrast between two adjacent tissues
with different signal intensities caused by insufficient resolution when both
tissues are in the same voxel.

Phase The angle by which a rotating magnetic vector of a precessing spin
in the xy-plane differs from that of a second vector.

Phase-contrast angiography Technique that applies an additional gradi-
ent to encode the velocity of flowing spins (e.g. in flowing blood). Phase-
contrast angiography is an > MR angiography technique that allows precise
measurement of blood flow velocity.

Advantages: sequence can be sensitized to different flow velocities by user;
technique allows quantitative determination of flow velocity.
Disadvantages: long scan time due to additional gradients and separate
measurement for each direction to which the sequence is sensitized; pulsa-
tile flow causes artifacts.

Phased-array coils An arrangement of coils consisting of several surface
coils used simultaneously to improve image quality. Such an array combines
the signal of a surface coil with the FOV of a body coil and enables the ac-
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quisition of high-resolution images of organs deep within the body such as
the pelvic organs.

Phase encoding Part of - Spatial encoding. Accomplished by switching
a gradient to impart different phase shifts to the spins in an excited slice
according to their position along the gradient. Spatial position can then be
identified by a unique amount of phase shift.

Phase-encoding gradient The gradient that is switched on for - Phase
encoding during readout of the MR signal.

Phase wrapping Phenomenon which occurs when parts of the anatomy
of interest extending beyond the defined field of view are wrapped around
and spatially mismapped to the opposite side of the image.

Pixel Two-dimensional picture elements which make up the > Matrix.

Positive contrast agent A positive MR contrast agent improves contrast
by enhancing the signal, thereby making the tissue appear bright. Most pos-
itive MR contrast agents shorten T1.

Prepulse - Presaturation.

Presaturation Selective magnetic saturation of a tissue by applying an ex-
tra RF pulse (prepulse) immediately before the excitation pulse for generat-
ing the signal is delivered. Presaturation is performed to eliminate artifacts
or to selectively suppress the blood signal (outside the scan plane) and to
increase T1 weighting (within the scan plane).

Proton density-weighted image Proton density-weighted (PD images),
density-weighted, or intermediate-weighted MR images are images whose
contrast is predominantly determined by the proton density of the tissues
imaged. They are acquired with a fairly long repetition time (to minimize
T1 effects) and a fairly short echo time (to minimize T2 effects). PD images
have a high > Signal-to-noise ratio. A typical parameter combination for
obtaining a PD image is TR/TE=2000/20 msec.

Quench Sudden loss of superconductivity with breakdown of the mag-
netic field.
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R1and R2 Relaxivities: R1=1/T1 and R2=1/T2, unit: (sec mol/1)™*
Readout The sampling of the MR signal.
Readout gradient > Frequency-encoding gradient.

Receiver bandwidth The spectrum of spin frequencies registered in MR
imaging during readout.

Rectangular FOV  Technique of > Partial k-space acquisition with sam-
pling of fewer k-space lines in the phase-encoding direction. A rectangular
field of view is used to reduce scan time compared with full acquisition and
is achieved at the cost of slightly reduced > Signal-to-noise ratio.

Region of interest (ROI) Refers to a small area in a tissue that is selected,
for example to measure signal intensity.

Relaxivity Denotes the ability of a substance to change the relaxation time
of a tissue; mainly used to describe the effect of an MR contrast agent on
T1 (R1) and T2 (R2). It is usually given as molar relaxivity and varies with
temperature and field strength.

Repetition time (TR) The interval between two successive excitations of
the same slice. By changing the TR, the user can determine the amount of
T1 contrast of the resultant image.

Resonance frequency Frequency at which resonance occurs, corresponds
to the Larmor frequency of protons.

Respiratory compensation (Resp comp) Algorithm which reduces arti-
facts due to respiratory motion by synchronizing scanning with the respira-
tory cycle. Also known as > Exorcist.

Respiratory gating Scanning during a specific phase of the respiratory
cycle (e.g. during inspiration or expiration). Typically performed using a

respiratory belt to monitor the respiratory rate.

Ringing artifact > Truncation artifact.
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Rise time Parameter that describes the performance of a gradient. It is the
time it takes to reach maximum gradient amplitude.

SAR (Specific absorption rate) Measure of the amount of energy deposited
by an RF pulse in a certain mass of tissue. The energy applied during an MR
experiment leads to tissue heating, which must not exceed certain thresh-
olds defined in official guidelines.

Saturation Magnetic saturation causes a signal loss when > Repetition
time is very short because there is not enough time for complete recovery of
magnetization between two excitations. This can be remedied by reducing
the > Flip angle. > Gradient echo sequence.

Scan time Also known as image acquisition time. Scan time is the key to
the economic efficiency of an MR scanner and is determined by the number
of phase-encoding steps, number of excitations (> NEX), > Repetition time,
and > Echo train length.

Shimming Correction of magnetic field inhomogeneities.

Signal-to-noise ratio (SNR) Measure of image quality expressed as the re-
lationship between signal intensity and image noise.

Slewrate Parameter that describes the performance of a gradient, defined
as the maximum gradient amplitude divided by the > Rise Time.

Slice-selection gradient Data collection requires the selective excitation
of a slice, which is done by applying a slice-selection gradient.

SNR - Signal-to-noise ratio.

Spatial encoding All measures needed to determine the spatial origins
of the different components of an MR signal. Spatial encoding comprises
> Phase encoding and > Frequency encoding.

Spin Fundamental property of almost all elementary particles (protons,
neutrons, and electrons). Spin denotes the magnetic properties that result
from the angular momentum of a particle and hence relates to its ability to
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undergo nuclear magnetic resonance. In theory, all atomic nuclei with spin
could be used for MR imaging (e.g. phosporus or fluorine) but hydrogen
nuclei, which consist of a single proton, are used for clinical MR imaging
because of their abundance in biological tissues.

Spin echo sequence (SE) Most widely used pulse sequence in routine
clinical MR imaging. It consists of an excitation pulse with a flip angle of ex-
actly 90° which is followed by a 180° RF pulse for refocusing the spins after
dephasing caused by T2* effects has occurred. It is a robust sequence that is
insensitive to magnetic field and gradient inhomogeneities but is limited by
along scan time.

SPIO  (Superparamagnetic iron oxide particles) Iron oxide nanoparticles
that are mainly used as RES-specific contrast media in liver imaging. SPIO
particles have a larger diameter than - USPIO.

SPIR (Spectral presaturation with inversion recovery) Strictly speaking,
SPIR is not a complete MR sequence but merely a 180° prepulse which is
made frequency-selective and only inverts fat magnetization. It can be com-
bined with other sequences to acquire fat-saturated images.

Spoiling Technique of spin dephasing which is mostly employed in con-
junction with GRE imaging. A spoiled GRE sequence is a pulse sequence
in which a spoiler gradient or RF spoiling is applied to destroy transverse
magnetization before the next excitation pulse is applied. Spoiled GRE se-
quences are used to produce T1- or T2*-weighted images.

SSFP  (Steady-state free precession) GRE technique in which longitudinal
and transverse magnetization contribute to the MR signal and contrast is
determined by the relationship between T1 and T2. Examples of SSFP se-
quences are true FISP, FIESTA, and balanced FFE.

STIR (Short TI inversion recovery) An - Inversion recovery sequence
used to suppress the signal from fat, which is accomplished by selecting the
inversion time such that the 90° RF pulse is applied when fat magnetization
passes through zero. This technique suppresses all signals from tissues with
short T1 values similar to those of fat.
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Superparamagnetism Greatly increased > Paramagnetism (10- to 1000-
fold). An example of superparamagnetic substances used as MR contrast
agents are iron oxide nanoparticles. They can serve as a > Negative contrast
agent.

Susceptibility artifact Signal loss due to the magnetic susceptibility of a
tissue or other material.

T1 Tissue-specific time constant of > T1 relaxation which depends on the
magnetic field strength, By, and is in the range of one to several seconds at
15T

T1 relaxation Also called spin-lattice relaxation and longitudinal relax-
ation. It refers to the return of excited spins to the equilibrium state or re-
covery of longitudinal magnetization and is associated with the transfer of
energy to the surroundings.

T1-weighted image (T1w) MR image whose contrast is mainly (but not
only!) determined by T1. T1 weighting is achieved by combining a rather
short repetition time with a short echo time (to minimize T2 effects). Ex-
ample: TR/TE=500/20 msec. Tissues with a short T1 appear bright while
tissues with a long T1 appear dark.

T2 Tissue-specific time constant of > T2 relaxation. It is in the range of up
to several hundred milliseconds and is independent of the magnetic field
strength.

T2 relaxation Also called spin-spin relaxation and transverse relaxation.
Dephasing of spins resulting from spin-spin interaction and energy ex-
change with each other. There is no energy transfer to the surroundings.

T2-weighted image (T2w) MR image whose contrast depends primarily
on T2. T2 weighting is achieved by combining a long repetition time (to
minimize T1 effects) with along echo time. Example: TR/TE=2000/80 msec.
Tissues with a long TR are bright on T2-weighted images while tissues with
a short TR are dark..

T2* Time constant of > T2* relaxation.
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T2* contrast Image contrast that results from the specific T2* decay con-
stants of different biological tissues. The T2* contrast of a GRE image can be
manipulated by changing the echo time (TE).

T2* relaxation  All processes that contribute to spin dephasing. T2* relax-
ation comprises pure spin-spin interaction (> T2 relaxation) and the effects
of static magnetic field inhomogeneities. Application of a 180° RF pulse
cannot reverse T2 relaxation itself but only the loss of phase coherence due
to static field inhomogeneities. > Spin echo sequence.

Tl > Inversion time.

Time-of-flight (TOF) angiography (Inflow angiography) An MR angiog-
raphy technique that is based on the > Inflow effect. Well suited for im-
aging of the veins while arterial TOF angiography is impaired by artifacts.
Contrast-enhanced » 3D MRA is the perferred option for imaging of the
arteries.

Time-resolved MRA The term time-resolved MR angiography is now
mostly used to designate the dynamic study of the distribution of a contrast
medium in the vascular system. Such a dynamic study is performed by rap-
idly and repeatedly imaging a vascular region following administration of
a single dose of a contrast agent. The individual MRA images obtained in
this way represent different phases of progressive contrast medium distribu-
tion.

TIRM  (Turbo inversion recovery magnitude) > FLAIR.
Transverse relaxation > T2 relaxation.

True FISP sequence > Gradient echo sequence in which the signal inten-
sity in the steady state is determined by the T2/T1 ratio.

Truncation Artifact (Gibb’s artifact, spectral leakage artifact) Truncation
artifacts are bright or dark lines that are seen parallel or adjacent to borders
of abrupt intensity changes, as for example at the border between the bright
CSF and the dark spinal cord on T2-weighted images. In the spinal cord,
this artifact can simulate a syrinx. It is also noted in other locations of the
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brain/calvarium interface. This artifact is related to the finite encoding steps
used by the Fourier transform to reconstruct an image.

TSE (Turbo spin echo) - Fast spin echo sequence.

USPIO (Ultrasmall superparamagnetic iron oxide particles) Very small
iron oxide nanoparticles mainly used as lymph node-specific MR contrast
agents.

Voxel Volume element that is represented by a > Pixel in the two-dimen-
sional MR image; voxel size determines > Signal-to-noise ratio and spatial
resolution.

Zero filling Technique of incomplete k-space filling. The portions of
k-space that are not directly sampled are filled with zeros. In this way, a
larger matrix is reconstructed by interpolation. Zero filling techniques are
mainly used to reconstruct images in MR angiography.
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