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Foreword

Imaging is the bread-and-butter of cardiology. In fact, almost all patients with heart disease
will have some form of imaging at some point. Non-invasive cardiac imaging is a fantastic
innovation story that began a century ago with the chest X-ray, greatly accelerated in the 1960s
with the development of nuclear cardiology and echocardiography, complementing invasive
cath lab-based imaging methods. However, cardiac imaging had seen nothing like the massive
step change in non-invasive techniques that has occurred over the past 20 years, made possible
by major advances in computing power, hardware design, and, most importantly, the great
work of a new generation of highly innovative technical and clinical researchers who have
massively changed the boundaries of the field. Cardiac MRI (CMR) and cardiac CT have been
at the forefront of this exciting development. However, what sets CMR apart from all other
non-invasive imaging contenders is its enormous versatility. By manipulating the MRI signal
in various forms, we can image and quantify almost every aspect of cardiac physiology and
pathophysiology, enabling highly reproducible assessment of, amongst many other aspects,
cardiac anatomy, function, perfusion, inflammation, viability, oxygenation, and metabolism.
To just give one striking example, I can remember a time when our best hope to diagnose myo-
carditis was taking a cardiac biopsy, which samples a tiny fraction of subendocardial myocar-
dium. Now modern CMR techniques have become an established test for diagnosing this
condition, enabling the assessment of the severity and extent of inflammation for the entire
heart, as well as monitoring of its recovery.

As a consequence of these new capabilities and a very active research community, the
worldwide growth in CMR centres and numbers of patient scans performed has been substan-
tial; an enormous body of knowledge on the role of CMR has been accumulated, and a major
new subspecialty for both cardiologists and radiologists has come into existence. With such
opportunity and activity arises the need for systematic, balanced reference sources of knowl-
edge in the field. Many different CMR methods and approaches have been developed, and
there is also a major need for standardisation amongst different vendors and field strengths.
There is also still a challenging disconnect between the available education in CMR and the
needs of practicing CMR clinicians worldwide.

Itis in this important context that the second edition of Cardiovascular Magnetic Resonance
Imaging is making a major contribution to this rapidly growing field. Kwong, Jerosch-Herold,
and Heydari are international leaders in CMR who have consistently been at the forefront of
both clinical research and new method development in CMR over the past two decades. For the
second edition of their classic textbook on CMR, they have assembled an outstanding cadre of
leaders in the field as contributors. Indeed, the author list comprises over 60 experts from
diverse disciplines including biomedical engineering, clinical cardiology, radiology, and MR
physics.

In 25 chapters, this scholarly textbook systematically covers all relevant aspects of cardiac
MR theory, methods, and clinical practice. Each chapter is clearly structured and is extensively
referenced, including the latest publications and developments in the field, but with a clear
focus on those methods that are clinically validated. The text is supported throughout the book
by extensive illustrations, which are of the highest quality. Overall, the authors have created a
textbook that is much greater than the sum of its parts, which will serve both the novice and the
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Foreword

experienced CMR clinician as a comprehensive yet easily accessible source of knowledge and
reference in their daily practice.

This is the second edition of this remarkable textbook. In this new edition, the most recent
applications of CMR, such as its use for preparation for electrophysiological ablative treatment
of arrhythmias, targeted molecular MR imaging, and the growing use of T1 mapping methods,
have been incorporated as additional chapters. Following the positive response to the first edi-
tion, a larger book print size has enhanced readability.

For all these reasons, this second edition of Cardiovascular Magnetic Resonance Imaging
will become an important resource for CMR specialists, providing essential guidance for their
daily clinical practice. I congratulate the editors and authors for creating this fantastic textbook
and hope that many of us in the field will take advantage to learn from its wisdom for many
years to come.

Stefan Neubauer, MD, FRCP, FACC, FMedSci
Head, Division of Cardiovascular Medicine, University of Oxford, Oxford, UK
Director, Oxford Centre for Clinical Magnetic Resonance Research, Oxford, UK



Preface

Since the successful invention three decades ago of the first magnetic resonance imaging
(MRI) system by Damadian et al. for cancer diagnosis, the medical use of MRI has become an
essential component in the diagnosis and management of patients with a wide range of dis-
eases. Extensive hardware and software advances have surmounted initial obstacles in imaging
a rapidly beating heart and allowed imagers to apply MRI techniques to patients with cardio-
vascular pathology. Over the past years, cardiovascular MRI has become the gold standard in
assessment of cardiac structure and function, and an indispensable tool in many routine clini-
cal cardiac diagnoses with the advantage of not only providing structural but a multitude of
functional and physiologic information that are adjunctive or superior to conventional imaging
tools.

The second edition of Cardiovascular Magnetic Resonance Imaging comprises the efforts
of a team of international authors from different disciplines who contributed a broad range of
expertise to the current field of cardiovascular MRI. Throughout the production of this book,
the emphasis has been on comprehensive, scientifically accurate, and clear explanations of the
many components of this rapidly advancing field. We aim to maintain a balance between tech-
nical foundations, cardiac physiology, clinical validation, and available prognostic implica-
tions to enhance the educational value of this reference textbook. Radiologists, cardiologists,
internists, physicists, and residents and fellows with interests in cardiovascular MRI may ben-
efit from the range of materials presented.

While plenty remains to be explored to unleash the full potential of magnetic resonance
technology in imaging the heart, the field of cardiovascular MRI has experienced steady
growth with balanced emphases in both technical improvement and clinical application. The
chapters in MRI pulse sequence techniques and MRI physics in the second edition of
Cardiovascular Magnetic Resonance Imaging are intended to serve as practical introductory
resources to help our readers overcome the starting challenges in this field. On the other hand,
many of the other chapters provide in-depth discussion of advanced clinical and research
applications to suit the readership of advanced cardiac MRI practitioners or investigators. Such
a wide scope of presented knowledge in this field could not have been possible without the vast
expertise of our 60 authors.

Since the publication of the first edition of this book, there have been extensive advance-
ments in cardiovascular MRI techniques, the establishment of novel MRI biomarkers, and
ongoing active areas of exciting research that hold tremendous future potential. The second
edition of Cardiovascular Magnetic Resonance Imaging summarises this new knowledge both
from clinical and physics perspectives by updating core chapters and adding new chapters that
cover essential topics that have made rapid progress, such as T1 and T2 mapping, assessment
of myocardial strain, interventional MRI, atrial fibrosis evaluation for radiofrequency ablation,
quantitative stress perfusion, and 4D flow imaging. Similar to the last version, this edition
contains a large collection of images and movies to provide visual context and enhance the
reading experience of the book.

vii
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Preface

We wish to express our appreciation to the editors at Springer for the opportunity to under-
take this project and for their outstanding help and support in bringing the second edition of
Cardiovascular Magnetic Resonance Imaging to fruition. We hope you will enjoy reading this
book.

Raymond Y. Kwong Boston, MA, USA
Michael Jerosch-Herold Boston, MA, USA
Bobak Heydari Calgary, AB, Canada
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Cardiac Magnetic Resonance Imaging

Physics

Mehmet Ak¢akaya, Maxine Tang, and Reza Nezafat

Introduction

In this chapter, we will introduce the basics of cardiovascular
magnetic resonance (CMR). We will describe the physics of
magnetic resonance imaging (MRI), including how the mag-
netization is generated and manipulated and what T, T5, and
T,* relaxation processes mean. We will then study how to
encode a tissue using magnetization, so that spatial informa-
tion about the tissue can be used to generate an image. We
will then study the basics of image formation and fast imag-
ing techniques. We will conclude with a brief overview some
of the existing CMR pulse sequences.

MRI Physics

Magnetic resonance (MR) depends on the interaction
between an external magnetic field and the intrinsic angular
momentum, or spin, of a nucleus of interest. A nucleus has
an electrical charge and a spin, and thus its magnetic moment
interacts with a magnetic field, as long as both its atomic
number (i.e., the number of protons) and atomic weight (i.e.,
the number of protons and neutrons) are not even. Among
the many nuclei that have spin, hydrogen nucleus made up of
a proton (i.e., 'H nucleus) is a natural candidate for imaging
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the body. The human body contains tissues composed pri-
marily of water and fat, both of which contain hydrogen.
Thus, we will concentrate on the use of MR for imaging of
hydrogen atoms in the body.

Magnetization

MR measurements are made on a collection of hydrogen
atoms rather than individual atoms. Thus, we will consider
the behavior of a collection of hydrogen atoms. In the
absence of a magnetic field, in a tissue containing hydrogen
atoms, each proton has a spin of equal magnitude but in a
random direction (Fig. 1.1). Thus, a vector addition of these
spins leads to a zero sum or no net magnetization. However,
if the tissue is placed within a strong magnetic field (called
By), the hydrogen atoms tend to align with this applied mag-
netic field, resulting in a net magnetization, denoted by the
magnetization vector M. A larger magnetic field creates
greater alignment of the hydrogen protons. As a result of the
interaction of the B, field and the magnetic moment of the
positively charged hydrogen nucleus, the individual protons
begin to rotate, or precess, around the axis of the B, field. The
rate or frequency of the precession is a fundamental property
of the nucleus and is proportional to the strength of the mag-
netic field as characterized by the Larmor equation:

@ =yB/(2n), (1.1)

where w is the precessional frequency in hertz (Hz), y is a
constant for the nucleus referred to as the gyromagnetic
ratio, and B is the magnetic field strength in tesla (T). For the
hydrogen atom, y/(27z) = 42.58 x 10° Hz/T. Thus, at 1.5 T
field strength, @, = 63.87 x 10° Hz or approximately 64 MHz
(in the same range as FM radio signals).

As we will discuss later, the Larmor equation is funda-
mental to CMR imaging. In order to generate an image, the
magnetic field B is varied for different spatial locations, thus

R.Y. Kwong et al. (eds.), Cardiovascular Magnetic Resonance Imaging, Contemporary Cardiology,
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Fig. 1.1 In the absence of a magnetic field, the hydrogen atoms in a
tissue have a spin of equal magnitude but in a random direction. A vec-
tor addition of these spins results in a zero sum, i.e., no net magnetiza-
tion, M. If the tissue is a placed within a strong magnetic field, B,, the

+
M WY @

By=1.5T

hydrogen atoms align with this magnetic field, resulting in a non-zero
magnetization vector, M. A larger magnetic field creates greater align-
ment of the hydrogen protons

Fig. 1.2 When the hydrogen protons are in the presence of the B, field
only, they precess around the axis of the B, field, denoted by the z-axis.
The precession around the B, field is in an incoherent fashion, creating
no net magnetization in the transverse (x-y) plane. If a B; magnetic field

ensuring different tissue location precesses at different fre-
quencies. These frequencies are then measured to create an
MR image [1]. We next discuss, how these measurements are
performed, for the simplest case when B = B,

RF Excitation

The detection of signal in MRI relies on an energy transfer
principle. The 'H protons in the patient are first “excited”
with a pulse of energy at the Larmor frequency. This energy
is absorbed and subsequently re-emitted, which is measured
as the signal.

The energy to excite the 'H protons is applied using a
radiofrequency (RF) pulse with central frequency at @, = yBy/
(2r), specified by its corresponding (less powerful) magnetic
field B,. The B, field is applied perpendicular to the main
magnetic field so that energy can be transferred to the protons
and the magnetization vector M can be rotated out of equilib-
rium and away from the B direction. As discussed previously,
in the presence of the B, field, the hydrogen protons precess

B, field (RF pulse)

is applied, the magnetization vector M is effectively rotated into the
transverse plane. A 90° pulse that rotates the magnetization vector M
fully into the transverse plane is depicted. The angle of rotation depends
on the strength of the B, field and the duration of the RF pulse

around the axis of the B, field, typically denoted as the z-axis
(parallel to the B, field). The precession around the B, field is
in an incoherent fashion, creating no net magnetization in the
transverse (x-y) plane. Following the application of the B,
field, net magnetization is created in the transverse plane. The
B, field effectively rotates the magnetization vector M into
the transverse plane, where the angle of rotation (or corre-
spondingly the net magnetization in the transverse plane) is
dependent on the strength of the B, field and the duration of
the RF pulse. For instance, a 90° pulse rotates the magnetiza-
tion vector M fully into the transverse plane (Fig. 1.2).
When the B, field is turned off, the 'H protons will tend to
go back to the equilibrium by aligning with the B, field.
During this process, energy is emitted at frequency .
Furthermore, the net magnetization precesses about B,. If a
loop of wire is placed perpendicular to the transverse plane,
these rotating magnetization vectors will induce a voltage by
Faraday’s law of induction. This induced voltage is called the
free induction decay (FID) signal and is the MR signal that is
measured for the creation of the image. The loop of wire,
where the voltage is induced, is referred to as a receiver coil,
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since it “receives” the MR signal. In CMR, a phased array of
receiver coils is typically used, consisting of 5 or more ele-
ments (32 or as many as 128 elements may be used). This
coil array is placed on the chest and back of the patient, and
these multiple coil elements are used for improved signal-to-
noise ratio or fast imaging techniques, as we will discuss.

Relaxation

Relaxation describes the process by which the magnetization
vector goes back to equilibrium after the RF excitation has
been turned off. The return of the magnetization vector in the
longitudinal (z) direction is characterized by 7, relaxation,
also referred to as spin-lattice relaxation. The decay of the
magnetization vector component in the transverse (X-y)
plane is characterized by the 7, relaxation, or the spin-spin
relaxation.

T, Relaxation

After the application of a 90° RF pulse, all the magnetiza-
tion, M,, is in the transverse plane, resulting in a longitudinal
magnetization (M,) of 0. Once the RF pulse is turned off, the
magnetization returns to the original M, value in an exponen-
tial growth process (Fig. 1.3):

M_(1)=M, (1—6_”1 ) (1.2)

where ¢ is the time after the RF pulse. Thus, 7 is the time it
takes for the longitudinal magnetization to grow back to 63%
of its original value after a 90° RF pulse. Also note that in this
experiment, the magnetization grows back to 95% of its origi-
nal value after three 7 periods and 99% after five T, periods.

T relaxation is referred to as spin-lattice relaxation, since
the energy transfer is from the excited nuclei (spins) and

their surroundings (lattice), and not to another nucleus. This
energy is transferred to the lattice through molecular motion
with a frequency that “matches” the resonant frequency.
Thus, T, times depend on the particular tissue. Furthermore,
at lower resonant frequencies (i.e., lower By), the probability
of a molecular motion matching the resonant frequency is
higher. Therefore, at lower field strengths, the spin-lattice
energy transfer happens more readily, and 7, is shorter. In the
context of CMR, T of the myocardium is around 1100 ms
and 1200 ms at 1.5 T and 3.0 T, respectively; and 7; of blood
is around 1600 ms, etc. [2].

T, Relaxation

T, relaxation characterizes the decay of the transverse mag-
netization. After the application of a 90° RF pulse, all the
magnetization is in the transverse plane, resulting in a trans-
verse magnetization (M,,) equal to M,. Once the RF pulse is
turned off, the transverse magnetization decays to O in an
exponential process:

M (1)=Me"", (1.3)

where 7 is the time after the RF pulse. Thus, 7; is the time it
takes for the transverse magnetization to decay to 37% of its
original value.

T, relaxation depends on the process of spin-spin relaxation
(Fig. 1.4). After the application of the RF pulse, and the rota-
tion of the magnetization to the transverse plane, the trans-
verse magnetization is coherent with a resonant frequency
around @,. As time elapses, the nuclei (spins) start to transfer
energy to nearby nuclei. These interactions lead to rotations
and vibrations, causing the broadening of the resonant fre-
quencies on the microscopic level. Macroscopically, this leads
to the loss of the coherence of the transverse magnetization,
also referred to as “dephasing.” Eventually, the phases are dis-

1O M) = Mox(1 - 4T
M,(t=T;)= Mx0.63
0.8
Mz(t=00)= MO
06fC TS !
s ;
0.4 ;
y !
0.2 ;
0 05 1 15 2

Time (s)

Fig. 1.3 T relaxation is an exponential growth process that characterizes how the magnetization returns to its original M, value once the RF pulse
is turned off. Specifically, 7} is the time it takes for the longitudinal magnetization to grow back to 63% of its original value after a 90° RF pulse
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Fig. 1.4 T, relaxation is an exponential decay process that character-
izes how the transverse magnetization decays to 0 as a result of spin-
spin relaxation. While the transverse magnetization is coherent after the
application of the RF pulse, as time elapses, the nuclei (spins) start to

ordered, creating no net magnetization. This dephasing pro-
cess is irreversible. In general the dependence of 7, on the field
strength is not readily described as in 7} relaxation.

Additional dephasing may occur due to nonuniformity in
the main field B, or magnetic susceptibility in adjacent tis-
sues. Both these effects will lead to different resonant fre-
quencies that vary throughout the sample. These so-called
“off-resonance” spins decrease the net transverse magnetiza-
tion. Relaxation due to these effects, as well as the spin-spin
T, relaxation, is referred to as 7,* decay. Thus 7,* < T.
While the spin-spin 7, relaxation is irreversible, the addi-
tional effects leading to 7,* relaxation may be reversed, as
we will discuss in Spin Echo Sequences subsection.

Spatial Encoding of the Image

In the previous section, we described how MR signal is mea-
sured using the voltage induced by the magnetic field. In
order to generate the image, we first vary the magnetic field
based on spatial locations, using magnetic field gradients.
This creates a FID signal that is dependent on the spatially
varying magnetic field. The next principle is to change the
spatially varying field multiple times (through changing the
magnetic field gradients) to create multiple FID signals with
different spatial encoding. Then, these FID signals can be
used to generate the image, as we will discuss in detail.

Gradients
Magnetic field gradients are the means to create spatial

encoding in MRI. These are used in conjunction with the
static magnetic field B, and typically lead to less than 1 %

Myy(t) = Moxe V™

Myy( t=Tp)= Mox0.37

Myy( t=0) = 0

transfer energy to nearby nuclei. These interactions lead to rotations
and vibrations, causing the broadening of the resonant frequencies on
the microscopic level, leading to loss of coherence at the macroscopic
level

variation in the total magnetic field. Gradient coils are coils
within the magnetic field that affect the magnetic field in the
z-direction (B,). By varying the gradients in x-, y-, and
z-directions with gradient strengths G,, G,, and G,, we create
a magnetic field that changes linearly with the spatial loca-
tion within the magnet:

Bz(x,,y,,z)=BO+Gx-x+Gy‘y+Gz~z, (1.4)

where the units of gradient strengths are typically in mil-
litesla per meter (mTem™"). This varying magnetic field leads
to different precession frequencies for different locations,
given by the Larmor equation in Eq. (1.1):

w(x,,y,,z) = %(BO +G,x+G, - y+G, ~z). (1.5)

Thus protons at different spatial locations resonate at dif-
ferent frequencies depending on their location. By changing
the gradient strength and repeating the measurements, we get
information about that spatial location at a different fre-
quency. We next discuss how an image is generated by repeat-
ing this process sufficiently many times. This process of
taking a sequence of measurements with different spatial fre-
quency information is also the reason for the relatively slow
imaging time of MRI compared to other imaging modalities.

Slice Selection (Encoding in Z)

The first step for spatially localizing the signal in MRI is to
localize the signal in one of the directions (which is taken as
the z-direction without loss of generality). This is done by
using the B field to excite the protons in a selected slice,
covering a subsection of the z-coordinates. The slice selec-
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tion process has multiple components. First, a (slice selec-
tion) gradient is applied in the z-direction, causing the nuclei
to precess at different frequencies, w(z) = y/2a(By + G, - z),
based on their locations in z. In conjunction with this gradi-
ent, a frequency-selective RF pulse is applied, which excites
aparticular location and a particular slice thickness (Fig. 1.5).
The frequency-selective RF pulse is used to excite spins
within a certain range of frequencies, specified by its central
frequency (i.e., the location) and its bandwidth (i.e., the slice
thickness), which is usually in the 1000-2000 Hz range. This
is typically achieved by using a pulse shape called the “sinc”
function:
B(1)=5,- sm(m/T)’
nt!/T
where B, is the strength of the magnetic field and T is chosen
to excite a band of frequencies, whose bandwidth corresponds
to 1/T. Using such an RF pulse, only a slice (whose thickness
is determined by the bandwidth) containing nuclei whose pre-
cessional frequencies are within that range is excited. The rest
of the nuclei are unaffected since their precessional frequen-
cies are not within the range of the RF pulse. The slice thick-
ness can be varied by changing the gradient strength, G.. High
values of G, lead to rapid changes of the precessional frequen-
cies with spatial location, leading to smaller slice thicknesses.

(1.6)

Fig. 1.5 In the slice selection
process, a gradient is applied
in the z-direction, causing the
nuclei to precess at different RF
frequencies, based on their
locations in z. In conjunction
with this gradient, a
frequency-selective RF pulse
is applied, which excites a
particular location and a
particular slice thickness. The X
frequency-selective RF pulse

is used to excite spins within

a certain range of frequencies, RF

specified by its central

Carrier
Frequency

. . Envelope
frequency (i.e., the location)
and its bandwidth (i.e., the
slice thickness)
+
Slice
Encoding

Gradient

Field Strength (mT)

and Frequency (f)

We note that due to the finite value of slice thickness,
nuclei within the same slice experience different gradient
strengths. Thus at the end of the RF excitation, there is a
variation of the phase of the spins within the slice, i.e., the
spins are not all in phase. Thus, typically a “rephasing” gra-
dient is applied following the slice selection process, which
has the opposite magnitude and half the duration of the slice
selection gradient (Fig. 1.6).

The rephasing gradient has an area (defined as the product
of the magnitude of the gradient and its duration) that is half
of the area of the slice selection gradient. This enforces the
phases of the spins after the slice selection and rephasing
process to match the phases of the spins before the applica-
tion of any gradients.

In CMR, for the special case when no z gradient is uti-
lized, the whole volume is excited, corresponding to an infi-
nite slice thickness. This is referred to as a nonselective RF
excitation and is used in most CMR pulses for contrast
preparation.

While we have concentrated on the z-direction, in prac-
tice, multiple gradients may be turned on at the same time to
specify a particular slice orientation. The slices acquired this
way are oblique slices and are commonly used in CMR,
though the principles of frequency-selective RF excitation
remain the same.

o=7:(Bp+B;) =7-(By + 2G)
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Fig. 1.6 Due to the non-zero
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Frequency Encoding (Encoding in X)

Frequency encoding (or readout) concerns the portion during
which the FID signal is detected. By turning on a gradient in
the x-direction (without loss of generality) during the read-
out, the protons precess at different frequencies based on
their spatial location in the x-direction. The signal that is
being readout then becomes a superposition of these fre-
quencies. As we will see, these different frequencies have a
direct correspondence with the number of spins at a particu-
lar location through a relationship called the Fourier trans-
form. Thus, frequency encoding essentially allows for
localization of protons in the x-direction (Fig. 1.7).

We note that the FID signal, which is recorded during the
readout, is a continuous signal in time. However, prior to
storage and processing, this data is digitized by a process
called “sampling.” The Nyquist sampling theorem states that
a continuous signal can be reconstructed from its uniformly
spaced samples if the samples are taken at a rate that is twice
the bandwidth of the signal. The bandwidth here is specified
by the user as the receiver bandwidth, and the total range of
frequencies in the image in the x-direction is twice this band-
width. The user also specifies the field of view in the readout
direction (FOV,). Thus if N, samples are taken, the resolu-
tion per pixel is given as Ax = FOV,/ N,, whose units are in
millimeters/pixel. Alternatively, one can look at the resolu-
tion in frequency, in units of Hz/pixel, as the total range of
frequencies in the image divided by N,

Phase Encoding (Encoding inY)
The spatial encoding in the remaining direction (y-direction)

is achieved by a process called phase encoding, which is
based on the fact that precision of nuclei is periodic. The

phase-encoding step is performed after slice selection and
prior to frequency encoding. After the slice has been selected,
and G, has been turned off, all the protons in the slice are
precessing at frequency @,. When G, is turned on, protons
start to precess at different frequencies based on their
y-locations according to @w(z) = y/27(B, + G, - y). When G, is
turned off, the precession returns to its original frequency
w,. But the differences in frequencies during the time G, has
been on are reflected as differences in phase. The amount of
phase shift depends, in addition to the location along the
y-direction, on the strength of the gradient, G,, as well as its
duration (Fig. 1.8).

Similar to the frequency encoding, a number of phase
encodings are acquired to characterize the localization of
protons in the y-direction. Thus N, phase encodings are per-
formed for a field of view of FOV,, and the resolution per
pixel is given as Ay = FOV,/ N,. Unlike frequency encoding,
which provides the localization in x-direction with one mea-
surement, phase encoding is performed over N, separate
measurements. This leads to the slow acquisition time, since
the entire frequency encoding is collected for each of these
N, phase encodings. The spatial localization in y-direction is
achieved by varying the strength of G, at each phase encod-
ing, leading to a different phase accumulation. For instance,
the first phase-encoding measurement may be taken with
G, =0, leading to no phase difference in the y-direction, the
next one with a small G,, followed by doubling G,, and so on.
When the frequency encoding is performed following the
phase-encoding process, x and y localization information are
encoded together.

We finally note that the slice excitation, phase encoding,
and frequency encoding are the basic building blocks of a
two-dimensional acquisition. For three-dimensional acquisi-
tion, instead of one fixed slice excitation, one also performs
phase encoding in the z-direction, taking N, measurements
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Fig. 1.7 When the gradient in the x-direction is turned on during the — becomes a superposition of these frequencies. Thus, frequency encod-
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tons start to precess at different frequencies based on their y-locations.
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in y-direction and N, measurements in z-direction, for a total
of NyeN, measurements, which lengthens the scan duration
accordingly.

K-Space and Image Formation

Raw K-Space Data, the Fourier Transform,
and Image Formation

As we saw, each of the MRI measurements taken during a
scan includes information from all the spins, encoded based
on their spatial locations. These data can be viewed as points
in k-space (Fig. 1.9). k-space corresponds to the spatial fre-
quency content of the image, which is also mathematically
represented as the Fourier transform of the image data. For a
two-dimensional acquisition, the point (c, ky) in the k-space

K-Space Data
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Fig. 1.9 MRI measurements taken during a scan includes information
from all the spins, encoded based on their spatial locations. The signal
that is being read out then becomes a combination of frequencies
dependent on the spatial locations. These data can be viewed as part of
the k-space, which represents the spatial frequency domain

corresponds to the acquired signal determined by the x and y
gradients as:

kx :y(Gx.tx)

1.7
k=7(G, 1,). (7
where t, and t, are the cumulative durations in which the x
and y gradients have been active, respectively. As k, and k,
depict spatial frequencies, they have units of Hz/m.

The k-space formalism allows us to view different MRI
readouts as a “traversal” across the k-space. Each phase-
encoding step corresponds to a move along the ky-axis (the
y-axis of the two-dimensional k-space) to a desired value
depending on the strength of G, and duration of t,. Then all
the desired k, points at this k, location (or the k-space line)
are acquired during the frequency-encoding step. At the
subsequent phase-encoding step, a k-space line for another
k, value is acquired. This process is repeated until the
k-space grid is filled (including both the positive and nega-
tive values for a given maximum frequency) (See
Fig. 1.10).

Once the k-space is filled, the image is generated by
applying a mathematical tool called Fourier transform on the
k-space data (Fig. 1.11). Fourier transform is an operation
that allows an image to be decomposed into its spatial fre-
quency content or vice versa. Thus, once the k-space is filled,
i.e., contains all the necessary spatial frequency content, the
underlying image is generated using the Fourier transform.
In particular, if all the acquired k-space points are uniformly
separated (i.e., they lie on a Cartesian grid), a computation-
ally efficient version of the Fourier transform, called the fast
Fourier transform, can be used, significantly reducing the
processing time to generate an image.

K-Space Sampling and Imaging Parameters

In the previous subsection, we viewed MRI measurements as
points acquired in the k-space. More rigorously, since the
k-space is the space of spatial frequency content of an image,
it is continuous by nature and not discretized to points. Thus,
the MRI measurements correspond to sampling of the con-
tinuous k-space. When this process works and how it is
affected by the imaging parameters can be explained by the
Nyquist sampling theorem.

According to the Nyquist sampling theorem, the k-space
needs to be sampled in a way such that the samples are uni-
formly spaced with a distance determined by its field of view
(or equivalently its spatial extent) and covering the range of
spatial frequencies required for a specified spatial resolution.
All these requirements are satisfied by creating a Cartesian
grid on which points are spaced with a distance Ak, (or Ak,
in the y-direction) and the k-space is sampled between spa-
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Fig. 1.10 The k-space formalism allows us to view different MRI
readouts as a “traversal” in the k-space. The phase-encoding step cor-
responds to a move along the k,-axis (the y-axis of the two-dimensional
k-space) to a desired value depending on the strength and duration of G,

Fig.1.11 Once the k-space
is filled, the image is
generated by applying a
mathematical tool called
Fourier transform on the
k-space data. Fourier
transform is an operation that
allows an image to be
decomposed into its spatial
frequency content or vice
versa

K-space Data

tial frequencies -k,™* and k,™* (or -k,™* and k,™* in the
y-direction), where

Mool _ 1
Fov, ' Fov,

: = (1.8)
k:mz_a kmaxz_
y Ay

with Ax and Ay the specified spatial resolutions per pixel in
x and y-directions, respectively. Hence each k-space mea-
surement in such an acquisition corresponds to a point on
this Cartesian grid. In most CMR exams, Ax is chosen to be
equal to Ay, while FOV, and FOV, are adjusted for the
appropriate coverage. In terms of the description we used in
the previous section, N, and N, the number of frequency and
phase encodings, respectively (or the number of pixels in x
and y-directions, respectively), represents the number of

as depicted in Step 2. Then all the desired k, points at this k, location (or
the k-space line) are acquired during the frequency-encoding step, as
described in Steps 3 and 4. At the subsequent phase-encoding step, a
k-space line for another k, value is acquired

Fourier Transform

samples acquired in the k-space along the k, and k, direc-
tions, respectively, with N, = FOV,/Ax and N, = FOV,/Ay
(and for a three-dimensional acquisition N, = FOV,/Az) (See
Fig. 1.12).

We also note that in reality, the underlying image has an
infinitely fine spatial resolution, but the user specifies the
resolution required for the CMR exam. Thus, the same scan
can be repeated with a 2 mm resolution or a 1 mm resolution,
with the latter providing finer spatial details. However, that
also means k,™ is higher, implying a higher number of
phase encodings N, for the same field of view, which results
in a (twice) longer scan time. In CMR, the trade-off between
the resolution, field of view, and scan time needs to be care-
fully optimized, since we also need to compensate for respi-
ratory and cardiac motions. Hence, methods for reducing
scan time without creating significant artifacts are highly
desirable in CMR fast imaging.
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1/8k, = FOV,,
1/8k, = FOV,
2Ky max = 1/8%
2Ky max = 1/3y

Image Space

Fig. 1.12 For a fully sampled Cartesian acquisition, the k-space is
sampled uniformly on a Cartesian grid, on which points are spaced with
a distance Ak, (or Ak, in the y-direction) and the k-space is sampled
between spatial frequencies -k,™* and k,™* (or -k, and k,"* in the
y-direction). These values are related to the field of view and resolution

Partial Fourier Imaging

The underlying hypothesis for partial Fourier imaging to
reduce the number of acquired phase-encode lines, N,, relies
on the Hermitian symmetry property of the Fourier trans-
form and thus the k-space. For real images, the k-space point
at (ky, ky) has the same real and negative imaginary compo-
nent as the point at (—k,, —ky). Thus for a real image, acquir-
ing only positive k, values suffices, since the negative ones
can be filled by the Hermitian symmetry [3]. In reality, the
underlying image is not real. However, this symmetry can be
well-approximated using reconstruction techniques that uti-
lize a few additional negative k, lines (usually 60-65% of the
k-space is acquired). This allows the reconstruction of an
image with a given field of view and spatial resolution but
less phase-encode lines and thus less scan time. The disad-
vantages of partial Fourier techniques are a loss of signal-to-
noise ratio due to the reduced number of measurements and
the limited acceleration in scan time.

Parallel Imaging

Parallel imaging is the clinically most widely used method
for reducing the imaging time in CMR. This technique uses
the information among the multiple receivers in phased array
coils. Each element of a phased array coil acquires its own
k-space, which can be used to produce a coil image. Each of
these coil images is a spatially modulated version of the
underlying image. In parallel imaging, part of the k-space is
acquired in each coil, but this spatial modulation information
from each of the coils is used to generate a final image. In

in the spatial domain, as follows: Ak, = 1/ FOV, (and Ak, = 1/FOV,)
and k,™* = 1/Ax (and k,"* = 1/Ay), where Ax and Ay are the spatial
resolutions in x and y-directions, respectively. Hence each k-space
measurement in such an acquisition corresponds to a point on this
Cartesian grid

clinically available implementations, for an acceleration rate
of R, every R" k, line is sampled. This translates to a reduc-
tion of FOV, by a factor of R. Then the missing k-space
information is filled by processing either in the image domain
or in the k-space itself.

SENSE (sensitivity encoding) is an image domain-based
approach for parallel imaging [4-6]. In this method, for each
partially sampled k-space, the corresponding coil image is
calculated. An acceleration rate of R by sampling very R™"
line in the k-space results in a foldover artifact in the image
domain. For instance, for R = 2, the top half of the image is
folded back onto the bottom part (assuming the y-direction
lies in this direction). Since each coil “sees” differently mod-
ulated views of the underlying image, each of these aliased
images is different based on how the coils affect the underly-
ing image. This latter information, called the coil sensitivi-
ties, can be acquired from a separate (or interleaved)
calibration scan. Using the coil sensitivities and the multiple
different aliased coil images, the final image can be
“unfolded” to remove the foldover artifacts. Thus, this
technique produces one final image combining all the infor-
mation from the multiple receiver coils.

The second group of techniques relies on processing in
the k-space. The main idea is that the missing k-space lines
can be estimated using a weighted combination of the
acquired data, where the weights are chosen based on the
coil sensitivities. This forms the basis of the first parallel
imaging technique, SMASH [7-9]. Improvements to
SMASH have been proposed so that the coil sensitivities do
not need to be calculated from a separate acquisition. Instead
the combination weights are estimated in the same scan. In
GRAPPA, these weights are estimated using autocalibration
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data from a few additional lines acquired without any gaps in
the central part of the k-space [10]. These techniques pro-
duce one image per each coil element after the reconstruc-
tion stage, which are then combined to generate the final
image displayed to the user.

Theoretically, the acceleration rate is less than or equal to
the number of coil elements. In reality, the acceleration rates
are always less than the number of coil elements. In CMR,
commonly a 2-fold acceleration is achieved with 5-channel
cardiac coils, and a 4-fold acceleration is achieved with
32-channel cardiac coils. Parallel imaging leads to a loss of
signal-to-noise ratio due to the reduced number of measure-
ments but also is due to the coil geometry. Since coils have
overlapping coverage in terms of their receiver characteris-
tics, based on the placement of coils and the acceleration
rates, there are local variations in the signal-to-noise ratio.
This can be analytically characterized by evaluating the
geometry factor (or g-factor).

Non-Cartesian Trajectories

So far we have concentrated on k-space sampling using a
Cartesian grid. However, it is possible to traverse the
k-space in non-Cartesian trajectories by using different
combinations and durations of x and y gradients. Two types
of non-Cartesian trajectories are clinically available in
CMR: radial [11-14] and spiral [15-20] (Fig. 1.13). In both
these trajectories, the distinction between phase- and
frequency-encoding directions is not made unlike Cartesian
imaging.

In radial imaging, coordinated gradient switching in both
in-plane (x and y) directions occurs between readouts. The
readout is then performed along a straight line going through
the center of k-space. Each readout is then rotated by a pre-
defined angle, leading to a k-space trajectory reminiscent of
computed tomography. Historically, radial imaging was used
in the very first MRI images. Radial imaging has advantages:
(1) Angular undersampling by sampling every R® angle
leads to incoherent spreading of aliasing artifacts, unlike the
Cartesian undersampling used in parallel imaging that leads
to distinct foldover artifacts. Thus, faster acquisitions are
possible using angular undersampling. (2) Each radial read-
out goes through the center of k-space, which leads to motion
insensitivity, since motion is averaged out by the oversam-
pling of this central region. However, the reconstruction of
radial is more complicated than Cartesian imaging, since the
fast Fourier transform cannot be used. Typically, the radial
data is “re-gridded” onto a Cartesian grid and then processed,
which leads to longer reconstruction time. Due to the nature
of the radial imaging, more k-space readouts are required to
sample the edges of k-space at the same rate as Cartesian
imaging. Since this imaging technique is often used for fast

Cartersian k-Space sampling Echo-Planar k-Space sampling

Radial k-Space sampling Spiral k-Space sampling

Fig. 1.13 K-space traversals, other than the standard Cartesian
k-space sampling, are possible in MRI. In (18) k-space sampling, mul-
tiple k-space lines are read out after a single RF excitation. In non-
Cartesian trajectories, such as radial and spiral imaging, the G, and G,
gradients are manipulated simultaneously to allow for the traversal of
the k-space off the Cartesian grid

imaging, the edges of the k-space are not finely sampled,
which may lead to blurring artifacts.

In spiral imaging, more data is collected after a single RF
pulse, by sampling the k-space in a spiral pattern (in k-k,
plane). Often, more than one spiral interleaf is required to
sample the k-space sufficiently. Spiral imaging has high
SNR efficiency and more efficient filling of k-space. It is also
well-suited for fast imaging, since the aliasing artifacts asso-
ciated with undersampling are incoherent. However, due to
the long readouts, errors can accumulate making spiral imag-
ing susceptible to off-resonance effects, chemical shifts, and
trajectory errors, which may lead to blurring artifacts.
Reconstruction of spiral imaging also requires similar pro-
cessing as radial imaging.

Compressed Sensing

Compressed sensing (CS) is as an alternative fast imaging
technique that exploits the compressibility of MR images
[21, 22]. In addition to compressibility, CS requires an
undersampling pattern that leads to incoherent aliasing arti-
facts. This can be achieved by random undersampling of
k-space data in the phase-encode direction(s) for Cartesian
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acquisitions or by undersampling radial and spiral trajecto-
ries. CS reconstruction removes incoherent aliasing artifacts
by an iterative reconstruction that alternates between enforc-
ing consistency with acquired data and removal of artifacts
using compressibility. Information from multiple receiver
coils can be incorporated into data consistency to enhance
this technique in a manner similar to parallel imaging. CS
has advantages: (1) The achievable acceleration rates are not
limited by the number of coil elements, and (2) due to the use
of compressibility, its noise properties are more favorable
than parallel imaging. However, CS reconstruction is com-
putationally expensive. Furthermore, during the reconstruc-
tion, parameters need to be set to give a certain weight to the
compressibility of data. In cases when this weight is too
high, or in case the compressibility assumes a model that
mismatches the underlying data, this may lead to blurring
artifacts. There has been a trend to learn the compressibility
information from the data, which has been shown to improve
the reconstruction quality. This technique is not widely clini-
cally available.

CMR Pulse Sequences

Pulse sequences provide the means to obtain an MR image
and contain the hardware instructions (types of radiofre-
quency pulses, timing of gradients, etc.). These instructions
are specified by the operator using parameters, such as field
of view or other parameters that we will see. The ranges of
parameters for these values are limited by implementation
(e.g., the duration of the RF pulse) or scanner hardware (e.g.,
maximum gradient amplitude) or physiological consider-
ations (e.g., heart rate).

In order to specity the steps performed by the MR scanner
hardware, pulse sequence diagrams are commonly utilized.
Pulse sequence diagrams provide a schematic representation
of these steps across time (specified in the left-right direc-
tion). In its most basic form, four lines are required to repre-
sent the RF transmitter and gradients in the slice, phase, and
readout directions. Analog-to-digital conversion may also be
included on a fifth line. If a particular component is not uti-
lized at a given time, it is represented by a flat (zero) line.
The exact timings, gradient amplitudes, and other details are
often not included in such diagrams that are meant to provide
an overview of the pulse sequence.

Spin Echo Sequences

Spin echo sequences aim to reverse some of the 7,* dephas-
ing caused by B, field inhomogeneity, as mentioned in the
Relaxation subsection. It consists of a 90° RF pulse, fol-
lowed by a delay of duration #, and a 180° RF pulse, followed

by a second time delay of 7. The initial pulse rotates the mag-
netization into the transverse plane. During the first delay of
t, proton dephasing follows a 7,* relaxation process. Then
the 180° RF pulse reverses the phases of the protons. After a
duration of #, the protons rephase and gain their coherence in
the transverse plane. This creates a spin echo, which is
detected at the receiver coils (see Fig. 1.14). The process is
analogous to runners of different speeds starting at the same
point. After running for a duration of 7, they will be at differ-
ent positions (out of phase). If, at this point, they turn around
(180° RF pulse), and run for a time of 7 in the opposite direc-
tion, they will end up at the same starting location together.

For a given slice, multiple excitations are performed to
acquire the full k-space with appropriate gradient encoding.
The time between subsequent excitation RF pulses is called
the repetition time (TR). The time from the excitation RF
pulse to the spin echo is called the echo time (TE). Both TR
and TE can be specified by the operator. In a spin echo
sequence, a short TR and short TE leads to a T} weighting,
whereas a longer TR and long TE lead to 7, weighting. If all
the images are acquired after full magnetization recovery
(approximately 57 values), this leads to a long TR (~6-8 s
for CMR), leading to a slow data collection process.

A variant of the spin echo sequence is the fast spin echo
(FSE) or turbo spin echo sequence (TSE), which is important
for CMR applications. In this technique, multiple 180° RF
pulses are applied following a single RF excitation pulse for
a given slice. When these 180° pulses are spaced a duration
of 2 t apart, they create spin echoes that are t away from each
180° pulse. A different phase-encoding gradient is applied
between each 180° pulse, providing multiple k, lines to be
acquired after a single RF excitation (Fig. 1.14b). For CMR,
typically 16—64 echoes (called an echo train) are collected
following a single RF excitation. The acquisition of such
data still requires a large amount of time, which is a main
disadvantage. Thus, this method is typically utilized in
phases of the cardiac cycle with limited motion, such as dias-
tole. FSE/TSE has high signal-to-noise ratio and inherent 7,
contrast. Furthermore, since the central k-space line is
important in determining the overall contrast, by acquiring
this line at a specific time after the RF pulse (called the effec-
tive TE), one can get a desired 7, weighting (with longer
effective TE creating more 7, contrast). These techniques are
used in CMR for tissue characterization and to depict the
vascular wall and adjacent tissues.

Gradient Echo Sequences

Gradient echo sequences use a gradient reversal for refocus-
ing the protons, in contrast to the 180° pulse in spin echo
sequences. The use of gradients creates dephasing of pro-
tons. By applying a gradient of the same duration but oppo-
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Fig. 1.14 (a) Gradient echo
sequences use a gradient
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site magnitude, this dephasing can be reversed, creating a
gradient echo. Unlike spin echo imaging, gradient echo
images have a 7,* weighting, determined by the TE. If the
TE is very short (TE < 3 ms), this decay is within an accept-
able range [23]. The incentive for using gradient echo imag-
ing in CMR is that it allows for imaging with a very short
TR. For a short TR, one cannot use the 180° pulse of spin
echo sequences for refocusing.

Gradient-Recalled Echo

In gradient echo imaging, to image with a short TR, the ini-
tial RF pulse is not a 90° pulse but a pulse with a smaller flip
angle, a. These small flip angles improve signal-to-noise
ratio in gradient echo imaging. The intuitive explanation for

this phenomenon is that with a large a, although more signal
is on the transverse plane, the longitudinal magnetization is
small and does not recover within a short TR, leading to a
much smaller signal for subsequent echoes. Lower o reduces
the detectable signal but allows for more longitudinal mag-
netization to be preserved for subsequent echoes. In CMR, a
in the range of 5-25° is commonly used for gradient echo
imaging.

One of the most commonly used gradient echo imaging
techniques in CMR is the gradient-recalled echo (GRE)
sequence. Following the acquisition of the gradient echo sig-
nal, GRE uses a crusher or spoiler gradient to dephase the
remaining transverse magnetization. Hence, only the longi-
tudinal magnetization at this point corresponds to the FID
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signal after the next excitation pulse (in other words for
every TR). Spoiling is performed by high-amplitude gradient
pulses to remove the coherence of the transverse magnetiza-
tion. As described previously, GRE images have 7,* weight-
ing, but for the TE used in CMR (1-3 ms), this is often
negligible. Thus, the main weighting comes from the 7
regrowth during the TR and the transverse component of
magnetization following the RF pulse with flip angle a, cre-
ating a T weighting. Compared to spin echo imaging, GRE
imaging has lower overall signal level due to short TR and
small o, and it is more sensitive to metal implants due to the
T,* effects. We also note that in other MRI applications, dif-
ferent TR and TE combinations may be used to generate pro-
ton density-weighted images (long TR, short TE),
T,*-weighted images (long TR, long TE) or T;-weighted
images (short TR and short TE), although the last one is the
one commonly used in CMR.

Balanced Steady-State Free Precession

Balanced steady-state free precession (bSSFP) is a gradi-
ent echo sequence, which is related to the GRE sequence
but has a fundamental difference in the way the transverse
magnetization is utilized. bSSFP sequences use a TR
shorter than the 7, and T, relaxation times. Unlike GRE
sequences, in a bSSFP sequences, spins are rephased in all
directions (X, y, z) to zero phase after the acquisition in

Fig. 1.15 Balanced

steady-state free precession RF

each TR (i.e., balanced), and no spoilers or crushers are
utilized. This allows for the spins to be coherent, and the
transverse magnetization is reused in the next TR instead
of being spoiled (Fig. 1.15). Also by choosing TR shorter
than 75, the transverse signal does not dephase completely.
Then the spins are flipped around the y-axis by applying
RF pulses with alternating phases to reuse the transverse
and longitudinal magnetization at every TR. The flip
angles are typically chosen in the range of 45-75° for the
TR used in CMR, in order to allow for sufficient transverse
components.

In CMR, this process is used to create an echo after the
RF pulse, which has a contrast weighting that depends on
both T, and T, (see Fig. 1.16 for images showing GRE vs.
SSFP) [24]. Before imaging, this process of refocusing the
transverse and longitudinal magnetization is applied multi-
ple times until the magnetization reaches a steady-state value
both in longitudinal and transverse components.

bSSFP sequences are used for imaging ventricular func-
tion in almost all CMR sequences at 1.5 T. Since this tech-
nique relies on rephasing of the magnetization, off-resonance
and field inhomogeneity effects are important, as they may
lead to dephasing of the magnetization. Thus, application of
bSSFP techniques at higher field strengths (e.g., 3 T or 7 T)
is challenging due to off-resonance artifacts and at the very
least requires careful B, shimming.
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Fig. 1.16 Unlike GRE sequences, in a balanced steady-state free pre-
cession (bSSFP) sequence, spins are rephrased in all directions (X, y, z)
to zero phase after the acquisition in each TR (i.e., balanced), and no
spoilers or crushers are utilized. Thus, the spins are allowed to be coher-
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Clinical Cardiac Magnetic Resonance
Imaging Techniques

Leon Axel and Madalina Alexandra Toms

General Overview of Imaging Indications
and Techniques

Cardiac magnetic resonance imaging (CMRI) has many
potential advantages over conventional cardiac imaging
techniques. These include a lack of ionizing radiation, free
choice of imaging planes, the capability for tissue character-
ization, qualitative and quantitative evaluation of the motion
of both the blood and the myocardium, and assessment of
regional perfusion. These capabilities have been realized
through the implementation of many MRI techniques, which
have many associated imaging options. While this range of
options to choose from when performing a cardiac MRI
examination can be daunting, it provides a great deal of flex-
ibility that can be used to tailor the examination to the patient
and the particular clinical question to be addressed.

Some of the current clinical indications of cardiac MRI
are summarized in Table 2.1.

Optimal performance of a clinical cardiac MRI examina-
tion depends on appropriate choices of the imaging meth-
ods to be employed and of the corresponding values of the
technical parameters of these methods. While there are par-
ticular considerations involved in setting up different specific
imaging methods, and specific implementations by different
manufacturers may differ, there are some considerations and
trade-offs that are common to almost all MRI methods. In
particular, there are trade-offs to be considered related to
the finite amount of time that is available for performing the
examination, due to both time pressure from clinical demand

L. Axel (24)

NYU School of Medicine, NYU Langone Medical Center,
Departments of Radiology, Medicine, and Neuroscience and
Physiology, New York, NY, USA

e-mail: leon.axel @nyumc.org

M. A. Toms

NYU School of Medicine, NYU Langone Medical Center,
Department of Radiology, New York, NY, USA

e-mail: madalina.toms @nyumc.org

© Springer Science+Business Media, LLC, part of Springer Nature 2019

for use of the MRI system by other patients and the limited
capacity of the patient to remain still within the system. In
addition, if the patient is unstable, the examination should
be kept as short as possible, consistent with answering the
clinical question, due to the difficulty of fully monitoring
and supporting patients inside the MRI system. The limited
time available for data acquisition often leads to the need to
choose between using that time for optimizing spatial reso-
lution and field of view and optimizing temporal resolution.

Table 2.1 CMRI protocols used for the various indications. The proto-
cols for questions related to congenital heart disease are tailored to the
lesion and the individual clinical scenario and therefore vary substan-
tially. Protocols contain different specific combinations of imaging
techniques and vary slightly with respect to slice positioning, depend-
ing on the indication and structures to be assessed

Protocol
Acute MI

Indications

Acute coronary syndrome including acute
MI

Suspected myocardial ischemia

Adenosine stress

perfusion
Suspected or known ARVC/D ARVC/ARVD
Suspected or known congenital heart Congenital
disease
Rule out or rule in coronary anomaly or Coronary
proximal coronary artery stenosis angiography

Rule out or rule in inducible myocardial Dobutamine stress

ischemia function
Assessment of myocardial viability and Viability (fibrosis)
scarring, suspected or known

cardiomyopathy

Suspected acute or chronic myocarditis, Inflammation

rule out active myocarditis
Assessment of volumes, mass, and global

Ventricular function

and/or regional LV function. and morphology
Rule out or rule in pericardial disease Pericardium
Pulmonary vein anatomy pre- or post-atrial | Pulmonary
ablation procedures venography
Suspected or known valvular disease Valvular
Suspected or known aortic disease 3D aortography
Suspected or known myocardial iron T2*

overload
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Optimizing spatial resolution, in turn, often comes at the cost
of diminished signal-to-noise ratio (SNR), leading to another
trade-off to be considered.

A cardiac MRI examination typically consists of the acqui-
sition a fairly standard set of images with common methods and
in common orientations, supplemented with “optional” imag-
ing that is particularly useful for the specific clinical condition
in question. Ideally, the examination should be monitored by a
physician who can help choose these optional imaging meth-
ods as well as optimize the choice of imaging parameters. They
can also modify the examination as needed to better evaluate
any unexpected findings that may show up during the acquisi-
tion of the “standard” images. A standard cardiac MRI exami-
nation will start with initial screening of the patient and setting
up of cardiac gating (and possible intravenous access for con-
trast administration). This will be followed by MRI with initial
quick “scout” localizing images and a stack of relatively rapid
“survey” images through the chest (in one or more orientations)
to get an initial overview of the heart and the associated intra-
thoracic anatomy. After identifying the location of the axes of
the ventricles in three dimensions, basic static and cine images
will be acquired of the heart in standard short- and long-axis
orientations, as well as various optional images, as indicated by
the specific clinical questions. In this chapter, we will present
a systematic approach to the performance of a clinical cardiac
MRI examination, focusing on some of the associated techni-
cal considerations, with a basic review of some of the relevant
imaging physics. Other chapters will present more details on
the imaging methods themselves and their applications to spe-
cific clinical conditions.

Basic Physics Review

MRI is based on the phenomenon of nuclear magnetic reso-
nance (NMR). Certain kinds of atomic nuclei (“spins”), in par-
ticular, including hydrogen, exhibit a collective magnetization
(M) when placed in a strong magnetic field (BO). This magne-
tization is aligned with the external polarizing field at equilib-
rium. While not readily detectable in its equilibrium state, the
nuclear magnetization can be caused to be rotated away from
this equilibrium orientation (“‘excited”) by application of a
weaker oscillating magnetic field (B1) (typically in the radio-
frequency (RF) range) at a specific resonance frequency (the
Larmor frequency), which is proportional to the strength of the
polarizing field and characteristic of the particular kind of
nucleus. The strength and duration of the exciting RF mag-
netic field determine the resulting orientation of the nuclear
magnetization. The net magnetization M is decomposed into
two orthogonal components: longitudinal (Mz, oriented along
BO0) and transverse (Mxy, oriented perpendicular to B0). The
transverse magnetization (Mxy) rotates around BO (“pre-
cesses”) and can generate a measurable signal in a suitable
external receiver coil. The longitudinal magnetization (Mz) is
stationary and does not directly contribute to the detected sig-

nal; however, any longitudinal magnetization must be tipped
into the transverse plane by a radio-frequency pulse in order to
produce a measurable signal. The change of the orientation of
the nuclear magnetization produced by the exciting RF pulse
can be set to be any desired amount, from 0° to 180°. In the
case of a 180° pulse, no new transverse magnetization will be
produced, but any initial longitudinal magnetization along the
main magnetic field will wind up oriented in the opposite
direction (i.e., it will be inverted or “negative”).

Immediately after the exciting magnetic field (B1) is turned
off, the net magnetization M starts to return to its equilibrium
state, a process known as relaxation. Two distinct kinds of
relaxation processes will happen simultaneously:

1. Longitudinal relaxation refers to the recovery of the compo-
nent of the nuclear magnetization along the axis of the BO
field to its original value at equilibrium. This relaxation is
characterized by a characteristic exponential time constant,
T1; this will depend on the specific state of the tissue but is
typically on the order of a second for myocardial tissue.

2. Transverse relaxation refers to the decay of the compo-
nent of the nuclear magnetization perpendicular to the
axis of the BO field (and the decay of its associated sig-
nal). This process is by necessity faster than the longitu-
dinal relaxation, and thus the signal typically decays
away long before the spin system returns to its equilib-
rium. Two factors contribute to loss of the signal: intrinsic
relaxation, characterized by a tissue state-dependent char-
acteristic exponential time constant, T2, and extrinsic
relaxation, due to local magnetic field inhomogeneities
resulting in loss of phase coherence between signal from
different nuclei within an imaged region, characterized by
a shorter apparent exponential time constant, T2%*.

If there is a short delay between consecutive RF excita-
tions, there will be incomplete recovery of the longitudinal
magnetization between excitations for regions with longer
T1 times and thus a relative decrease in their signal (“T1
weighting”). If there is a delay between the times of excita-
tion and the detection of the signal, there will be a greater
decay of the transverse magnetization in the regions with
shorter T2 times and a relative decrease in their signal (“T2
weighting”). In the absence of T1 and T2 effects (short signal
detection delays and long waits between excitations), there
will still be a regional dependence of the relative signal on
the local amount of signal-producing nuclei (“proton-density
weighting”). (This is discussed further below.) The relax-
ation times of tissues can be altered by the administration of
exogenous contrast agents, which are typically stable che-
lated forms of gadolinium. These contrast agents shorten the
relaxation times of the tissues to which they are distributed.

The apparent loss of signal due to local B0 field inhomo-
geneity can be transiently recovered as an “echo.” In the case
of fixed local field inhomogeneities, e.g., due to the pres-
ence of magnetically different materials such as air, metal, or
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iron deposition [1], use of suitable additional RF excitation
pulses can produce a transient refocusing of the signal (“spin
echoes”) that allows the transient recovery of the signal to
the strength determined by the intrinsic T2 time. In the case
of field inhomogeneities produced by the gradient magnetic
fields used in imaging (see below), reversal of the gradi-
ent fields can produce a transient refocusing of the signal
(“gradient echoes™); in this case, the echo signal will only
recover to the strength determined by the local T2* time.
When rapidly repeated RF excitation pulses are used, with
inter-pulse intervals (TR) that are short compared to both T1
and T2, there can be a steady state set up, in which there is
some refocusing of signal from the residual transverse mag-
netization remaining from prior excitation, which is added
to the signal from the longitudinal magnetization that recov-
ered between the excitations, “steady-state free precession”
(SSFP). The signal detected will thus depend on both the T1
and T2 times, with stronger signal from regions with longer
T2 time but weaker signal from those with longer T1 times,
with a net signal that depends on the local ratio of T2/T1. In
SSFP imaging, there is typically use of an alternating direc-
tion of the RF excitations, with an associated partial magne-
tization transfer from transverse to longitudinal components
and vice versa. However, there are thus two different kinds
of steady state that can be set up, depending on the local BO
field strength (i.e., the off-resonance shift), one in which the
RF pulses and magnetization alternate in phase together and
another in which they are opposite in phase. At the boundar-
ies between these regions, there may be no net refocusing,
seen as corresponding dark bands in the image.

In clinical practice, gradient-echo images are used for 2D
or 3D Tl1-weighted imaging with and without gadolinium
contrast agents, such as for MR angiography or contrast-
enhanced cardiac imaging, and for flow-sensitive imaging
and cardiac contractility studies. Spin-echo images are usu-
ally reserved for T2-weighted imaging and for the assess-
ment of anatomic structures, including the heart and vessel
walls. SSFP imaging is the “workhorse” method used for
cardiovascular cine imaging.

Magnetic Resonance Imaging

The signal from the magnetic resonance phenomenon is typi-
cally in the radio-frequency range and thus cannot be simply
focused or collimated like the signals used in other kinds of
cardiovascular imaging. Rather, we use the principle that the
local signal frequency is dependent on the strength of the local
magnetic field. Thus, through the use of supplementary “gradi-
ent” magnetic fields, applied after the signal excitation, we can
encode position information in the detected signals; this infor-
mation can be decoded by the system computer during the
image reconstruction process. Similarly, we can use gradient
magnetic fields during the excitation process to select the
regions to be excited, e.g., for selection of the location of the

imaged slice or slab of slices. A field gradient is a magnetic field
added to B0, with a strength that varies linearly with the position
along a pre-defined gradient direction and whose strength is
under computer control. The MR imaging system typically has
three sets of gradient coils, one along each nominal axis (“X, Y,
and Z”), with each by itself producing a magnetic field gradient
in the respective direction; these can be flexibly combined to
produce any net desired gradient field in space.

In conventional 2D MR imaging, spatial localization of
the detected signal for image reconstruction is achieved in
three steps. First, slice-selective gradients are used so that
only a user-specified thin slice of tissue is excited and emits
signal. Then, to localize signal within a given slice, two
sets of gradients are used: frequency-encoding gradients
are applied during the signal detection, and phase-encoding
gradients are applied at some time between the RF excita-
tion and the signal detection. The slice selection gradient
is applied during the RF excitation only. However, an addi-
tional gradient pulse of opposite polarity is then applied to
refocus any dephasing of the excited spins that may have
arisen across the thickness of the slice during the excitation
process. The frequency-encoding gradient is used to localize
the source of signals along the corresponding direction. The
magnetic field gradient is applied during the detection of the
signal; the local variation of the magnetic field causes a cor-
responding variation of the frequency of the emitted signal.
The gradient thus effectively encodes the location of a pro-
ton along the frequency-encoded direction by the frequency
of its signal. Again, an additional gradient pulse of oppo-
site polarity is applied prior to signal detection, to refocus
any dephasing of the excited spins that may arise along this
direction during the detection process. To convert the signal,
detected over time, to the equivalent set of frequencies, we
use the mathematical operation known as the Fourier trans-
form, which can be efficiently carried out in the image recon-
struction computer. The raw signal data can be considered as
acquired in a “k-space” dimension, which is equivalent to the
Fourier transform of the image.

The remaining (“phase-encoding”) gradients are used to
reconstruct the remaining dimension in the image. Although
they are only applied between the times of excitation and sig-
nal detection, they produce a persistent regular spatial varia-
tion of the phase of the signals received from spins along
the corresponding direction in the image; the “wavelength”
of the spatial variation of the phase is proportional to the
strength of the phase-encoding gradient used in a particular
excitation-detection sequence. This phase variation results
in modulation of the net-detected signal, due to interference
of the signals from different positions along the correspond-
ing direction. By repeating a series of signal acquisitions
with a suitable set of different such phase-encoding gradi-
ent pulses, we can build up enough data to reconstruct the
corresponding signal distribution along that direction; again
we use the Fourier transform to carry out this image recon-
struction from the raw data. While the process of acquiring
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the gradient-encoded raw data needed for image (position)
reconstruction is very rapid, the phase-encoded data is rela-
tively time-consuming to acquire, as each such data point
requires a separate phase-encoded signal acquisition. While
the frequency-encoded data are acquired in real time, and so
any part of the object that extends beyond the boundaries of
the reconstructed field of view (FOV) can be simply filtered
out electronically, the phase-encoded data are not acquired in
real time, and thus any part of the object extending beyond
the reconstructed FOV will be subject to aliasing or “wrap-
around” artifact, and will appear on the other side of the
image, as if it were folded over.

For extending this approach to full 3D imaging, we can
perform selective excitation of the volume to be covered by a
stack of reconstructed slices. Then spatial localization within
this volume is performed by detecting the signal using one
frequency-encoding gradient during the signal detection, as
for 2D imaging, and two sets of phase-encoding gradients
applied prior to signal detection, aligned along the other
two orthogonal directions in the imaged volume. Again, the
Fourier transform is employed for the reconstruction of the
corresponding image dimensions from the raw data set. There
will now be the potential for aliasing artifact along both of the
phase-encoded directions in the reconstructed images.

The MR imaging system consists of several components:

1. Main magnet (usually superconducting) and shim coils. In
the superconducting magnet, there is no resistance to cur-
rent flowing through the wires, so the magnetic field stays
“on” with no added energy needed. The main magnetic field
is not perfectly homogenous. The inhomogeneity of a field
is typically described in parts per million (ppm) for a pre-
defined volume in the center of the magnet (e.g., 5 ppm for
a spherical phantom with radius of 10 cm). Shimming refers
to the use of additional magnet coils (or suitably placed
small pieces of metal) to improve the field homogeneity.

2. Transmitting coils emit the radio-frequency pulses that
generate the B1 field. RF excitation can be performed by
a set of coils, referred to as body coils, within the main
structure of the magnet, or by a separate coil or coils posi-
tioned directly over the region of interest.

3. Receiving coils are used to detect the magnetic signal
produced by the excited spins. A variety of coils can be
used to receive signals. For optimal cardiovascular
images, surface coils which are positioned closer to the
body, such as a phased-array coil, are usually preferred
over circumferential volume coils. Typical cardiovascular
phased-array coils have 4-8 elements per array and 2
arrays, one positioned anteriorly over the chest and the
other posteriorly under the back.

4. Gradient coils are used primarily for spatial localization of
the signal. Three pairs of coils are used to generate field
gradients in the x, y, and z directions. The amplitude of a
magnetic field created by a pair of gradient coils depends
on the amount of electrical current passing through each

coil. There are also special gradient amplifiers used to
generate the associated strong pulses of current.

5. Radio-frequency (RF) electronics — used both for the gen-
eration of the strong B1 fields used for excitation of the
spins and for detection and amplification of the weak
resulting signals.

6. Computers are used both for control of the RF and gradi-
ent pulse generation (and of the other aspects of the sys-
tem, such as patient table movement) and for reconstruction
and display of the resulting images.

Cardiovascular MRI

Flow Effects in MRI Flow can affect signals (and thus corre-
sponding image brightness) in MRI in a variety of ways. In the
case of T1-weighted imaging, blood, with its relatively long
T1 relaxation time, would be expected to have a relatively low
signal, due to its loss of magnetization (“saturation”) by rap-
idly repeated excitations. However, in the presence of flow
through the imaging region, this saturated blood can be
replaced by more fully magnetized blood from upstream,
resulting in increased signal intensity (“flow-related enhance-
ment”). With additional excitation pulses placed to saturate the
signal from the upstream blood, we can further manipulate the
brightness of the blood image, as discussed futher below. In
the case of T2-weighted imaging, with relatively long delays
between the initial excitation pulse and subsequent refocusing
pulse, motion of initially excited blood out of the plane of the
refocusing pulse can result in decreased signal intensity. While
it may not be visible in conventional magnitude images,
motion of blood between the pairs of gradient pulses used to
correct for gradient-induced dephasing can result in a net
phase shift of the signal; this is the basis of phase-based veloc-
ity imaging methods (discussed below).

“Real-Time” Cardiac Imaging

A major difference of cardiovascular MRI from MRI of
other systems is the intrinsic motion of the structures of
interest. To avoid degradation of the images by this motion,
we can try to acquire the images rapidly enough to “freeze”
the motion (“real-time” imaging). However, rapidly acquir-
ing real-time sequences generally requires a trade-off
between achievable spatial and temporal resolution and
signal-to-noise ratio (SNR) that may result in image degra-
dation. Currently, dynamic parallel imaging methods can be
used to achieve moderate acceleration rates of 2-3(R) using
coil arrays (as is described in more detail elsewhere in this
book); compressed sensing (CS) is an alternative promising
method to accelerate image acquisition [2].

However, the spatiotemporal resolution that can be
achieved within one heartbeat or less (for real-time imaging)
is still limited.



2 Clinical Cardiac Magnetic Resonance Imaging Techniques

21

Even with these limitations, such real-time cine-MRI is
often preferred over segmented acquisitions (see below) in
patients with breath-holding difficulties or arrhythmia, which
may lead to severe image degradation with conventional cine
imaging. In this case, a run of imaging acquisition spanning
several heartbeats is typically acquired at each location of
interest. Real-time image acquisition can also be used to
acquire information on dynamic variability of cardiac mor-
phology and function, for example, with respiratory-induced
changes in the heart, such as in constrictive pericarditis.

Cardiac Gating

While cardiovascular MR images can be acquired rapidly
with “real-time” approaches, there are significant limitations
in the temporal and spatial resolution of the resulting images.
Thus, synchronization of the imaging with the cardiac cycle
(“‘gating”) is an essential component of most cardiac MRI, in
order to overcome blurring of images caused by myocardial
contraction and flow effects from pulsatile blood. Gating
allows accurate assessment of cardiac structure and function,
by synchronizing image acquisitions with the cardiac cycle,
and it allows the use of k-space segmentation to improve
imaging, by permitting the combining of data acquired from
multiple cardiac cycles. The most effective form of cardiac
gating is electrocardiographic gating, where imaging is trig-
gered by detection of the QRS complex (corresponding to
the beginning of the ventricular contraction; the P-wave is
not reliably detectable in MRI) in a three- or four-lead elec-
trocardiogram (ECG) from (MRI-compatible) electrodes
positioned on the chest wall. Multiple “segments” of k-space
data that will be used to make up a single MR image (of a
given cardiac phase) can be acquired within a user-specifiable
interval, centered at the same point within the cardiac cycle,
over a series of sequential heartbeats; this serves to eliminate
blurring due to cardiac motion within the single image

(Fig. 2.1) [3, 4], as long as the heartbeats are sufficiently
similar to each other and there is negligible respiratory
motion during the data acquisition. The set of images span-
ning a cardiac cycle can then be displayed in a cine mode as
a sort of synthetic heartbeat (although the actual imaging
data were acquired over multiple heartbeats).

A satisfactory ECG signal for gating must be obtained
before scanning is commenced, in order to create optimal
diagnostic images, and time spent in achieving this is well
rewarded in image quality. The skin may need to be shaved
or cleaned to ensure that ECG electrodes are in good electri-
cal contact with it. Lead placement is another important part
of obtaining a reliable ECG trace, and this does not mirror
standard diagnostic ECG positions for the limb leads (so that
the resulting waveforms do not necessarily resemble stan-
dard monitor signals). Leads should generally be closely
spaced, in order to minimize potentially interfering voltage
differences between them induced by blood flow when the
patient is placed within the magnet (see below), which can
distort the ECG signal and lead to unreliable gating. Optimal
lead position also varies depending on the location, orienta-
tion, and size of each individual’s heart and may need to be
individually adjusted. The goal is to obtain a well-defined
and relatively high-amplitude QRS complex, while the
patient is in the magnet, where the R upstroke of ventricu-
lar depolarization is significantly larger than the T wave of
the cardiac cycle, so that image triggering will occur consis-
tently at the same point within the cycle. For safety reasons,
the ECG leads should not be allowed to form loops, due to
risk of burns from the induction of a current in the leads by
the strong RF power used in MR imaging; in addition, only
specific MRI-compatible leads should be used, to minimize
the risk of burns.

Furthermore, care should be taken to recheck the ECG sig-
nal once the patient has entered the bore of the magnet, as inter-
ference from voltages produced by the flow of the blood in the
strong magnetic field (the “magnetohydrodynamic” effect) can

Fig.2.1 (a) Gradient-echo FLASH image with cardiac gating; (b) without gating. (a) True SSFP (steady-state free precession) image with cardiac
gating. (b) True SSFP (steady-state free precession) image without cardiac gating
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Fig.2.2 (a) ECG signal
acquired outside the bore of
the magnet, showing detection
of the QRS complexes; (b)
ECG signal acquired from the
same subject within the bore
of the magnet, demonstrating
distortion of the signal, with
more prominent apparent T
waves (with successful QRS
detection in this case, despite
the interference)

Fig. 2.3 Signal from a
peripheral pulse monitor, with
demonstration of triggering
with each pulse cycle

distort the signal obtained (see Fig. 2.2) so that the R wave may
no longer be clearly defined, even if it looked very clear while
the patient was outside the bore. This effect becomes more
pronounced at higher field strengths, as the weak physiologic
ECG voltage (in the order of 1 mV or less) is forced to contend
with proportionally stronger flow-induced voltages. Another
potential source of interference with the ECG in MRI is the
magnetic gradient pulses used in imaging, which may induce
voltages in the leads associated with the rapid switching of
the fields. The position of the ECG monitoring electrodes may
need to be empirically readjusted until an adequate ECG sig-
nal is detected while the patient is in the bore of the system.
Again, reliable gating is essential for optimal cardiovascular
MR imaging.

Another potential problem that may be encountered with
ECG gating in MRI is inappropriate triggering from voltage
peaks produced by RF pulses during the examination. The
current use of fiber-optic transmission of ECG signals signif-
icantly reduces artifacts from radio-frequency pulses [5] and
gradient pulses, by keeping the conducting components of
the ECG system short. One way of overcoming inappropriate
triggering is “vectorcardiography” [6], where the QRS com-
plex is identified by the monitoring equipment not only by its
timing and magnitude but also in a “three-dimensional” volt-
age vector orientation, such that any electrical signals with a
different vector to the desired QRS complex will be ignored,
even if they have a relatively larger magnitude.

Arrhythmias may lead to inadequate or inappropriate trig-
gering if the imaging software does not consistently recog-
nize the R wave, and they can lead to image blurring and
artifacts due to inconsistent anatomical configuration of
the heart if there is a substantial variation in the R-R inter-
val (and associated degrees of ventricular filling). Multiple
image acquisitions that are averaged (referred to as multiple
“averages”) may help to reduce some image artifacts if an
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arrhythmia is present but will still leave residual blurring. If
there is a significant cardiac arrhythmia, an arrhythmia rejec-
tion setting can be selected, in which cardiac cycles with R-R
interval durations that fall outside a range specified by the
operator are not used for image acquisition. However, this
will tend to increase overall acquisition time, which can be
problematic in the setting of a breath-hold sequence; some
arrhythmias (e.g., atrial fibrillation) may still leave signifi-
cant R-R variability even with successful rejection of heart-
beats outside the acceptance window. Low-voltage ECG
traces (e.g., related to body habitus, COPD, or large effu-
sions) may also lead to inadequate or inconsistent triggering.

Peripheral triggering, which uses a signal derived from
MRI-compatible optical fingertip pulse monitors, provides a
less preferred but often adequate alternative, if a satisfactory
ECG signal cannot be obtained (Fig. 2.3). Associated images
may be significantly more blurred than with ECG gating, as
triggering from the peak of the peripheral pulse wave sig-
nal is delayed in relation to the R wave of the cardiac QRS
complex, making the imaging more vulnerable to any R-R
interval variation.

Another potential alternative to the ECG is the use of
“wireless” gating or “self-gating,” where periodic changes
of the MR signal during the cardiac cycle from the beating
heart itself can be used as information to synchronize the
MRI data acquisition with the cardiac cycle, thus allowing
acquisition of a crisp image without the need for electrodes
and leads; however, this is not yet used in current routine
clinical practice.

Cardiac-synchronized MRI data acquisition can use either
“prospective” gating or “retrospective’” gating. In prospective
gating, the detection of the QRS complex triggers the start
of repeated acquisition of segments of imaging data within
each cardiac cycle (see below), synchronized with the timing
of the QRS complex, with the total data acquisition typically
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Fig. 2.4 Prospective ECG gating, with image acquisition commencing after triggering from the R wave and terminating before the end of each

cardiac cycle

spread over several cardiac cycles, in each of which different
data segments are acquired (see Fig. 2.4) [7]; this imaging
data is then reconstructed as a set of corresponding image
frames over the (synthetic) cardiac cycle. In retrospective
gating, there is continuous asynchronous acquisition of seg-
ments of imaging data acquisition over several cardiac cycles,
with updating of the data segments to be acquired with each
successive QRS detection; post-processing with suitable
data interpolation onto a “standard” cardiac cycle leads to
image reconstruction of effective image frames at multiple
time points (phases) in the cardiac cycle, with the number of
phases per cardiac cycle predetermined by the operator, based
on the heart rate and the rate of data acquisition [8].

Prospective gating generally leads to better temporal res-
olution images than retrospective gating (other factors being
equal); however, the data acquisition time may be longer.
A portion at the end of each cardiac cycle is lost, as data
acquisition is generally suspended near the end of diastole,
to await the onset of the next QRS complex, and thus the
end portion of the cardiac cycle (usually ~50-100 ms) is
not sampled, in order to allow for potential variation in the
length of each R-R interval. In addition, there may be a short
(user-selectable) interval delay (trigger delay) between rec-
ognizing the R wave and commencing data acquisition. As
there is a period of the cardiac cycle in prospective gating
where the signal is not being acquired, there is the tendency
for tissues to recover some magnetization during this period,
which may cause the first image acquired after triggering to
be brighter than the remaining images; this can be a relative
disadvantage for cine images performed to assess ventricular
wall motion. “Dummy” excitation pulses can be used during
this period to prevent this magnetization recovery and keep
the signal strength more uniform. Assessment of cardiac
volumes and function can also be affected by the method of
ECG gating, with lower ejection fractions generally being
calculated with prospective versus retrospective ECG gating,
as some portions of the cardiac cycle (including the peak
effects of the atrial component of ventricular filling) are not
imaged [9].

Retrospective gating leads to more temporal blurring, as
there is interpolation onto a set number of equally spaced
phases for image reconstruction each cardiac cycle, despite
possible differences in the actual duration of each R-R inter-
val. However, it is generally a more robust technique than
prospective gating, with the advantages that it has more

uniform signal intensity in time (due to no interruption of
the train of excitation pulses) and it can be used to image
the whole cardiac cycle (due to no need to stop image data
acquisition before the end of diastole to wait for the next
QRS detection); thus, it is particularly useful for cine imag-
ing of function, where a smooth transition between cardiac
cycles is preferable for assessing regional and global wall
motion. However, in the presence of arrhythmias with signif-
icant R-R variation, the usual use of uniform interpolation of
the data from each acquired cardiac cycle onto a “standard”
cycle can lead to additional artifacts in the reconstructed
images; in this case, retrospective-gated imaging may pro-
vide better image reconstructions.

Segmentation of the k-space data acquisition for car-
diac MRI begins with considering the full set of raw data
(lines in “k-space”), or phase-encoding steps, which must be
acquired in order to reconstruct a complete image. These can
be grouped into separate segments, with each such segment,
containing an operator-specified number of phase-encoding
steps, treated as if they were all acquired at the same time in
the cardiac cycle; a different set of such segmented data is
acquired repeatedly in each cardiac cycle. Such sets of data
segments are acquired at approximately the same time point
in each consecutive cycle, over multiple heartbeats, until suf-
ficient raw phase-encoded data lines are obtained to recon-
struct the images. Such segments of raw data can be used to
make either serial images at a single location, reconstructed
over different phases of the cardiac cycle (single slice, mul-
tiple phase), as with cine imaging for assessment of wall
motion. Alternatively, they can be used for reconstructing
multiple static images, with each obtained for a different
slice and a single phase for each slice in the cardiac cycle
(multiple slices, single phase), as is useful for assessment
of myocardial scar tissue on delayed-enhancement images.
With improving MR technology, stronger gradients have
enabled faster imaging, and it is now also possible to acquire
multiple imaging slices or sections over different phases of
the cardiac cycle (multiple section, multiple phase) [10].

As with many factors in MRI, there is a trade-off between
spatial and temporal resolution and field of view. The overall
acquisition time is generally to be kept as short as possible,
as this is vital for breath-holding sequences. Higher-spatial
resolution images will require a larger number of phase-
encoding steps and subsequently a larger number of phase-
encoded k-space lines (referred to as “views”) per segment
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for the same total image data acquisition time. This will lead
to a decrease in temporal resolution, as more time within the
cardiac cycle is taken to acquire each segment (and to recon-
struct each resulting image frame). As the R-R interval is
finite, only a limited number of segments can be acquired
within each cycle, and in the context of cine imaging, the
number of cardiac phases that can be independently imaged
(without “view sharing”) will be decreased. If more phases
of the cardiac cycle are to be acquired and reconstructed in
the same overall acquisition time, then the number of phase-
encoding steps per frame will need to be decreased, at the
cost of decreased spatial resolution or decreased field of
view.

Patient heart rate is also an important factor. In patients
with slower heart rates, if the number of views per segment
is kept low for high temporal resolution, acquisition times
may extend beyond a reasonably achievable breath-hold, as
the same number of heartbeats (with their R-R intervals) is
still required to acquire enough data for an image. In order to
keep total acquisition time low, the options in a bradycardic
patient are either to increase the number of views obtained
in each segment, at the cost of temporal resolution, or to
decrease the number of views used to make up each image,
decreasing spatial resolution or field of view. For higher heart
rates, we can decrease the number of views per segment to
achieve imaging of a comparable number of phases per car-
diac cycle in a comparable total imaging time. Similarly, we
can speed up the process of acquiring data covering the heart
by interleaving acquisitions at multiple levels but at the cost
of decreased temporal sampling or increased imaging (and
breath-holding) time.

One method of improving the effective temporal reso-
lution (or temporal sampling rate) in gated cardiac MR
images is to use view sharing [11]. With this technique,
some “views” (phase encoded data sets) from one segment
are combined with views from the next segment to create a
new, intermediate cardiac phase image. For example, with
single-section multiple-phase imaging, if there are ten seg-
ments in a cardiac cycle of 800 ms (disregarding time for
arrhythmia rejection and triggering with prospective gating),
each with eight views per segment, with each view having a
TR of 10 ms, then the sequence has a temporal resolution of
8 x 10 ms = 80 ms and 800 ms/10 ms = 10 phases per cardiac
cycle. Using view sharing, the last four views of one seg-
ment could be combined with the first four views of the next
segment to create new intermediate phases between each
existing phase. This would improve the nominal effective
temporal resolution of the sequence, even though in reality,
the same number of views is being acquired whether or not
view sharing is being used, and the true temporal resolution
remains the same. However, the number of reconstructed
phases within a cardiac cycle would be increased, with a
potential for a “smoother” cine display.

Cine Imaging

The ability of MR imaging methods to synchronize the
image data acquisition with the cardiac cycle (as described
above) permits reconstruction of high-quality movies (“cine”
imaging) of the different phases of the cardiac cycle, even
though the imaging data may be acquired over the course of
multiple cardiac cycles. This is, of course, dependent on the
cardiac cycles being reasonably consistent with each other,
which may not be the case in the presence of cardiac arrhyth-
mias or breathing.

Cine imaging can be readily implemented with gradient-
echo imaging (e.g., “fast low-angle shot,” or FLASH, imag-
ing); this can be gated either retrospectively or prospectively.
The blood in cardiac chambers and vessel lumens generally
appears bright in cine gradient-echo imaging due to the flow-
related enhancement effects described above. Note that the
amount of this flow-related enhancement can depend on the
orientation of the images: for short-axis cine imaging with
gradient echoes, the flow is primarily perpendicular to the
image plane, leading to a prominent and consistently bright
image of the blood within the cardiac chambers and vessel
lumens, while with long-axis cine imaging, the presence of
a significant component of within-plane flow can lead to
less of a bright-blood effect in the images. Also, note that
through-plane motion of the heart wall itself may similarly
lead to a noticeable amount of phasic variation in the appar-
ent brightness of the myocardium. The strength of the signal
from the relatively stationary tissues depends on the amount
of their magnetic saturation (due to the repeated excitation
pulses they experience); this, in turn, depends on both the
strength of the pulses (the size of the “flip angle”) and the
time between the pulses (TR). With increasing size of the flip
angle used in rapid gradient-echo imaging, there is initially
an increase in signal, due to more excitation being produced,
but this will then be offset by the greater saturation effects
of further increases in the flip angle, leading to an optimum
flip angle for maximum signal strength at given values of TR
and T1 (the “Ernst angle”). This signal dependence on flip
angle has a fairly broad maximum; flip angles on the order of
25° or so generally work well for cine imaging with gradient
echoes, and higher angles may be needed if cine imaging is
performed after contrast administration. The echo time, TE,
is generally kept as short as possible in gradient-echo cine
imaging, in order to keep the imaging as fast as possible.
The signal from fat and water will evolve different phases
between the time of their initial excitation and the time of
their signal detection, due to the difference of their reso-
nance frequencies. Thus, depending on the value of TE, fat
and water may be in phase or out of phase in the final image,
leading to corresponding different appearances of the inter-
faces between fat and water, due to volume averaging of their
signals (e.g., at the boundaries of the epicardial fat with the
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epicardium or the pericardium), even though the phase itself
is not directly displayed in the conventional MR images.

As the hardware of MRI systems has gotten faster and
more stable, the use of SSFP imaging approaches for cine
imaging has become more popular. As the achieving of
a steady state in SSFP relies on maintaining a continuous
stream of excitation pulses, cine imaging with SSFP is gen-
erally used with retrospective gating only. The bright sig-
nal from blood in SSFP cine imaging depends primarily on
the relaxation times of blood rather than on its motion, as
described above, leading to a more consistent bright-blood
appearance independent of image orientation or blood flow
patterns. However, the interference with achieving the steady
state when the blood is flowing in an inhomogeneous mag-
netic field (such as may be created by metal from surgical
procedures, such as valve prostheses, or even from the inho-
mogeneous structure of the patient themselves, particularly
at high magnetic field strengths) can lead to significant image
artifacts from the blood. In such cases, by adjusting the fre-
quency of the RF transmitter, we may be able to minimize
the artifacts or to change their location so that they do not
interfere with the image of a structure of interest (Fig. 2.5);
ideally the magnet field would be “reshimmed” on the patient
to improve the homogeneity of the field. Another limitation
of SSFP imaging at higher magnetic fields is the associated
heating (SAR) that the rapidly repeated excitation pulses it
uses can create.

A useful variant of cine imaging for use with motion eval-
uation is to combine it with magnetization tagging, e.g., pro-
duced with spatial modulation of magnetization (SPAMM)
[12] (Fig. 2.6). In tagged MRI, localized perturbations are
created in the magnetization of the body, which appear in
subsequent images as dark marks that move with the under-
lying tissue. Thus, we can follow the motion of otherwise
indistinguishable portions of the heart wall, e.g., to permit
direct observation of aspects of the motion such as circum-
ferential or longitudinal shortening that would otherwise be
essentially invisible. In tagged MRI, the persistence of the
tags is limited by the T1 relaxation time of the myocardium.
The saturation effects of the imaging excitation pulses can
also lead to fading of the tags, so that the excitation flip angle
is generally decreased in tagged cine imaging, in order to
minimize the fading effects of the imaging on the tags. The
longer T1 relaxation times at higher field strengths tend to
lead to better tag persistence at these fields.

Respiratory Motion

Aside from cardiac motion, respiratory motion is another
important cause of image blurring and “ghosting” artifact in
the phase-encoding direction (Fig. 2.7). The largest amount
of respiratory motion is generally in the cranio-caudal direc-
tion, but there is also a degree of anterior-posterior and trans-
verse motion of the diaphragm. This, in turn, changes the

position and shape of the heart with respiratory phase, with a
motion of approximately 1 cm in the cranio-caudal direction
reported in the literature [13].

There are several ways of combating respiratory motion
in clinical practice. The most widely used in standard car-
diac sequences is breath-holding by the patient during image
acquisition. While this can potentially eliminate respira-
tory motion, the length of each acquisition is limited by the
individual’s breath-holding capability, which in the elderly
or debilitated may mean very brief acquisition times of less
than 10 s; other subjects may be unable to follow breath-
ing instructions. In addition, there may be a variation in
the degree of breath-holding with each breath, leading to
changes in position of the heart and potential misregistra-
tion artifact if a series of contiguous images (such as a stack
of slices through the heart) is being acquired over sequen-
tial breath-holds [14]. There may even be variations in dia-
phragm position (“drifting”) during a single breath-hold.
Imaging with breath-holding at end-tidal expiration is one
technique that can be used to reduce variability in diaphragm
position between and within breath-holds, as it is a relatively
reproducible condition [15]. However, this practice may
not be feasible in patients with limited respiratory reserve,
who are generally more comfortable holding their breath
near end-inspiration.

Alternatively, if the patient is unable to comply with
breath-holding instructions, increasing the number of aver-
ages used to construct an image has been used to improve
signal-to-noise ratio (SNR) and reduce “ghosting” (but not
blurring) respiratory motion artifacts [16]. However, this
increases overall scan time, and there are now more sophisti-
cated methods of minimizing respiratory motion artifact that
may be preferred.

Respiratory gating can be performed, with monitoring
of respiratory motion during data acquisition. This can be
implemented with either acquisition during a consistent part
of the respiratory phase (typically the end-expiratory phase)
or post-processing of continuously acquired data, with rejec-
tion of data that was acquired outside a specified respiratory
window before image reconstruction. This may involve the
use of a bellows or other strain gauge, which is comprised of
a mechanical sensor which is physically wrapped around the
patient’s chest to monitor chest wall motion, which provides
a crude reflection of respiratory motion.

A respiratory “navigator” pulse sequence provides an
alternative method of gating, which directly tracks diaphrag-
matic motion. This is based on the selective acquisition of
signal from a column of material centered on the moving
diaphragm, which is positioned so as to be perpendicular
to its interface with the lung and parallel to its direction of
motion [17]. The column excitation is commonly achieved
by the intersection of consecutive slice-selective planar exci-
tations with intersecting 90° and 180° excitations. Detecting
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Fig. 2.5 (a) Artifact from magnetic field inhomogeneity in a SSFP sequence performed at 3 Tesla; (b) “Frequency scout,” where images are
obtained with small adjustments in the frequency of the RF transmitter in order to find the most suitable frequency



2 Clinical Cardiac Magnetic Resonance Imaging Techniques

27

Fig. 2.6 Four-chamber view with magnetization tagging created at end-diastole, allowing for more accurate depiction of intramural wall motion

during cine imaging (a) early systole; (b) end-systole

Fig. 2.7 (a) Breath-hold gradient-echo FLASH image; (b) same image acquired with free breathing

the echoes obtained from the navigator column with a read-
out gradient oriented along the column can provide a rapid
and accurate 1-d depiction of the moving edge. Acquiring
these navigator echoes during the imaging sequence allows
for continuous monitoring of diaphragmatic motion during
data acquisition. This information can then be used in one of
two ways: (1) with the patient free-breathing and with data
acquisition triggered by a set navigator acceptance window
and (2) using a multiple breath-hold technique, with signal
from the navigator column fed back to the patient so that he/
she can hold their breath at the same diaphragmatic posi-
tion every respiratory cycle. While the second technique has
potential advantages in decreasing acquisition time, in prac-
tice, the need for additional patient training and reliance on
their breath-holding capabilities generally means that there

is no effective gain in time over the free-breathing navigator
technique [18].

With the free-breathing technique, very little patient
cooperation is required. The main disadvantage compared
with breath-holding is the overall increase in scan time,
but for sequences where the image data acquisition time is
beyond that achievable in a breath-hold (e.g., high-resolution
coronary MRA), use of a navigator free-breathing technique
is clearly advantageous. As with ECG gating, this synchroni-
zation may be either retrospective or prospective, with data
acquisition triggered only when the diaphragm position falls
within a defined navigator acceptance window.

There are several important components when planning a
navigator-dependent sequence. The first is appropriate posi-
tioning of the navigator excitation column or columns, as this
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will determine the amount of diaphragmatic motion detected.
Sachs and colleagues reported better image quality with the
use of three orthogonal navigator columns; however, this was
at the expense of increased scan time [19]. Regardless of the
number of navigator columns used, these must be positioned
over a diaphragmatic edge, where the edge will move along
the column during the respiratory cycle. Columns are typi-
cally positioned to intersect the right dome of the diaphragm
(away from the heart). Care must be taken to ensure that the
columns (and the slice-selective excitations used to produce
them) do not extend into a region of interest, as signal loss
from the navigator pulse excitation will interfere with visu-
alization of any affected tissue (Fig. 2.8). The column cross-
section should be small, in order to improve edge detection
of the curved diaphragm.

Once the column positions are set, a “scout” sequence
of column excitations is performed to assess the patient’s
diaphragmatic excursion over a series of respirations, and a
2D histogram can then be obtained summarizing the relative
frequencies with which different levels of the patient’s dia-
phragm are measured over time (Fig. 2.9).

The navigator acceptance window is then selected based
on the appearance of the histogram. The acceptance window
is centered on the highest point of the diaphragm, which
occurs at end expiration, where there is a short period of rela-
tive diaphragmatic immobility. The width of the acceptance
window is typically of the order of 4-5 mm, with wider win-
dows leading to improved scanning efficiency (with accep-
tance of a larger portion of the respiratory cycle) but with
increased image blurring and conversely for narrower win-

dows. One problem inherent to the free-breathing navigator
technique is respiratory drift, where diaphragmatic position
may alter over time, as a patient becomes more relaxed or
agitated. This may cause the edge of the diaphragm to pro-
gressively move out of the navigator acceptance window
with successive respirations, such that there is the potential
for little or no triggering of data acquisition throughout the
respiratory cycle. Again, as with many facets of MRI, there
is a trade-off between the narrowness of the acceptance win-
dow and overall acquisition time.

The application of correction factors in the navigator
sequence may help to improve its accuracy and improve scan
efficiency. Real-time prospective slice following attempts
to correct for motion of the heart, through tracking of the
diaphragm. This is complicated by the different amounts of
motion encountered in different locations of the heart during
the respiratory cycle, with relatively less motion occurring
at the base of the heart compared with its inferior surface.
Use of slice-following technique can allow the use of a wider
acquisition window without significant loss of image quality
and, with greater acceptance during each respiratory cycle,
allows for faster overall scan time [20]. However, the nec-
essary correction factors are specific to the individual and
therefore may require an initial preparatory sequence to
determine the degree of motion of a patient’s heart at differ-
ent respiratory phases [21]. Retrospective motion correction
post-processing techniques are now also being realized [22].

Another form of respiratory gating which has been
described is utilizing the ECG variations that can be encoun-
tered with each respiratory cycle to provide information

Fig. 2.8 (a) Navigator column placement (defined by the intersection of two separate columns) with graphic prescription, at the dome of the right
hemidiaphragm; (b) loss of signal in the image at the sites from which navigator echoes are obtained
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Fig. 2.9 (a) Graph depicting diaphragm position in the y-axis and time in the x-axis with use of a respiratory navigator. (b) Histogram summariz-
ing the frequency of diaphragm positions during a navigator-dependent sequence

about respiratory phase [23]. However, this is not used in
current clinical practice. Alternatively, the signal variations
resulting from respiratory motion can potentially be used for
“self-gating” [24].

Image Positioning
Unlike standard views of the thorax, which can be oriented in
the axial, sagittal, or coronal planes, cardiac MR images are
generally obtained along the long and short axes of the heart.
The ability to obtain views in any orientation, without the limi-
tations imposed by needing to find an adequate window for
insonation, is one of the main strengths of MRI over echocar-
diography. Similar to echocardiography, views in the left ven-
tricular short-axis, horizontal (“four-chamber”) and vertical
(“two-chamber”) long axes, and through the left ventricular
outflow tract (“three-chamber”) are typically obtained in a rou-
tine cardiac MR study and allow ready assessment of cardiac
chamber morphology and function. These standard views can
be easily obtained with knowledge of basic cardiac anatomy.
Multi-planar scout images are initially obtained, to ensure
that the heart and left ventricle, in particular, are well cen-
tered within the imaging field of view, for optimal visualiza-
tion. From these images, a stack of breath-hold axial images
can be obtained (Fig. 2.10). In general, the imaging system
allows for directly specifying image locations to be acquired,
relative to structures displayed in prior images, using interac-
tive graphics overlays (“graphic prescription”).

These form the basis for setting up image locations along
the cardiac axes and also provide an overview of the thorax,
potentially displaying associated or incidental pathology. A
vertical long-axis or two-chamber scout view can then be
obtained by prescribing it from a selected initial axial view
depicting the left atrium, mitral valve, and left ventricle and
then obtaining a single image perpendicular to this one that
passes through the estimated plane of the left ventricular
apex (Fig. 2.11a). From this two-chamber scout, a horizontal
long-axis or four-chamber scout view that includes the left
ventricular (LV) axis can then be obtained, again by acquir-
ing a similar image, perpendicular to the two-chamber view,
that passes through the mitral valve, and the estimated posi-
tion of the left ventricular apex (Fig. 2.11b) A short stack of
short-axis scout views (spanning rom the apex to the origins
of the great vessels) can then be acquired orthogonal to both
the two-chamber and four-chamber scout views at the level
of the left and right ventricular bases (Fig. 2.11c).

True two-chamber, four-chamber, three-chamber, and
short-axis views of the heart can then be obtained from this
series of planning images: a true four-chamber view can be
acquired by prescribing an image perpendicular to a short-
axis view through the ventricular bases, which is also perpen-
dicular to the interventricular septum and is below the level
of the aortic valve (Fig. 2.12a). A two-chamber view can be
acquired by prescribing an image plane bisecting the mitral
valve and the left ventricular apex on the four-chamber view
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Fig.2.10 Axial double inversion-recovery SSFP images (see below) for overview of the chest and further image planning

(Fig. 2.12b), and a three-chamber view can be prescribed
from a scout short-axis view that is parallel to the left ventric-
ular outflow tract (Fig. 2.12c¢). Alternatively, two-, three-,and
four-chamber views can be prescribed from a mid-ventricular
level short-axis scout image, with scan planes centered on the
center of the left ventricle, with each scan plane separated
from the other two by approximately 60°.

Various different imaging sequences, including cine
imaging for assessment of cardiac motion and function, or
delayed contrast-enhanced images for assessment of myo-
cardial scar tissue, can then be acquired using the same
image positions as these initial cine images. This is vital for
correlating areas of structural and functional abnormality and
allows for sequential comparisons for patients who undergo
multiple studies during the course of their management.

Aside from selecting appropriate positioning of images
along the orientation of the cardiac axes, care must be taken
to select an appropriate field of view to balance the demands
of adequate spatial resolution with acquisition time. The
phase-encoding direction should be placed along the direc-
tion in the plane where the patient’s diameter is shortest,
which for most patients is in the anterior-posterior direction
when obtaining sagittal or axial views; this can be interac-
tively adjusted while prescribing the image location. This
allows a reduction in the number of phase-encoding steps,
with a subsequent saving in scan time, which is particularly
important for breath-hold sequences. However, if the number

of phase-encoding steps is decreased too much, aliasing or
“wrap” of structures outside the chosen field of view will
occur in this direction. This could potentially obscure the
region of interest (Fig. 2.13).

The orientation and position of the field of view are also
important factors to consider in order to minimize aliasing.
Orientation of the phase-encoding direction should typically
be parallel to the orientation of the shortest direction across
the chest wall in prescribing images. Every effort should be
made to have the structure of interest well-centered in the
image, such that peripheral structures remain within the pre-
scribed region. This is particularly important in sequences
where parallel imaging is used, which are more sensitive to
aliasing, and where the associated artifacts will often appear
in the center of the images obtained [25].

Aside from the standard cardiac views described above,
there may be additional or alternative views acquired for
specific indications. For example, cardiac MRI is commonly
used if arrhythmogenic right ventricular dysplasia/cardiomy-
opathy (ARVD/C) is suspected. Dedicated high-resolution
images targeting the right ventricular wall are required if
ARVDY/C is to be identified or definitively excluded. Images
should be obtained as perpendicular as possible to the ante-
rior and inferior portions of the right ventricular free wall,
as it is thin and not well visualized if obliquely intersect-
ing views are acquired. These can be planned from scout
sagittal images through the right ventricle (Fig. 2.14). The



2 Clinical Cardiac Magnetic Resonance Imaging Techniques

31

Fig.2.11 Setup and acquired “scout” images to determine true cardiac
axes. (a) Near two-chamber scout, acquired by perpendicular prescrip-
tion from the axial; (b) near four-chamber scout, acquired by perpen-

structure and function of the right ventricle is measured well
by the same stack of parallel, contiguous short-axis imaging
planes that are used for assessment of the LV. These image
planes can be prescribed from a horizontal long-axis view to
contain parallel planes extending from the tricuspid-mitral

dicular prescription from the two-chamber image; (c) short -axis image
scout stack through the ventricular bases, acquired by perpendicular
prescription from the four-chamber scout image

valve plane to the LV apex. Additional useful RV-specific
scan planes include (1) a RV two-chamber view, prescribed
similarly to the LV from the four-chamber view; (2) a three-
chamber view that intersects the tricuspid and pulmonary
valves and the RV apex for imaging the RV inflow-outflow
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tract; (3) an RV outflow plane, which can be prescribed from
the RV 3-chamber view as a plane parallel to the conus arte-
riosus and the pulmonary trunk; and (4) a short-axis slice
through the pulmonary valve, prescribed perpendicular to
the RV outflow plane.

Another important indication for cardiac MRI is for
the evaluation or follow-up of congenital heart disease.
Supplementary views may commonly be required, due to
atypical anatomy in these patients. For example, a view ori-
ented appropriately to the interatrial septum may be useful
in the assessment of atrial septal defect or patent foramen
ovale. It is also often important in the setting of congenital
heart disease to evaluate views of the right ventricular out-
flow tract, which can be obtained by systematically acquir-
ing orthogonal long-axis views beginning with a long-axis
view through the right ventricle.

3D contrast-enhanced MR angiography is useful for the
evaluation of the aorta and pulmonary arteries. It is also
highly effective for the assessment of collateral vessels or
shunts, with the use of rapid sequential time-resolved short
TE and low-flip-angle gradient-echo imaging [26]. We can
similarly use initial scout images to prescribe images that
are aligned with or perpendicular to specific desired vascular
structures. There is again a trade-off between maximal ana-
tomic coverage and minimal acquisition time, and this is an
important consideration in choosing the plane of coverage of
the 3D slab. If the aorta is the focus of the study, an oblique
sagittal plane parallel to the orientation of the aortic arch is
recommended (Fig. 2.15). If the pulmonary arterial system
requires assessment, for example, in the evaluation of main
or branch pulmonary artery stenosis, a coronal plane will
generally provide maximal anatomic coverage.

Fig. 2.12 Setup and images obtained along the true cardiac axes. (a)
Four-chamber cine view, acquired by perpendicular prescription from the
axial image to its left; (b) two-chamber cine view, acquired by perpen-
dicular prescription from the four-chamber image to its left; (¢) perpen-
dicular prescription from the short-axis scout images for three-chamber

view; (d) three-chamber cine view, acquired from short-axis prescription;
(e) perpendicular prescription from the true four-chamber cine image for
short-axis views; (f) short-axis cine view, acquired from the four-cham-
ber cine prescription
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Fig.2.12 (continued)

PD, T1, and T2 Weighting: Tissue Characteristics
and Contrast Agents
The amount of signal detected by a receiver coil will dictate
the brightness of the voxel in a MR image. T1 relaxation
time, T2 relaxation time, and proton-density are MR tissue
properties which can be affected by different tissue states.
We can design MRI pulse sequences that are sensitized to
these properties, to different degrees. Altered tissue proper-
ties will then be reflected in the corresponding local bright-
ness of the resulting MR images, to different extents,
depending on the pulse sequence designs.

The relative contributions of the T1 and T2 relaxation
times to the image contrast depend on the specific imaging
method employed and the choice of the relevant imaging

variable values, particularly the time between consecutive
excitations (the “repetition time,” TR) and the time between
the excitation and the detection of the signal as a gradient or
spin echo (the “echo time,” TE). In general, the shorter the
TR time, the less time there will be for recovery of the mag-
netization between excitations, so that regions with shorter
T1 values (e.g., fat or contrast-enhanced blood) will tend
to appear relatively brighter (“T1 weighting”). Similarly,
the longer the TE time, the more time there will be for
decay of the signal before its detection, so that regions
with longer T2 values (e.g., fluid or edematous tissue) will
tend to appear relatively brighter (“T2 weighting”). In the
case of imaging approaches employing a train of repeated
spin echoes (e.g., generated with multiple 180° refocusing
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Fig. 2.13 (a) Aliasing with “folding” of chest wall into the region of  aliasing; (c) elimination of aliasing image from a after adjusting orien-

interest; (b) demonstrating how angling the prescribed scan field of tation of field of view
view to follow the chest wall can prevent peripheral structures from

Fig.2.14 (a-c) Examples of images perpendicular to the right ventricular wall, demonstrating their planning
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Fig.2.14 (continued)

excitations after an initial 90° excitation), the effective TE
time is the time after the initial excitation when the imaging
data near the center of “k-space” are acquired. If the heart
rate is rapid, it may be necessary to set up the T2-weighted
imaging sequence so that the excitations skip alternate
heartbeats, in order that the potentially competing effects
of T1 weighting can be minimized. Note that in the case of
gradient-echo imaging, local magnetic field inhomogene-
ities (e.g., due to local iron deposition) can lead to incom-

plete refocusing of the echo and resultant signal loss (“T2*
weighting”); this can thus cause darkening in images of
hemochromatosis or in the region of old hematomas. Also
note that motion between initial excitation and refocusing
pulses can lead to decreased signal in the spin-echo imag-
ing methods (due to their spatial localization, as described
above for blood flow), so that pericardial effusions, for
example, may not appear as bright as might be expected in
T2-weighted imaging.
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Fig.2.15 (a) Oblique sagittal 3D field of view for MRA targeting the
aortic arch, prescribed from an axial HASTE image; (b) subtracted
maximal intensity projection (MIP) images obtained from the MRA

Analternative way to create T'1 weighting is to use an initial
“inversion” excitation pulse to invert the longitudinal magne-
tization prior to the signal excitation (“inversion-recovery”
imaging). In the time interval between the inversion pulse
and the excitation pulse, the initially inverted magnetization
will recover back toward its equilibrium state, oriented along
the main magnetic field, crossing through a state of zero
magnetization along the way. The resulting signal produced
by the excitation pulse will depend on the duration of the
delay between the inversion pulse and the excitation pulse.
If the delay is long compared to the T1 relaxation time, the
signal will be close to that which would have been produced
without the inversion pulse; if the delay is such that the exci-
tation pulse is applied close to the time when the magnetiza-
tion is passing through zero, the signal will be very small

slab depicted; (c) prescribing image location from true axial HASTE
image for pulmonary MRA; (d) subtracted MIP image acquired in the
pulmonary arterial phase

(the image will be dark). On the other hand, if the delay is so
short that the magnetization is still negative, there will again
be signal produced but with an opposite phase; with conven-
tional magnitude imaging, this will result in a brighter signal
again, but with more specialized “phase-sensitive” imaging
methods, we can detect the difference between regions with
negative and positive magnetization.

The characteristic short T1 value of fat leads to it tending
to have a bright appearance in MRI, which typically has a fair
amount of effective T1 weighting. This can be helpful, e.g., to
help delineate the bright pericardial fat from the lower signal of
the adjacent pericardium or the myocardium. However, if it is
desired to suppress the signal from fat, there are two approaches
that can be used. In one approach, a short-time inversion-
recovery (STIR) sequence is used for imaging, with the inver-
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Fig. 2.16 (a) Short tau inversion-recovery image; note the large
bilobed enhancing mass within the right atrium, with extension through
to the pericardium, due to non-Hodgkin’s lymphoma. (b) Frequency-

sion time kept short, so that the recovering fat magnetization is
approximately nulled (and it thus will appear dark) at the time
of excitation for image data acquisition, while longer T1 tissues
will still have a significant amount of magnetization and will
appear relatively brighter. Even though the magnetization of
the other tissues with longer T1 values will actually be nega-
tive, this will not affect their appearance in conventional MR
imaging displays, which only display the magnitude of the local
signal. While this approach to fat suppression is fairly robust,
it is not specific to fat, as other regions with similar short T1
values will also have their magnetization nulled by the inver-
sion pulse. A more specific approach to fat suppression is to use
a frequency-selective saturation pulse, tuned to the resonance
frequency of the fat (which differs by about 3.5 parts per mil-
lion from that of water) to null the magnetization of fat. When
followed immediately by an excitation pulse for imaging data
acquisition, this will result in effective nulling of the signal from
fat. This is particularly useful for verifying the fat content of
masses such as lipomas. However, note that in the presence of
magnetic field inhomogeneity, the local resonance frequency of
fat will vary correspondingly, so that a frequency-selective pulse
that effectively suppresses fat in one region may fail to do so in
another or may even result in water saturation [27] (Fig. 2.16).

T2*-Weighted Spoiled Gradient Echo

T2* weighting with spoiled gradient-echo pulse sequences is
achieved by increasing the TR and TE to relatively long val-
ues. As the T2* values for tissues are shorter than the T2
values, the echo times chosen to achieve T2* weighting with
gradient echo are also much shorter than the echo times
required to achieve T2 weighting with spin-echo sequences.
With T2*-weighted gradient-echo imaging, the image con-

selective fat-saturated 3D gradient-echo T1-weighted sequence, dem-
onstrating how we can inadvertently create an isointense appearance of
mass with surroundings with poor choice of imaging parameter values

trast can be strongly influenced by the presence of magnetic
susceptibility effects; this can be used to detect the presence
of iron, for example, where there is hemorrhage or iron load-
ing of tissue. The local value of T2* can be calculated from
the loss of signal observed with longer TE times; this is
related to the degree of iron deposition in hemochromatosis.

Bright Blood and Dark Blood Imaging

A striking aspect of cardiac MRI is that blood can appear
either bright or dark in the images, depending on how they
were acquired. This is largely due to the different effects of
motion on the MR signal with different signal acquisition
methods (including “time-of-flight” and phase-shift effects)
[28], although the distinctive relaxation times of blood can
also play a role, particularly in “steady-state free precession”
(SSFP) or contrast agent-enhanced imaging. These effects
can be exploited to produce useful image contrast between
the blood and the heart wall and can even provide qualitative
or quantitative assessment of flow.

When imaging with rapid T1-weighted gradient-echo
imaging (e.g., “FLASH”), the blood can appear relatively
bright compared to the adjacent stationary tissue. This is due
to the replacement between consecutive excitations of the
partially magnetically saturated blood left in the slice being
imaged from the last excitation. This more magnetized blood
produces a stronger signal and appears relatively bright in
the images, as compared to the more stationary heart wall,
which does not get such replenishment of its magnetization;
this has been called “flow-related enhancement.” Note that
through-plane motion of the heart wall can actually pro-
duce a noticeable alteration of the signal from the heart wall
itself during the cardiac cycle, although the relatively slower
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motion of the wall leads to less signal enhancement than that
seen for the blood. Also note that when imaging a thick slab
of tissue with gradient-echo imaging techniques, the flow-
related enhancement may only be apparent in blood ves-
sels near the entrance side of the slab, as the blood may get
repeatedly excited (and thus partially saturated) as it flows
deeper into the slab.

“Time-of-flight” (TOF) technique uses 2D and 3D
gradient-echo sequences and relies on flow-related
enhancement to produce a “bright-blood” effect in the
images, without the need to use exogenous contrast mate-
rial. The goals of TOF imaging are generally to produce
high spatial resolution images, where flow-related enhance-
ment is maximized, flow-related dephasing is minimized,
and background tissue is suppressed. Flowing blood enters
the slice fully magnetized and generates high signal fol-
lowing the RF pulse. This creates bright signal in vessels
with flowing blood, relative to dark background of the sta-
tionary tissue. To maximize flow-related enhancement, the
imaging slices are positioned perpendicular to the direction
of blood flow. Any inflow of unsaturated protons will pro-
duce increased signal. Therefore, both arteries and veins
are bright. A spatially selective saturation band (see below)
is usually applied upstream to saturate venous signal when
MR arteriography is desired. Flow compensation, together
with reduced TE and small voxel size (high spatial reso-
lution), can help to reduce overestimation of stenosis. 3D
TOF has higher spatial resolution and is less susceptible to
turbulent flow than 2D TOF, but it is also less sensitive to
slow flow.

When imaging the heart with spin echoes produced by
90° and 180° spatially selective radio-frequency (RF) exci-
tations, motion of the blood between the two excitations
can lead to a decreased signal from the blood, as it needs
to experience both RF pulses in order to produce the sig-
nal. This tendency to darkening of the blood in spin-echo
imaging, due to motion, can be enhanced by adding extra
pulses to decrease the magnetization of the inflowing blood.
This “black-blood” appearance can also be readily achieved
by applying two 180° pulses in rapid succession (‘“double
inversion-recovery”). The first inversion pulse is nonselec-
tive, to produce effective inversion of the magnetization of
everything within the RF coil; the next is a selective 180°
pulse centered at the location of the slice to be imaged,
which is used to effectively restore the magnetization of the
stationary tissues within the slice to their starting condition.
If we then wait for the magnetization of the blood in the
inverted regions to pass through a zero magnetization state
(on their way back toward their equilibrium magnetization
state) before imaging, those blood-filled structures in which
blood which has been replaced by blood from outside of the
slice will appear black.

Motion of excited spins along magnetic field gradients,
such as those used in MRI can result in the signal from the

moving spins acquiring a phase shift relative to the signal
from adjacent stationary spins. Although the phase informa-
tion is not directly displayed in conventional MRI, it can
still affect the displayed magnitude. For example, if there is
a strong shearing spatial gradient of velocity (and its asso-
ciated phase) in a given region, there can be interference
between the different phases within a voxel and a resulting
loss of the net local signal from the blood. In addition, if
there is unsteady flow, as in turbulence associated with a jet,
the associated fluctuations in the signal phase can lead to a
local loss of image intensity. Both of these effects can lead
to a darkening of the image of the blood in “bright-blood”
imaging of abnormal flows, such as those associated with
stenosis.

When using SSFP imaging methods, the blood can pro-
duce a strong signal independent of its motion, due to its
relaxation time properties, and thus it will typically appear
bright in the MR images. In SSFP, rapidly repeated excita-
tions produce an increased signal by setting up a steady-
state condition where the magnetization is refocused
between each excitation. This can happen even off the reso-
nance frequency, but there may be a different steady-state
setup that depends on the amount of the frequency offset.
In particular, there are two different sorts of steady states
that can be set up, depending on the amount of frequency
offset: one where the signal is in phase with the exciting
RF pulses and one where it has an opposite phase. The net
signal produced in SSFP thus depends on both the T2 relax-
ation time, through the amount of magnetization remaining
in the interval between pulses, that can be refocused, and the
T1 relaxation time, through the amount of recovery of the
longitudinal magnetization in the interval between pulses,
which can be excited. In blood (and other fluids), the high
ratio of the T2 to the T1 relaxation times results in a strong
signal with SSFP. The phase of the resulting signal depends
on the local field strength. However, when the local mag-
netic field strength varies with position such that the flowing
blood is carried from an area with one phase into an area
with the opposite phase, the steady state will be interrupted,
and the resulting fluctuations in the blood signal can cause
local signal loss and artifacts that can propagate into other
areas of the image. To reduce the effects of this artifact, we
can adjust the homogeneity of the magnetic field (“shim-
ming”), or we can simply try to adjust the resonance fre-
quency, to change the location of the artifact.

Another way that blood can appear bright in the image is
due to shortening of the T1 relaxation time by injection of an
MRI contrast agent, which will lead to increased signal in the
presence of T1 weighting in the imaging method. If a 3D vol-
ume is rapidly and repeatedly imaged after the injection of a
bolus of contrast agent (producing T1 weighting), the blood
vessels with high concentrations of the agent at the time of
image acquisition will appear bright. If the image acquisition
is fast enough, the delay after the injection can be adjusted so
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Fig. 2.17 Sequential 3D T1-weighted images acquired after a single
injection of contrast, rendered as “maximum intensity projection”
(MIP) images after an appropriate timing delay in order to obtain: (a)
pulmonary arterial phase and (b) systemic arterial phase. Note abnor-

as to have prominent enhancement of only a desired portion
of the vascular tree, e.g., arteries vs. veins or pulmonary vs.
systemic vessels (Fig. 2.17).

Choosing the timing of this delay can be aided by acquir-
ing a rapid series of sequential images of a representative
vessel after the injection of a small test bolus of the agent,
often called a “timing run,” to detect the time of the arrival
of the bolus in the vessel of interest after the injection
(Fig. 2.18). The bright vessel images in the imaged region
can then be processed with a suitable computer program to
produce a synthetic angiographic display of the vessels from
any desired point of view (an “MRA”), e.g., with “maximum
intensity projection” (MIP) or “volume-rendered technique”
(VRT). Issues related to MRA will be discussed in more
detail in other chapters in this book.

There are three principal approaches to the modifica-
tion of the image contrast. Firstly, RF preparation (“‘con-
ditioning”) pulses (such as inversion and fat-saturation
pulses) may be added to “prepare” the magnetization in
imaging pulse sequences, prior to the signal readout with
RF excitation pulses. A second method of modifying the
MR contrast is through the intravenous administration of
an exogenous contrast agent, as above. The third contrast
mechanism consists of motion-sensitive imaging, with vari-
ous potential mechanisms used to have signal reflect differ-
ences in motion (e.g., between flow blood and vessel wall
or to encode flow velocities). Whereas for most of the MR
techniques one only uses images where the MR image pixel
intensity reflects the magnitude of MR signal (“magnitude
images”), for phase-contrast flow-velocity imaging, one
also uses images that reflect the phase of the signal, which

mal kinking of the proximal descending aorta in this patient, whose
status is post-aortic coarctation repair. The left subclavian artery is also
occluded from prior surgery

is made to reflect the flow or motion velocity at that loca-
tion. These flow-based contrast modification methods will
be discussed further, below.

Inversion and Saturation “Conditioning” Pulses
Saturation of the magnetization with suitable conditioning
pulses can be used to suppress the signal from specific tis-
sues and thus alter their appearance in images. These tissues
are initially excited by a 90° RF pulse, and their magnetiza-
tion is thus tipped into the transverse plane. Subsequently, a
dephasing gradient pulse is used to spread the phases of any
resulting signal from an imaged tissue element (“voxel”), so
that there is no net-detected signal (the signal has been
“crushed”), and therefore it can no longer contribute to imag-
ing. As there is initially no longitudinal magnetization
remaining in the tissue, no signal will result from an imme-
diately following RF excitation pulse. This suppressive effect
of the preconditioning RF pulse will go away when the tissue
recovers its longitudinal magnetization, which will depend
on its T1 relaxation time. The effect of the saturation pulse
can be made to be spatially defined (with spatially selective
excitation) or tissue-selective (e.g., with frequency-selective
fat saturation).

There are many applications that use saturation pulses,
including the following:

1. In time-of-flight applications (TOF), spatially selective
saturation pulses can be applied on one side of the region
to be imaged, and thus used to suppress signal from pro-
tons flowing into the imaged slice from the asymmetri-
cally saturated direction (such as venous blood), thereby
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Fig. 2.18 (a) Planning image for timing run imaging of single slice,
acquired sequentially after bolus injection of a small amount of intrave-
nous contrast agent; (b) example of image acquired during the timing
run, with region of interest placed over the descending aorta; (¢) graphi-

enabling selective imaging of the arterial protons [6].
This can also be used to show reversal of the usual direc-
tion of flow, e.g., with subclavian steal [6].

2. Spatially selective saturation of regions outside the region
of interest can be used to avoid some undesired imaging
artifacts, such as wrap around by structures outside the
field of view or motion artifacts from blood or CSF.

Image N

cal depiction of signal intensity within the region of interest over time
after the contrast agent bolus injection, allowing for selection of the
appropriate timing delay when signal intensity within the thoracic aorta
is maximal (if a thoracic aorta MRA is desired)

3. Frequency-selective saturation can be used for selectively
modifying the signal from fat or water, which have intrin-
sic resonance frequencies that differ by a few parts per
million. For example, we can selectively produce satura-
tion of the tissue fat by applying a frequency-selective
saturation pulse sequence at the beginning of the pulse
sequence, consisting of a 90° RF prepulse, applied at the
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resonance frequency of fat, which is immediately fol-
lowed by a dephasing “crusher” gradient pulse. This
results in selective depletion of the magnetization of the
fat component of the tissue, so that only the water protons
will contribute significantly to subsequent image forma-
tion until the fat magnetization recovers. Note that this
signal saturation effect will go away with the recovery of
the fat longitudinal magnetization over time. Also note
that the magnetic field over the region being imaged must
be uniform enough that a given frequency of the saturation
pulse will correspond to the local resonance frequency of
fat over the region of interest, in order to reliably saturate
all of the fat tissue.

Inversion-recovery imaging refers to the use of inversion
conditioning pulses to selectively suppress the signal from
certain tissues, based on their T1 magnetization recovery
times; the resulting change in their longitudinal magneti-
zation will result in alteration of the signal produced by a
subsequent RF excitation pulse. A typical inversion-recovery
sequence first applies a 180° RF prepulse. At a specific “null
point” during the subsequent recovery of the longitudinal
magnetization (depending on its T1 value), a given tissue
would have little or no longitudinal magnetization and thus
would produce little or no signal in response to an excitation
RF pulse; it would thus appear dark in the resulting image.
The timing of the null point will depend on the T1 value of a
specific tissue. The time between the 180° inversion prepulse
and the subsequent RF excitation is referred to as the “inver-
sion time.” For spin-echo and gradient-echo imaging, the RF
excitation pulse is applied at an inversion time which can be
adjusted to achieve tissue nulling of a selected tissue. The
inversion-recovery technique affects all protons in the image.
Note that in the setting of an inhomogeneous magnetic field
(e.g., with some metal in the region), the nominal inversion
pulse may not be equally effective over the whole region,
with resulting spatial variation in the resulting imaged sig-
nal suppression, even with a uniform underlying tissue. Also
note that with conventional magnitude imaging, the signal
from a region of very incomplete magnetization recovery,
with longitudinal magnetization that is still negative (i.e.,
with a longer T1 value), may still appear to be relatively
bright in the image, as we cannot distinguish the signal from
regions with positive or negative magnetizations. However,
it is possible to modify the imaging method to allow distin-
guishing the sign of the magnetization (“phase-sensitive IR
imaging”) in the resulting images, which both extends the
dynamic range of the imaging and resolves possible ambi-
guity of the images, as regions with negative magnetization
can now be rendered as darker than those with more fully
recovered positive magnetization.

We can also use “short-time inversion-recovery” (STIR)
imaging to achieve fat suppression, as an alternative to the fre-

quency-selective saturation approach described above [29]. In
this case, we take advantage of the fact that fat tends to have
a'T1 value that is typically fairly uniform but shorter than that
of most water-containing tissues. Thus, applying an inversion
pulse and waiting for an inversion time that is appropriate
for nulling the fat T1 value will result in a dark appearance
of the fat. Note, however, that any water-containing tissues
that happened to have similar short T1 values would also be
nulled in the image, so that this is not really chemically selec-
tive imaging.

Another application of inversion-recovery imaging is its
use in the production of images with dark blood, through
the use of “double inversion-recovery dark blood imaging”
[30]. In this approach to dark blood imaging, we use a pair
of preliminary inversion pulses: first, a nonselective inver-
sion pulse, which inverts the magnetization in the whole
3D region being imaged, and then an immediately follow-
ing spatially selective re-inversion pulse, which restores the
longitudinal magnetization of the region to be subsequently
imaged back to its initial state (but which leaves the magne-
tization in the rest of the region still inverted). If we then wait
for an inversion time that will result in the blood that was ini-
tially inverted in becoming nulled, then any blood entering
the imaged region from the “singly inverted” region outside
the imaged slice during the inversion interval will appear
dark in the resulting image. Note that in regions of very slow
flow, the blood may not be fully exchanged during the inver-
sion time, resulting in residual signal in that region that must
not be mistaken for thrombus or abnormal adjacent tissue.

Gadolinium-Based Contrast Agents

In addition to the application to MRA described above, the
gadolinium-based contrast agents are also used in two of the
key CMR applications for the imaging of ischemic heart dis-
ease: myocardial perfusion imaging and late gadolinium
enhancement (LGE) imaging. Both of these techniques com-
bine the use of preparation pulses and the administration of a
Gd-based contrast agent to achieve T1-weighted images. As
the associated issues of contrast agent dosing and safety con-
cerns will be discussed further in other chapters in this book,
we will not consider them further here.

As mentioned above, the bolus injection of MRI contrast
agents can be used to transiently increase the signal from the
blood and of the signal from the regions to which they get
delivered by the blood. The transient increase in brightness
of blood vessels produced by a contrast agent bolus can be
used for the production of 3D MRA images, as discussed
a little further below, while the transient increase in tissue
brightness produced by a the first passage of a contrast agent
bolus can be used to assess the relative perfusion of the tis-
sue through corresponding alterations in the relative delivery
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of contrast agent to the tissue. Slightly delayed imaging of
the tissue after the bolus injection can be used to assess for
inflammation or other sources of increased early enhance-
ment, while longer delayed imaging of enhancement can be
used to bring out areas of tissue infarction, inflammation, or
scarring [31].

In performing 3D MRA studies with contrast agents,
there are typically several steps we take. First, we acquire
scout volumetric images of the region we plan to image, to
check that the image position we have specified will cover
the region we are interested in imaging, without any interfer-
ence by image aliasing of other regions outside it. Note that
the strong T1-weighting of the imaging methods employed
usually results in relatively poor SNR of these initial scout
images, prior to the injection of contrast agent, which can
make the image location planning somewhat challenging.
As described earlier, a “timing run” may be performed, with
rapid sequence imaging of the target vessel after injection of
a small test bolus of the contrast agent, in order to find out
how long the bolus will take to arrive after injection; this
can be used in setting the delay between injection and the
start of image data acquisition. The effective time within
the image acquisition when the imaging is most sensitive to
the contrast agent effects (the “center of k-space”) can also
be taken into account in choosing the timing of the imag-
ing. Just prior to the acquisition of the contrast-enhanced
images, a non-contrast image data set may be acquired for
use in subtracting out the images of the baseline-unenhanced
structures (assuming good spatial registration between the
two data sets). The contrast dose for the MRA acquisition is
adjusted for the patient’s size, and the duration of the injec-
tion is adjusted to be suitable for the duration of the data
acquisition. The contrast agent bolus injection is followed
by injection of a bolus of normal saline, to flush the remain-
ing contrast agent out of injection line and the peripheral
veins. Acquisition of the dynamic contrast-enhanced data
sets is typically performed in multiple passes, to permit
assessment of the sequential phases of the enhancement of
different structures (e.g., pulmonary and systemic or arterial
and venous vessels), as well as to allow for possible unex-
pected variations in the timing of the optimal enhancement
phase of the structures of interest. After acquisition of the
3D-enhanced images (and any optional subtraction of pre-
enhancement images), manufacturer-supplied or third-party
image processing programs will be used to interactively
explore the data sets and to reconstruct MRA images of the
structures of interest for display or archiving.

For MRI studies of perfusion, we again use initial scout
images to make sure that the region of interest will be covered
adequately (Fig. 2.19). Again, the SNR of these pre-contrast
scout images will generally be relatively poor, making the
image location planning somewhat challenging. In perfu-
sion imaging, we typically try to acquire multiple images

of the heart within each heartbeat, over multiple heartbeats,
with the image acquisitions interleaved at multiple locations
within the heart. The number of locations that can be moni-
tored in this way will depend on the heart rate and the speed
of the imaging. T1 sensitization of the imaging, in order to
bring out the arrival of the contrast agent bolus, is typically
achieved by the application of a saturation pulse at the start
of each image acquisition. For quantitative studies of perfu-
sion, it may be necessary to take extra steps to ensure accu-
rate saturation throughout the region of interest [32]. The
rate of the contrast bolus injection will be limited by the size
and location of the intravenous cannula used for the injection
but is typically on the order of 5 ml/s for 2 s; injecting for
longer times does not yield much improvement in the level
of tissue enhancement achieved. The contrast agent bolus is
immediately followed by a saline bolus, as for MRA studies.
The patient is instructed to hold their breath during the image
acquisitions for as long as they can and then to breathe qui-
etly, so as to minimize the respiratory effect.

The early phase of enhancement of tissue after injection
of a contrast bolus is related to the “vascularity” of the tis-
sue and reflects a combination of the delivery of the contrast
agent to the tissue by the blood flow, the fractional blood vol-
ume of the tissue, and the leakiness of the microcirculation
permitting extravascular exchange of the contrast agent. For
example, inflammation associated with infectious processes
may show prominent early enhancement, as may vascular
areas of tumors.

Imaging of the late phase of contrast enhancement
of tissue after injection of a contrast agent bolus (“late
enhancement”) can be used to bring out areas of abnormal
accumulation of contrast agent in an expanded extracellular
space, e.g., due to effective increased or prolonged reten-
tion of the contrast agent in local areas of fibrosis, such as
in healed infarcts. Such areas of relative accumulation of
contrast agent in the myocardium can be made more promi-
nent in the images by using inversion-recovery imaging to
effectively null the signal from the normal myocardium, so
that the shorter local T1 times resulting from increased con-
trast agent accumulation, e.g., in areas of fibrosis, will result
in corresponding brighter relative signals [33]. In choosing
the time for performing delayed-enhancement imaging,
there must be a long enough delay for the contrast agent
differences between the abnormal and normal myocardium
to develop, while it must be short enough for there to still
be sufficient contrast agent left in the abnormal region to
show up in the images; a time on the order of 10—15 min
after the injection of the contrast agent generally works out
well. The optimal inversion time to be used for nulling the
signal from the normal myocardium will depend on the par-
ticular contrast dose and delay time used and on the physi-
ology of the individual patient and must be empirically
adjusted for each study. One way to adjust this parameter
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Fig. 2.19 (a) Initial planning
image for first-pass perfusion
sequence; (b) selection of image
planes to be acquired. In this
example, three short-axis views
and one long-axis two-chamber
view are repeatedly obtained in
rapid succession with the
dynamic injection of intravenous
gadolinium. (¢) The sequence of
selected image frames depicts
initial blood pool phase (RV
cavity followed by LV cavity
enhancement) followed by
enhancement of the myocardium.
Hypoperfusion of a segment of
myocardium may indicate the
presence of ischemia or
infarction
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Fig. 2.19 (continued)
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Fig.2.19 (continued)

is to perform a modified cine imaging, with an inversion
conditioning pulse applied at the start of each cardiac cycle
(a “T1 scout” image set), so that each reconstructed cardiac
phase corresponds to a different inversion time, and then
look for the time of the cardiac cycle phase that best nulls
the normal myocardium (Fig. 2.20). Note that the imaging
itself will affect the effective T1 recovery process, so that
the best value to choose for the actual imaging inversion
time may still need to be adjusted from this time. A modi-
fied IR imaging method, which collects enough additional
data to permit a phase-sensitive image reconstruction, can
reduce the need to precisely choose the right value of the IR
time to null the myocardium [34], as mentioned above. An
additional consideration in delayed-enhancement imaging
is the choice of whether to perform a rapid 3D (or stacked
2D) image acquisition, which can be repeated in different
image orientations to best evaluate different portions of the
myocardium, or to acquire serial “segmented” single 2D
images, which can have better temporal and spatial resolu-
tion but at the cost of longer image acquisition times. In
the setting of arrhythmias or respiratory motion, the result-
ing image artifacts may diminish the added value of the
segmented images. A useful compromise is to routinely

acquire the 3D image sets in multiple orientations, adding
acquisition of individual higher-quality 2D images of any
areas of question.

Phase Contrast

Another useful variant of cine imaging is to use the motion-
induced phase shifts that can arise in MRI, as described
above, to directly image the local velocities in vascular and
cardiac structures [35]. This is generally accomplished
through the addition of bipolar pairs of gradient pulses,
whose net effect will be to leave stationary spins unchanged
but which will result in a change in the phase of the signal
from spins moving along the direction of the gradient. This
phase change can be measured with suitable modified image
reconstruction methods. The magnitude of the resulting
phase shift will be proportional to the distance moved along
the gradient during the interval between the pair of pulses
and will also depend on the strength of the gradient pulses.
The phase shift in each location can thus be used to create an
image of the corresponding velocity at each location in the
conventional magnitude image (Fig. 2.21). In performing
such “phase-contrast” imaging of velocity, there are some
choices that must be made by the operator. First, as only one



46

L. Axel and M. A. Toms

Fig.2.20 Example of
acquisition of a stacked set of
2D late-enhancement images
along the ventricular short
axis: (a) planning the image
locations; (b) choosing the
inversion time from a set of
“T1 scout” images (only
selected images shown); (¢)
final stack of acquired images
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Fig. 2.21 (a) Magnitude (for anatomic correlation) and (b) corre-
sponding phase-contrast velocity images, demonstrating through-plane
flow through the ascending and descending aorta, which is oriented in
opposite directions (and hence displayed with different image inten-

spatial component of velocity can be measured at a time, the
component to be measured must be chosen. This is typically
chosen to be the component perpendicular to the imaging
plane, as this is most useful for flow volume calculations.
Correspondingly, when studying volume flows, the imaging
plane itself is generally optimally chosen to be perpendicu-
lar to the axis of the vessel lumen of interest. We can readily
prescribe these slice locations from other images of the ves-
sels of interest, analogously to the prescription of different
cardiac chamber images described above. If measurements
of more velocity components are desired, this will require
additional image acquisitions (and correspondingly more
imaging time). While the acquisition of multiple velocity
components can be interleaved to improve spatial registra-
tion of the data, this cannot be used to reduce the imaging
time, except at the cost of reduced temporal or spatial reso-
lution. Another imaging parameter choice that must be made
is the value of the velocity encoding value (“VENC”). This
is the velocity for which the corresponding phase shift will
be +/— 180°. Greater velocities, leading to greater phase
shifts than this, will be indistinguishable (“‘aliased”) from
velocities with smaller magnitudes and possibly opposite
sign. While a VENC on the order of 150 cm/s should suffice
for capturing most normal arterial flows, the higher veloci-
ties that can be found in abnormal flows, e.g., related to
accelerations through areas of stenosis, can require the use
of higher VENC values. On the other hand, when studying
slower flows, the use of lower values of VENC can improve
the accuracy of the measurements. Thus, the VENC values
may need to be adjusted on an individual patient basis,
according to the particular clinical scenario. An important
caveat that must be noted is that there can frequently be
some residual baseline errors in the calculated velocities,

sity). Note the nonuniform distribution of the velocities across the ves-
sel lumens. A through-plane component of the flow in the adjacent right
pulmonary artery is also evident

related to imperfect behavior of the actual gradient pulses,
which can produce inaccuracies in the corresponding calcu-
lated flows and flow volumes. We can approximately com-
pensate for these errors by referencing the velocities to
measurements made in adjacent stationary tissue (“baseline
correction”), but this is still subject to some uncertainty, as
the resulting reference values may vary with the position
where they are measured. As with conventional cine imag-
ing, there are compromises that must be made between the
competing demands of spatial, temporal, and velocity reso-
lution. It should be noted here that phase-contrast imaging
requires for each phase-encoding step two TR periods to
encode the differential effect of flow velocity in the phase of
the signal, i.e., eliminate from the phase of the signal any
background variation of the signal phase (e.g., from field
inhomogeneities). With standard cine imaging, we only
need one TR for each phase-encoding step. If everything
else remains unchanged, phase-contrast cine imaging
requires twice as long acquisition times (and breath-hold
durations if required) compared to standard cine imaging. If
we are willing to restrict our spatial resolution or field of
view, we can potentially increase the temporal resolution
enough to study pulse waves traveling along vessels, or
increase the imaging rate enough to follow the dynamic
response of flows to transient perturbations, such as respira-
tory maneuvers.

While phase-contrast imaging methods are primarily
used to study the velocity of flowing blood, analogous to
Doppler ultrasound (but without any limitations on the
direction of the velocity measurement), they can also be
used to study the velocity of the heart muscle (analogous to
tissue Doppler studies). This can provide an alternative to
tagged approaches for studying regional cardiac function.
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There are various relative advantages and disadvantages of
these different approaches, and the methods for their appli-
cation to clinical questions are still being developed and
evaluated.

Conclusion

In summary, there are many options for choosing particular
technical methods of imaging in CMR, which can be used to
optimally address different clinical questions. The great flex-
ibility of imaging that this provides is a real strength of
CMR, compared to other imaging methods. Other new imag-
ing methods that are currently under development promise to
further expand the capabilities of CMR and to increase its
clinical utility.

Acknowledgment Adam Schwartz helped with the selection and prep-
aration of images for the figures.
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Anatomy of the Heart and Great

Arteries

Lawrence M. Boxt and Martin J. Lipton

Introduction

Magnetic resonance imaging (MRI) techniques produce high
spatial, contrast, and temporal resolution image data for
evaluation of cardiac and great vessel anatomy, regional tis-
sue characterization, vascular blood flow, cardiac chamber
filling and contraction, regional myocardial dynamics, and
myocardial perfusion. MRI produces series of tomographic
images of the heart and great arteries in arbitrary section,
allowing tailoring of an examination to address a specific
clinical problem, or a systematic analysis of cardiac structure
and physiologic function. Identifying a specific abnormality
is based upon recognizing variance between the instant
image data at hand and an expected normal appearance of the
heart and great arteries.

In this chapter, we will describe the anatomy of the heart
and great arteries as demonstrated on magnetic resonance
imaging. Anatomy, as portrayed by MRI significantly differs
from that observed in the dissection lab or operating room.
On MRI we view these structures in tomographic section.
That is, rather than viewing the entire organ, and its relation-
ship with surrounding organs, we view the heart in slices.
The analogy of echocardiographic imaging is quite appropri-
ate for MR examination of the heart. In other words, the MR
scanner produces images of sections of the heart and great
vessels, which may be interpreted in order to recognize nor-
mal structure, differentiate normal from abnormal, and begin
the process of morphologic diagnosis. MR diagnosis is based
upon visualization of a series of images, each obtained in
prescribed standardized, or arbitrary anatomic section. By
analysis of left-to-right, anterior-to-posterior, and superior-
to-inferior relationships among adjacent structures, we cre-
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ate a three-dimensional image of these organs in our mind.
By recognizing the variance between what we expect and
what we see, we begin to acquire a sense of what is abnor-
mal. To identify an abnormality, one must first recognize the
normal. It is the purpose of this chapter to describe the anat-
omy of the heart and great vessels and demonstrate the
appearance of these structures on MR examination.

Cardiac MRI (CMR) complements echocardiographic
study and, in those individuals in whom adequate echo win-
dows cannot be obtained, has become the imaging modality
of choice. Clinical indications for the performance of CMR
[1, 2] as well as its interpretation [3] have significantly
increased diffusion of CMR into the clinical workplace.

Pericardium

The heart is contained within the middle mediastinum by the
pericardium. The visceral pericardium is adherent to the ven-
tricular myocardium and cannot be visually separated from
the epicardial fat. The parietal pericardium may be identified
as a paper-thin high signal intensity surface surrounding the
heart and great arteries (Figs. 3.1, 3.2, and 3.3). On the left
side of the heart, the pericardium attaches on the superior
aspect of the main pulmonary artery. On the right, the ascend-
ing aorta is enveloped approximately up to the level of the
azygos vein. Recesses (potential spaces) in the pericardium
are typically found anterior to the ascending aorta and medial
to the main pulmonary artery (the anterior aortic recess),
between the ascending aorta and transverse right pulmonary
artery (the superior pericardial recess), and around the entry
of the pulmonary veins to the left atrium. Visualization of the
parietal pericardium depends upon the presence and extent
of low-density fatty deposition in the pericardial fat pad and
middle mediastinum.
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Fig. 3.1 Coronal double inversion recovery image from a 50-year-old
woman, obtained through the right (cr) and left (cl) clavicular heads,
and posterior right (pr) and posterior left (pl) aortic sinuses of Valsalva.
The subaortic interventricular septum includes the atrioventricular sep-
tum (arrow 1) between the right atrium (RA) and left ventricle (LV).
The entry of the superior vena cava (SV) into the RA is posterior to the
orifice of the right atrial appendage (not visualized). The pericardium
attaches along the ascending aorta (AoA) on the right heart border
(arrow 2) and on the pulmonary artery (arrow 3) on the left. The low
signal pericardial space (arrow 4) continues along the diaphragmatic
surface of the heart. The liver (Li) and stomach (St) are labeled

Aorta

The aorta is attached to the heart by the annulus fibrosis. The
annulus supports the aortic valve and is part of a fibrous skel-
eton which supports the mitral and pulmonary valves as well.
The aortic annulus lies nearly in the center of the heart, just
oblique to the plane of the cardiac short axis (Figs. 3.1, 3.4,
and 3.5). The thoracic aorta is divided into a series of seg-
ments. The bulbous aortae or bulbous portion of the aorta lies
between the aortic annulus and the tubular portion of the
aorta. Arterial wall thickness is a particularly useful indicator
of the presence of atherosclerotic change [4-6]. In the tho-
racic aorta, average wall thickness in women is less than in
men (2.11 versus 2.32 mm, p = 0.028 [7]). Wall thickness
varies from location to location [8] and increases with age at
examination and ethnicity [7, 9]. Accurate measurement of
aortic wall signal intensity is limited by radial aortic pulsa-
tory motion as well as limited spatial resolution of the MR
scanner itself. Thus, a “normal” range of signal is difficult to
define. However, comparison of an unenhanced segment of
the aorta with itself 5-to-10 min after intravenous contrast
administration (so-called delayed hyperenhancement) may
have value in assessing mural aortic disease [10, 11].

Fig. 3.2 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman. The anterior, trabeculated right
ventricle (RV) lies immediately behind the right internal mammary
artery (arrow 2). Notice how the pericardium (arrow 3) attaches on the
top of the main pulmonary artery (MP). Embedded within the epicar-
dial fat above the left ventricular (LV) myocardium, the anterior
descending (arrow 1) and circumflex (arrow 4) coronary arteries have
split from the left main coronary artery (not seen)

Fig. 3.3 Short axis double inversion recovery image from a 25-year-old
man. Notice how high signal intensity fat surrounds the heart (arrowheads).
Right ventricular (RV) free wall myocardium can be separated from the
pericardial fat by the pencil-thin pericardial space (arrow 2). The anterior
descending artery (arrow 3) is viewed in cross section as a signal void along
the superior aspect of the interventricular septum. The posterior descending
coronary artery is seen in cross section as a signal void within the epicardial
fat along the inferior aspect of the interventricular septum (arrow 1)
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Fig. 3.4 Axial double inversion recovery image from a 45-year-old
woman. The right ventricle (RV) lies anteriorly. Myocardial trabecula-
tion between the interventricular septum and right ventricular free wall
(arrow 4) is identified. Within the sinus portion of the aorta, the poste-
rior right aortic sinus of Valsalva (pr) and aortic valvular commissures
(small arrows) are evident. The right (RA) and left (LA) atria are sepa-
rated, at this level, by the secundum interatrial septum (arrow 3). The
crista terminalis appears as focal thickening of the RA wall (arrow 2).
The right lower lobe pulmonary vein (arrow 1) is just entering the LA

Fig. 3.5 Left anterior oblique (LAO) sagittal double inversion recovery
image from a 60-year-old woman, through the sinus portion of the aorta.
The left main and proximal left anterior descending coronary arteries
(arrow 5) arise from the posterior left aortic sinus of Valsalva (pl).
Immediately inferior to the posterior right sinus is the atrioventricular
septum, separating the right atrium (RA) from the left ventricle (LV). An
hepatic vein (arrow 1) passes through the liver (Li) toward the diaphrag-
matic surface of the RA, lateral to coronary sinus (arrow 7), seen in
cross section embedded within the fat of the inferior portion of the pos-
terior atrioventricular ring. The liver (Li) and spleen (Sp) are labeled
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Aortic caliber increases with age [12] and median aortic
caliber is greater in men than women. However, care must be
taken to measure aortic caliber at precise locations, and
orthogonal to the axis of the aortic segment under investiga-
tion. MR technique [13] affects caliber measurement. Motion
blurring affects inter-observer variability non-ECG-gated
MR angiography and can be reduced by application of
navigator-type respiratory and ECG gating.

Standard anatomic levels for measurement of aortic cali-
ber (Fig. 3.6) include the annulus, within the sinus portion, at
the sino-tubular junction, and the widest ascending aortic
segment (usually at the level of the transverse right pulmo-
nary artery). Omniplanar acquisition by MRI allows acquisi-
tion in imaging planes orthogonal to the anatomic section
under investigation, i.e., in the sagittal and coronal oblique
planes for evaluation of the annulus and sino-tubular junc-
tion, and coronal left ventricular outflow tract pane for intra-
sinus and ascending aortic measurement.

Measurement of aortic caliber by MRI compares favor-
ably with measurement obtained using echocardiographic
technique [14-21] and multidetector computed tomography
[18, 22, 23] and is considered by some to be the “gold stan-
dard” for this purpose. Aortic caliber as determined by CMR
in large series of healthy men and women provides the basis
for reference standards for caliber at specific locations on the
aorta [24, 25]. Caliber measurements of the aortic root and
ascending aorta in healthy adults are presented in Tables 3.1,
3.2, and 3.3.

Fig. 3.6 Diastolic gradient echo acquisition in coronal left ventricular
outflow tract section. Measurement of aortic caliber is typically
obtained at the level of the aortic annulus (line AB), within the greatest
dimension of the sinus portion (line CD), at the sino-tubular junction
(line EF), and the ascending aorta (line GH)



54

L. M. Boxt and M. J. Lipton

Table 3.1 Aortic caliber indexed to anatomic level. Data given as mean + SD, range as +2 SD

Anatomic level Imaging plane Diastolic caliber, mm Range, mm Systolic caliber, mm Range, mm
Women, age = 49.2 + 16.6 years
Annulus Sag LVOT 199+1.9 16-24 21.0+2.1 17-25
Cor LVOT 23.0+2.1 19-27 23.0+2.0 19-27
Sinuses Cor LVOT 30.2+3.2 24-37 31.2+3.1 25-37
Sino-tubular junction Sag LVOT 23.8+3.1 18-30 253 +2.8 20-31
Cor LVOT 30.2+3.2 24-37 31.2+3.1 25-37
Men, age = 49.3 + 17.2 years
Annulus Sag LVOT 222+24 17-27 224 +2.1 18-27
Cor LVOT 262+23 22-31 2577 +2.1 22-30
Sinuses Cor LVOT 34.1+43 26-43 35340 27-43
Sino-tubular junction Sag LVOT 254 +3.9 18-33 27.3+3.9 21-34
Cor LVOT 34.1+43 2643 35340 27-43
From [23]
Table 3.2 Aortic caliber indexed by gender
Age category, years N Median caliber, mm/M? Range, mm N Median caliber, mm/M? Range, mm
Women (non-indexed to BSA) Men (non-indexed to BSA)
45-54 416 28.8 17.8-37.7 345 31.6 25.2-44.6
55-64 232 30.1 23.7-40.5 229 32.8 24.4-49.8
65-74 157 30.6 24.2-40.0 139 34.2 27.8-43.9
75-84 37 31.1 26.7-37.2 57 34.7 27.7-43.5
Women (indexed to BSA) Men (indexed to BSA)
45-54 416 16.7 11.2-23.4 345 159 11.6-22.3
55-64 232 17.6 12.8-25.8 229 16.8 12.6-24.3
65-74 157 18.1 13.0-26.7 139 17.8 12.8-25.1
75-84 37 19.7 15.3-28.8 57 18.6 14.7-23.6
From [28]
Table 3.3 Aortic caliber indexed to body habitus. Range is +2 SD
Caliber, mm Average Range Average Range Average Range
Body habitus Normal Overweight Obese
Women
Annulus 20.6 17.4-23.8 21.7 18.4-25.0 21.5 17.2-25.8
Sinuses 27.5 21.9-33.1 28 21.8-34.2 27.5 21.3-33.7
S-T junction 21.6 16.6-26.6 22.3 17.0-27.6 22.1 15.9-28.3
Ascending Ao 247 17.8-31.6 26.5 19.3-33.7 26.6 18.8-23.2
Descending Ao 18.5 14.6-22.4 19.2 14.8-23.6 19.6 16.5-23.2
Men
Annulus 239 18.6-29.2 24.3 18.9-29.7 25.6 20.4-30.8
Sinuses 319 24.3-39.5 32.8 25.2-40.4 333 24.3-423
S-T junction 24.4 18.2-30.6 25.7 16.7-34.7 26.2 18.9-33.5
Ascending Ao 26.0 18.7-33.3 27.4 18.9-35.9 28.5 23.1-33.9
Descending Ao 20.1 14.7-25.5 20.9 15.6-26.2 222 16.3-28.1
From [24]

The high temporal resolution of cine MRI acquisition
allows determination of aortic caliber at both ventricular
end systole and end diastole (Fig. 3.7). The change in cali-
ber reflects material properties of the aortic wall, thus pro-
viding a means of measuring aortic “stiffness.” These caliber
measurements, when paired with aortic pressure measure-
ments, may be used to calculate aortic compliance (i.e.,

change in caliber with increasing pressure), and “elastance,”
the reciprocal return to normal caliber upon removal of the
distending arterial pressure [26, 27]. Results from the Multi-
Ethnic Study of Atherosclerosis (MESA) showed positive
correlation between aortic wall thickness and increasing age
[9], as well as decreasing aortic distensibility with increas-
ing age [28].
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Fig. 3.7 Oblique axial gradient echo acquisition through the ascending aorta obtained at end systole (ES) and end diastole (ED). Notice the dif-
ference in aortic diameter (double headed arrows) and area with left ventricular contraction

A systolic pulse wave front propagating through the aorta
increases aortic caliber as it passes. Pathologic processes that
reduce elastic arterial recoil (such as preclinical
atherosclerosis) limit wall distensibility and increase propa-
gation velocity of the pulse wave through the aorta. Velocity
encoded MRI allows accurate measurement of blood flow
velocity in large arteries and may be utilized to assess such
pathologic changes [29-31].

The axis of the most proximal portion of the ascending
aorta points slightly anteriorly and toward the right. As the
aorta ascends, it continues to be directed slightly toward the
right and anteriorly, displacing the superior vena cava toward
the right. Thus, in coronal section, the right lateral wall of the
ascending aorta gently curves toward the right, and in the
sagittal section, curves anteriorly (Figs. 3.1, 3.5, 3.6, 3.8, 3.9,
3.10, 3.11, 3.12, 3.13, 3.14, 3.15, 3.16, and 3.17). The aorta
returns to the midline by the level of the body of the second
right costal cartilage. As the aorta continues its ascent, it
curves dorsally and toward the left to form the aortic arch.
Although the total length of the ascending aorta averages
5-5.5 cm, body habitus, diaphragm position, and chest con-
formation all have influence on its appearance. The aortic
arch lies almost entirely behind the manubrium of the ster-
num (Fig. 3.18). It is not contained within the pericardium.
The plane of the aortic arch lies in an off sagittal left anterior
oblique plane (Fig. 3.19). The origins of the three major aor-
tic branches, the innominate, left common carotid, and left
subclavian arteries, are slightly ventral to the vertex of the

Fig. 3.8 Axial double inversion recovery image from a 45-year-old
woman. Within the aortic root (Ao), the origin and proximal course of
the right coronary artery (arrow 4) is evident. The left atrium (LA) lies
between the Ao and descending aorta (AoD). The right (RA) and left
(LA) atria are separated at this level by the sinus venosus portion of the
interatrial septum (arrow 2). Along the lateral aspect of the RA, the high
signal intensity crista terminalis (arrow 3) may be visualized. The right
ventricle (RV) lies behind the sternum (S) and is again apparently seg-
regated into two portions (*) by a myocardial trabeculation (arrow 6).
The azygos vein (arrow 1) anddescending thoracic aorta (AoD) are
labeled
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Fig. 3.9 Short axis double inversion recovery image from a 25-year-
old man through the posterior right aortic sinus of Valsalva (pr). In this
section, the right atrial appendage (arrow 1) lies directly anterior to the
aorta, and the left atrial appendage (arrow 2) is at the same level as the
distal main pulmonary artery (MP). Notice the relationship of the pr
with the left (LA) and right (RA) atria, and the superior interatrial sep-
tum. In this plane, the inferior vena cava (IV) is seen entering the RA
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Fig. 3.11 Axial double inversion recovery image from a 45-year-old
woman, at the level of the carina (arrow 1). The ascending (AoA) and
descending (AoD) aorta are labeled. The body of the main pulmonary
artery (MP) passes toward the AoD to become the left pulmonary artery.
At this level, the azygos vein (arrow 2) can be seen moving toward the
right to pass over the right hilum. The superior vena cava (arrow 3) lies
toward the right and posterior to the AoA

Fig. 3.10 Axial double inversion recovery image from a 45-year-old
woman. The ascending (AoA) and descending (AoD) aorta are identi-
fied. The top of the main pulmonary artery (arrow 4) is now coming into
view. Both the right (RIMA) and left (LIMA) internal mammary arteries
have reached the anterior chest wall, just to the right, and left of midline,
respectively. At this level, the azygos vein (arrow 3) is passing over the
right hilum to drain into the posterior aspect of the superior vena cava
(SV). The trachea (arrow 2) and esophagus (arrow 1) are labeled

Fig. 3.12 Axial double inversion recovery image from a 45-year-old
woman, at the level of the pulmonary artery bifurcation. The main (MP)
pulmonary artery continues as the left (LP) pulmonary artery; the right
pulmonary artery (arrow 3) passes behind the ascending aorta (AoA) and
superior vena cava (SV) to the right hilum. Note that the right pulmonary
artery is anterior to the right bronchus (arrow 2); the LP is just about to
cross over the top of the left bronchus (arrow 6). The right upper lobe
pulmonary vein (arrow 4) lies anterior to the right pulmonary artery. At
this anatomic level, the ascending aorta (AoA) has become enveloped by
the pericardium; an anterior pericardial space (arrow 5) is apparent
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Fig. 3.13 Axial double inversion recovery image from a 45-year-old
woman. The superior aspect of the right ventricular outflow (arrow 6) is
now apparent. The left pulmonary artery (LP) has crossed the left bron-
chus (arrow 9) to enter the left hilum. Note that the left upper lobe pul-
monary vein (arrow 7) is anterior to the left upper lobe pulmonary
artery (arrow 8). The right pulmonary artery (RP) lies anterior to the
right bronchus (arrow 2). The right upper lobe pulmonary vein (arrow
4) lies anterior to the right upper lobe pulmonary artery (arrow 3).
Immediately anterior to the ascending aorta (AoA) is the anterior peri-
cardial space (arrow 5). The azygos vein (arrow 1) is labeled

arch (Figs. 3.5, 3.19, 3.20, 3.21, 3.22, and 3.23). The innomi-
nate artery originates from the arch and takes a slightly right-
ward course anterior to the midline trachea before dividing
into the right common carotid and right subclavian arteries.
The left common carotid artery originates slightly dorsal and
to the left of the innominate, dorsal and to the left of the tra-
chea. The origin of the left subclavian artery is from the dor-
sal aspect of the aortic arch. It takes an almost vertical course
from the aorta toward the thoracic outlet, and then turns
toward the left and pulmonary apex. The aortic arch is usu-
ally left-sided, mildly displacing the trachea toward the right
(Figs. 3.10, 3.18, 3.21, 3.22, 3.23, 3.24, and 3.25). No con-
trolled reference data is available for measurement of the
aortic arch; however, in one series of 66 adults (aged
44.1 = 19.1 years), mean aortic arch caliber of the proximal
arch was 29.3 + 5.5 mm, and mean caliber of the distal arch
was 24.9 = 4.6 mm [32]. The ligamentum arteriosum (the
remnant of the ductus arteriosus) is attached to the inferior
aspect of the arch, just beyond the origin of the left subcla-
vian artery. The proximal descending thoracic aorta lies to
the left of the spine (Figs. 3.4, 3.8, 3.10, 3.11, 3.12, 3.13,
3.14, and 3.15). As it travels from cephalad to caudad in the
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Fig. 3.14 Axial double inversion recovery image from a 45-year-old
woman. The left-sided right ventricular outflow tract (RVO) lies ante-
rior to the ascending aorta (AoA). At this level, we begin to see the tip
of the left (arrow 6) and the right (arrow 5) atrial appendages. The right
atrial appendage lies anterior to the AoA. The left atrial appendage lies
anterior to the left upper lobe pulmonary vein (arrow 7) and artery
(arrow 8). The descending left pulmonary artery (arrow 9) lies anterior
and to the left of the descending aorta (AoD). The right upper lobe
pulmonary vein (arrow 3) lies adjacent to the superior vena cava (arrow
4) and anterior to the right pulmonary artery (RP). The RP lies anterior
to the right bronchus (arrow 2). The azygos vein (arrow 1) is identified

posterior mediastinum, it comes to lie near the midline
(Figs. 3.26 and 3.27). After the origin of the left subclavian
artery, the descending thoracic aorta tapers gradually before
entering the aortic hiatus. Descending aortic caliber in differ-
ent adult populations is shown in Table 3.3.

The (usually) three bronchial arteries originate from the
ventral aspect of descending aorta, between the levels of T5
and T6. Paired intercostal arteries originate from the dorsal
aspect of the aorta, between the 3rd and 11th intercostal
spaces.

Superior Vena Cava

Immediately cephalad to the aortic arch, the left subclavian
vein is joined by the left internal jugular vein to form the left
innominate vein (Figs. 3.17 and 3.18). The left innominate
vein crosses from left to right just anterior to the aortic arch
and proximal innominate artery (Fig. 3.19) to join the conflu-
ence of the right subclavian and internal jugular veins, form-
ing the superior vena cava (SVC), to the right of the aorta
(Figs. 3.1, 3.10, 3.12, and 3.14). The SVC passes behind the
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Fig. 3.15 Axial double inversion recovery image from a 45-year-old
woman. The left atrium (LA) lies between the proximal ascending aorta
(AoA) and descending aorta (AoD). At this level, the proximal left ante-
rior descending coronary artery (arrow 5) is visualized. The right upper
lobe pulmonary vein (arrow 1) drains into the LA behind the superior
vena cava (arrow 2); the left lower lobe vein (arrow 7) empties into the
LA from anterior to the descending aorta (AoD). The left lower lobe
pulmonary artery (arrow 6) lies lateral and posterior to the lower lobe
vein. Note the trabecular appearance of the right atrial appendage
(arrow 3) as it wraps around the anterior aspect of the AoA. The sinus
portion of the right ventricle (RV) lies anteriorly, immediately behind
the body of the sternum (S). A myocardial trabeculation (arrow 4)
extends from the interventricular septum to the right ventricular free
wall, apparently isolating a medial portion of the RV chamber (*)

right sternal margin to enter the pericardium at the level of
the second costal cartilage. The SVC receives the azygous
vein just above the right upper lobe bronchus (Figs. 3.28,
3.29,3.30, and 3.31). As the superior cava passes through the
mediastinum to drain into the right atrium, it passes from
anterior to posterior to the ascending aorta, entering the right
atrium at the level of the third costal cartilage. The SVC
drains into the right atrium just posterior to the orifice of the
right atrial appendage and slightly anterior to the entrance of
the inferior vena cava (Figs. 3.14, 3.21, and 3.26). The poste-
rior wall of the SVC, as it enters the right atrium, is the sinus
venosus portion of the interatrial septum and separates the
SVC from the left atrium (Fig. 3.4).
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Fig. 3.16 Coronal double inversion recovery image from a 50-year-
old woman through the origin of the right coronary artery (arrow 1).
Still within the right atrium (RA) and right ventricle (RV), we visualize
more of the left ventricle (LV). The superior and medial-most aspect of
the right atrial appendage (arrow 3) lies anterior to the faintly visualized
anterior aspect of the ascending aorta (arrow 2). The right ventricular
outflow (RVO) extends posterior to the right ventricular sinus (RV),
separated by the infundibulum. The pulmonary artery sinuses of
Valsalva (arrow 4) are supported by the pulmonary valve (arrow 5).
Inferoapical pericardium is marked (arrow 6)

Fig.3.17 Coronal double inversion recovery image from a 50-year-old
woman. The left innominate vein (arrow 2) passes from left-to-right, and
superior-to-inferior, cephalad to the top of the ascending aorta (AoA) .
The distal right coronary artery (arrow 1) is viewed in cross section as it
passes into the underside of the anterior atrioventricular ring, between
the right atrium (RA) and inflow portion of the right ventricle (RV). The
pericardium on the left side of the heart (arrow 3) is seen attaching to the
top of the main pulmonary artery (MP). In this normal individual
abdominal situs solitus is indicated by the right-sided liver (Li)
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Fig. 3.18 Axial double inversion recovery image from a 45-year-old
woman. The aortic arch (Ao) runs anteriorly-to-posteriorly and right-
to-left, passing anterior to the air-filled (muscular) esophagus (arrow 1)
and trachea (arrow 2). At this level, the left innominate vein (arrow 3)
has not joined with the right innominate vein to for the superior vena
cava (SV)

Fig.3.20 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman through the ascending aorta
(AoA) . In this section, the right atrial appendage (RAA) is anterior to
the AoA and superior to the inflow portion of the right ventricle (RV).
Before joining the right innominate vein (arrow 2) to form the superior
vena cava, the left innominate vein (arrow 3) passes anterior to the left
common carotid artery (arrow 4). Inferior and toward the left from the
main pulmonary artery (MP), the tip of the left atrial appendage (arrow
5) can be seen. Note the left ventricular papillary muscles (arrows 6 and
7). The spleen (Sp) and intrahepatic (Li) inferior vena cava (arrow 1)
are labeled

Fig. 3.19 Thick section maximum intensity projection image recon-
structed in left anterior oblique sagittal section from a contrast enhanced
magnetic resonance aortagram in a 45-year-old man. The main pulmo-
nary artery (PA) is faintly opacified. The left atrium (LA) and left ven-
tricular outflow (*) are better opacified. The innominate vein (arrow 1)
passes directly anterior to the innominate artery (arrow 2). The left
common carotid (arrow 3) and left subclavian (arrow 4) arteries arise
prior to the descent of the aorta through the chest
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Fig. 3.21 Coronal double inversion recovery image from a 50-year-
old woman. An hepatic vein (arrow 2) approaches the intrahepatic
inferior vena cava (arrow 1). The suprahepatic inferior vena cava
(arrow 3) is seen entering the posterior aspect of the right atrium (RA).
The left atrium (LA) lies cephalad, posterior and medial to the RA,
communicating with the left ventricle (LV) across the mitral valve (not
visualized). The left main coronary artery (arrow 8) is seen originating
from the posterior left aortic sinus of Valsalva (pl). The superior vena
cava (SV) is posterior to the ascending aorta (not visualized), and
within the same tomographic plane as the aortic arch (Ao). The innom-
inate (arrow 4), right common carotid (arrow 5), and origin of the left
common carotid (arrow 6) arteries are visualized, The finger-like left
atrial appendage (arrow 7) is viewed in cross section, just inferior and
to the left of the main pulmonary artery (MP). The liver (Li) and stom-
ach (St) are labelled

Fig. 3.23 Coronal double inversion recovery image from a 50-year-
old woman through the origin of the right upper lobe pulmonary artery
(arrow 3). The right pulmonary artery continues the left-to-right and
cephalad-to-caudad course along the roof of the left atrium (LA). The
right upper lobe pulmonary vein (arrow 2) drains into the LA just ante-
rior to the right pulmonary artery. The azygos arch (arrow 4) is seen in
cross section as it passes over the right hilum. The proximal right sub-
clavian artery (arrow 5) is viewed in cross section as it passes toward
the right shoulder; the left common carotid artery (arrow 6) lies to the
left of the trachea (T). The mid left-heart border forming (collapsed)
left atrial appendage (arrow 7) is seen draining into the left atrium. The
roof of the coronary sinus (arrow 1) is formed by the floor of the
LA. The inferior left-heart border is formed by the left ventricular (LV)
myocardium. The liver (Li) and stomach (St) are labeled
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Fig. 3.22 Coronal double inversion recovery image from a 50-year-
old woman. An hepatic vein (arrow 2) drains into the suprahepatic infe-
rior vena cava (arrow 1), which enters the right atrium (RA) lateral and
inferior to the coronary sinus (arrow 3). The coronary sinus (arrow 3)
lies to the right of the fat in the posterior atrioventricular ring, beneath
the left atrium (LA). The right upper lobe pulmonary vein (arrow 4)
drains into the LA anterior to the right hilum. The azygos arch (arrow
5) can be seen draining to the posterior aspect of the superior vena cava
(SV). The proximal-most right subclavian artery (arrow 6) can be seen
immediately after its origin from the innominate artery. A segment of
the left common carotid artery (arrow 7) lies to the left of the cervical
trachea (T). The right pulmonary artery (RP) arises from the main pul-
monary artery (MP), and then courses from superior-to-inferior and
left-to-right along the roof of the LA to pass behind the SV. The body
of the left atrial appendage (arrow 8) is contained by pericardium and
lies just above the fat of the posterior atrioventricular ring. The liver
(Li) and stomach (St) are labelled
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Fig. 3.24 Coronal double inversion recovery image from a 50-year-
old woman through the origin of the right bronchus (arrow 3) from the
trachea (T). The aortic arch (Ao) lies to the left of the T. The course of
the right (arrow 6) and left (arrow 7) subclavian arteries over their
respective pulmonary apices is well seen. The left upper lobe pulmo-
nary vein (arrow 8) drains to the left of the left pulmonary artery (LP)
before it enters the left atrium (LA). The right lower lobe pulmonary
vein (arrow 1) is seen draining to the inferior aspect of the LA. The right
hilum is well-demonstrated. The azygos arch (arrow 5) passes over the
right upper lobe bronchus (arrow 4) at the level of the right bronchial
origin. Incidentally, notice the short course from the tracheal bifurca-
tion to the origin of the right upper lobe bronchus. The right hilar pul-
monary artery (arrow 2) is no greater in caliber than its adjacent right
bronchus. Embedded within the fat of the posterior atrioventricular
ring, the coronary sinus (arrow 9) has not yet entered the right atrium
(RA). Immediately proximal to the diaphragmatic hiatus, the distal
esophagus (arrow 10) has not yet connected with the stomach (St). The
liver (Li) and intrahepatic inferior vena cava (IV) are labeled

Fig.3.26 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman. The secundum interatrial septum
(arrow 3) separates the left (LA) from right (RA) atrium. Inferior to the
LA, the coronary sinus (arrow 1) runs in the posterior atrioventricular
ring, medial to the entry of the inferior vena cava (IV) into the RA. The
superior vena cava (SV) lies in the same plane as the transverse right
pulmonary artery (RP). Just to the right of the midline trachea (T), the
origin of the right subclavian artery (arrow 2) is viewed in cross section.
The abdominal aorta (AbAo) lies to the left of the intrahepatic (Li)
IV. The spleen (Sp) is labeled

Fig.3.25 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman. In this section, the proximal right
pulmonary artery (RP) is seen arising from the main pulmonary artery
(MP), passing inferiorly and toward the right, over the roof of the left
atrium (LA). Immediately inferior to the MP, turbulence within the
mouth of the left atrial appendage (arrow 0) is seen. At this same level,
the mouth of the right atrial appendage (RAA) is viewed as well. Notice
the left-to-right relationship between the LA and the right atrium (RA).
The coronary sinus (arrow 1) to the right of the fat of the posterior atrio-
ventricular ring lies medial and slightly superior to the entry of the infe-
rior vena cava (arrow 2) into the RA. The right innominate vein (arrow
3), which lies to the right of the innominate artery (arrow 4) has joined
the left innominate vein (not viewed) to form the superior vena cava
(SV). The origin and proximal portion of the left vertebral artery (arrow
5) is seen. The mitral valve (arrow 7) and liver (Li) are labeled
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Fig. 3.27 Axial double inversion recovery image from a 45-year-old
woman. The inferior aspect of the left ventricular cavity (LV) is seen.
Below the diaphragm, a right hepatic vein (arrow 2) is seen entering the
inferior vena cava (IV). In addition, other segmental hepatic veins
(arrows 2a and 2b) are viewed. Note the signal void of the pericardial
space (arrow 3) sandwiched between the epicardial and pericardial fat
layers. The azygos vein (arrow 1) and descending thoracic aorta (AoD)
are labeled

Fig. 3.29 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman. The left-sided aortic arch (Ao)
displaces the trachea (T) to the right. The right upper lobe pulmonary
vein (arrow 1) is seen draining into the left atrium (LA) immediately
anterior to the right pulmonary artery (RP) passage over the LA toward
the right hilum. Seen in cross section, the azygos vein (arrow 2) arches
over the right hilum prior to drainage into the superior vena cava (not
seen). The right-heart border forming right atrium (RA) lies inferior and
toward the right with respect to the LA and lower descending thoracic
aorta (AoD). The liver (Li) and spleen (Sp) are labeled

Fig. 3.28 Coronal double inversion recovery image from a 50-year-
old woman. The morphologic left lung is characterized by the passage
of the left pulmonary artery (LP) over the left bronchus (LB). Notice the
long course the LB takes before giving the left upper lobe bronchus
(arrow 4). Arising from the LP, the left upper lobe pulmonary artery
(arrow 3) courses parallel to the Ao. The trachea (T) lies to the right of
the aortic arch (Ao). Passing obliquely within the high signal intensity
fat of the posterior atrioventricular ring, the coronary sinus (arrow 1) is
joined by an inferior cardiac vein (arrow 5) passing along the epicar-
dium of the posterior left ventricular wall. Along the right cardiac bor-
der, the azygos arch (arrow 2) is seen curving from a paraspinal
position laterally to begin to arch over the right hilum. The intermedi-
ate intensity band formed by the anterior aspect of the esophagus (Es)
shares the tomographic section containing the back wall of the left
atrium (LA). Lumbar spine lordosis pushes the abdominal aorta
(AbAo) anteriorly. The liver (Li) and stomach (St) are labeled
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Fig.3.30 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman. The azygos vein (arrow 1)
ascends just to the right of the descending thoracic aorta (AoD). The
posterior aspect of the descending left pulmonary artery (arrow 2), liver
(Li), and spleen (Sp) are labeled

Fig. 3.31 Axial double inversion recovery image from a 45-year-old
woman. The anterior right ventricle (RV) lies behind the sternum (S).
The right coronary artery can be seen in cross section, traveling within
the fat of the anterior atrioventricular ring (arrow 3). The crista termina-
lis (arrow 2) is seen as a high signal intensity object along the lateral
wall of the right atrium (RA). The right lower lobe pulmonary vein is
seen entering the left atrium (LA). Notice how the anterior mitral leaflet
(arrow 4) is continuous with the aortic annulus and posterior right aortic
sinus of Valsalva (pr). The descending aorta is labeled
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Right Atrium

The crista terminalis, the remnant of the vein of the sinus
venosus (Figs. 3.4 and 3.8) segregates the right atrial (RA)
cavity into an anterior trabeculated portion, and a smooth-
walled posterior portion. The lateral RA wall is very thin; the
distance between the cavity of the RA and the outer lateral
border of the heart should be no greater than 3 mm. Increased
thickening usually means a pericardial effusion or pericar-
dial thickening. The right atrial appendage (RAA) is a broad-
based, triangular structure, contained within the pericardium,
which extends from about the middle of the heart obliquely
around the ascending aorta (Figs. 3.1, 3.9, 3.13, 3.14, 3.15,
3.20, and 3.25). Collapsed when RA pressure and volume
are normal, the pectinate muscles characteristically seen in
the RA anterior to the crista terminalis tend to prevent its
collapse. When enlarged, the pectinate muscles of the RAA
appear as intracavitary filling defects, analogous to ventricu-
lar myocardial bundles in the right ventricle (Figs. 3.12,
3.13, 3.14, and 3.15). Currently, there is no consensus in the
literature regarding acquisition and analysis methodology
for CMR evaluation of right atrial size and volume.

The coronary sinus extends from the confluence of the
great cardiac vein, between the LA and left ventricle in the
posterior atrioventricular ring, and then passes beneath the
left atrium to the diaphragmatic surface of the heart to drain
into the RA medial and slightly superior to the entry of the
IVC (Figs. 3.5, 3.22, 3.23, 3.25, 3.26, and 3.28). The eusta-
cian valve separates these two structures. The suprahepatic
portion of the inferior vena cava (IVC) usually receives the
hepatic veins before draining into the heart. Occasionally,
the hepatic veins drain directly into the floor of the RA.

The interatrial septum separates the left from right atrium
(Figs. 3.4, 3.9, 3.21, 3.22, 3.24, 3.25, 3.26, and 3.29). It
forms a curved surface, usually bowing toward the right
atrium. Normal thinning in the region of the foramen ovale
may be seen; this change in septal thickness is exaggerated in
individuals with extra fat deposits around the heart, and else-
where. The right atrium should appear nearly the same size
as the left atrium. Measurement of right atrial size is less
difficult than estimation of right atrial volume. Nevertheless,
right atrial enlargement is associated with clockwise cardiac
rotation.

The tricuspid valve resides within the anterior atrioven-
tricular ring, immediately subjacent to the right coronary
artery. The plane of the valve annulus is nearly sagittal and
may therefore be visualized in axial section. The septal and
anterior leaflets appear as long filling defects attached to the
AV ring, and connected to the right ventricular free wall and
septum by very fine chordae, and papillary muscles of vary-
ing size.
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Right Ventricle

The right ventricle resides immediately posterior to the ster-
num, more or less in the midline (Figs. 3.2, 3.3, 3.4, 3.8,
3.15, 3.16, 3.17, 3.20, 3.32, 3.33, 3.34, and 3.35). Unless
hypertrophied, the right ventricular free wall myocardium is
only about 2 to 3 mm in thickness, and difficult to visualize.
The shape of the RV can be surmised by visualizing the ven-
tricle as the sum of the axial sections obtained during CMR
or CT examination. From the level of the pulmonary valve,
moving caudad, the shape of the ventricle changes. The right
ventricular outflow tract is round in shape, surrounded by the
ventricular infundibulum (Figs. 3.2, 3.14, 3.16, 3.36, and
3.37), and lies to the patient’s left. Moving in a caudad direc-
tion, the chamber increases in size, assuming a triangular
shape, the base formed by the AV ring, and the apex at the
intersection of the free wall and interventricular septum.
The unusual shape of the right ventricle lends itself to
quantitative analysis of cine-MR imagery. Planimetry of the
epicardial and endocardial borders of images obtained at
end diastole and end systole provide the basis for evaluation
of right ventricular volume and assessment of right ventric-
ular function. Acquisition of the entire cardiac mass pro-
vides a complete data set, obviating the need for making any
geometric assumptions about the unusual geometry of the

Fig. 3.32 Axial double inversion recovery image from a 45-year-old
woman. The right (RV) and left (LV) ventricles share the interventricu-
lar septum. The anterior aspect of the septum is muscular (IVS). The
posterior aspect of the septum contains the membranous portion (arrow
4), immediately inferior to the aortic valve. At this level, the primum
interatrial septum (arrow 2) forms the medial aspect of the interatrial
septum between the right (RA) and left (LA) atria. The crista terminalis
(arrow 3), right coronary artery in cross section (arrow 5), azygos vein
(arrow 1), and sternum (S) are labeled

L. M. Boxt and M. J. Lipton

Fig. 3.33 Systolic short axis double inversion recovery image from a
25-year-old man through the base of the left ventricular (LV) papillary
muscles (arrows 1 and 2). Notice how the right ventricular (RV) cham-
ber extends slightly inferior to the LV chamber. The liver (Li) is labeled

Fig. 3.34 Short axis double inversion recovery image from a 25-year-
old man through the posterior interventricular septum (arrow). The main
pulmonary artery (MP) begins to course from the top of the right ven-
tricle (RV) over the top of the left ventricle (LV). The liver (Li) is labeled

ventricle. Right ventricular end diastolic volume is calcu-
lated by multiplying slice thickness by the sum of the end
diastolic endocardial area of all slices containing the right
ventricular cavity; similarly, end systolic volume is the
sum of the end systolic slice areas. Right ventricular stroke
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Fig. 3.35 Coronal double inversion recovery image from a 50-year-
old woman, obtained immediately posterior to the sternum. The sinus
(RV) and outflow (RVO) portions of the right ventricle occupy the
retrosternal space. The anterior tip of the triangular-shaped right atrial
appendage (arrow 1) is not heart-border forming. A small portion of the
left diaphragm (arrow 2) is seen. The liver (Li) is labeled

Fig.3.36 Coronal double inversion recovery image from a 50-year-old
woman. The cavity of the right-heart border forming right atrium (RA),
the broad-based and triangular-shaped right atrial appendage (RAA),
and the inflow portion of the right ventricle (RV) occupy the anterior of
the heart. Here only a small portion of the left ventricular (LV) cavity is
visualized. The pericardial space (arrow 4) just inferior to the cardiac
apex is characterized by low-signal fluid and pericardium separating
high-signal fat. The right coronary artery (arrow 1) is seen passing
toward the right within the fat of the right atrioventricular ring. The right
(arrow 2) and left (arrow 3) internal mammary arteries are visualized
passing over the thoracic apices toward the anterior chest wall. The liver
(Li) is labeled

Fig. 3.37 Normal short axis gradient echo images obtained from a
52-year-old woman. (a) End diastolic image. The right (RV) and left
(LV) ventricular endocardial and epicardial borders have been hand-

traced. (b) End systolic image demonstrating hand tracing of the endo-
cardial borders
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volume is the difference between end diastolic and end sys-
tolic volume, and ejection fraction is the stroke volume
indexed to (i.e., divided by) the end diastolic volume
(Fig. 3.38). CMR is considered to be the “gold standard” for
quantitating right ventricular function [33, 34] (Table 3.4).
Right ventricular mass may be difficult to calculate
because of the unusually heavy trabeculation of the right ven-
tricular myocardium. The area of ventricular myocardium at
end diastole is the difference between the areas of the epicar-
dial right ventricular contour and the endocardial border.
Myocardial mass is the myocardial volume (slice area times
slice thickness summed over the entire ventricle) times the
specific gravity of myocardium, 1.05 g/ml. By convention,

|

Fig. 3.38 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman. The anterior right ventricle (RV)
and posterior left ventricle (LV) both share the interventricular septum.
Notice how the RV side of the septum (arrow 1) is markedly trabecu-
lated, and the LV side (arrow 2) is relatively smooth

Table 3.4 Right ventricular volume and mass

choosing to assign intracavitary trabeculations and the papil-
lary muscles to the myocardial wall and assignment of the
interventricular septum to the left ventricle produce reliable
estimation of right ventricular mass (Table 3.4).

The tricuspid valve is separated from the pulmonary valve
by the right ventricular infundibulum. The right ventricular
surface of the interventricular septum is irregular (Figs. 3.2,
3.4, 3.34, and 3.39). Although the septomarginal trabecula-
tion may not always be identified, papillary muscles extend-
ing from it to the tricuspid valve leaflets are commonplace.
Numerous muscle bundles extend from the interventricular
septum across the RV chamber to the free wall (Figs. 3.4,
3.8, and 3.15). The inferior-most of these is the moderator
band, which carries the conducting bundle.

The interventricular septum normally bows toward the
right ventricle (Figs. 3.2, 3.3, 3.16, 3.17, 3.34, and 3.39), so
that in short axis reconstruction, the left ventricle appears as
a doughnut and the left ventricular cavity as the hole
(Figs. 3.3, 3.34, and 3.38). The RV in short axis section
appears as an appendage to the left ventricle, extending from
slightly inferior to the inferior-most aspect of the interven-
tricular septum, RV outflow tract and pulmonary valve,
which resides superior to the LV (Figs. 3.2, 3.3, 3.8, 3.14,
3.16, 3.17, and 3.35).

Pulmonary Artery

The pulmonary valve lies slightly out of the axial plane, so
may appear elongated in conventional axial acquisition
(Figs. 3.12,3.13, 3.14, and 3.16). The main pulmonary artery
(PA) is supported by the pulmonary annulus and passes pos-
teriorly as it ascends within the pericardium. The caliber of
the main pulmonary artery should be about the caliber of the
ascending aorta at this anatomic level. Estimation of main
pulmonary artery caliber by MRI in healthy adults [35, 36]
compares favorably with caliber measurements obtained
from computed tomography.

Women Men

<60y >60y <60y >60y
Parameter Mean + SD Range Mean + SD Range Mean + SD Range Mean + SD Range
RVEDV, ml 133 £22 89-177 114 22 70-158 169 + 25 119-219 153 +25 103-203
RVEDVI, mlI/M? 78 +9 60-96 60+9 48-84 87 +12 63-111 77 +12 53-101
RVESYV, ml 49+ 13 23-75 3513 9-61 62+ 15 32-92 48 £5 18-78
RVESVI, ml/M? 28 =7 1442 207 6-34 32+7 18-46 24 +7 10-38
RVSV, ml 85+13 59-111 80+ 13 54-106 107 =17 73-141 105 =17 71-139
RVSVI, mlI/M? 50+6 38-62 46+ 6 34-58 55+8 39-71 53+8 37-69
RVEE, % 64+6 52-76 70+ 6 58-82 64+7 50-78 69 +7 55-83
RVM, g 50+11 28-72 44 + 1 22-66 68 + 14 40-96 63 = 14 35-91
RVMI, g/M* 30+5 20-40 25+5 15-35 35+7 21-49 32+7 18-46

From [34]
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Fig. 3.39 Axial double inversion recovery image from a 45-year-old
woman. The signal of the right hemi-diaphragm and liver (Li) fill most
of the right chest. The right (RV) and left (LV) ventricles are separated
by the muscular interventricular septum. At this level, the right coro-
nary artery (arrow 3) has turned along the inferior aspect of the anterior
atrioventricular ring. The coronary sinus (arrow 2) runs to the right of
the fat of the posterior atrioventricular ring, beneath the left atrium (not
visualized), and immediately medial to the LV. The inferior vena cava
(IV) has passed through the Li and is just entering the posterior aspect
of the RA. Note the pencil-thin signal void of the pericardial space
(arrows 4a and 4b) between the high signal of the epicardial and peri-
cardial fat. The azygos vein (arrow 1) and descending thoracic aorta
(AoD) are labeled

The left pulmonary artery is the extension of the main PA
coursing above the left atrium (Figs. 3.12, 3.24, and 3.28).
When the PA crosses the left bronchus, it becomes the left
PA (Figs. 3.12,3.13, 3.24, 3.28, and 3.30). The right PA orig-
inates from the underside of the main PA and passes along
the roof of the left atrium, posterior to the ascending aorta
and superior vena cava, to enter the right hilum (Figs. 3.12,
3.13,3.14,3.22,3.23, 3.25, 3.26, and 3.29). The pericardium
is reflected over the top of the main PA (Figs. 3.1, 3.2, 3.17,
and 3.25).

Pulmonary Veins

The upper lobe pulmonary veins lie anterior to their respec-
tive pulmonary arteries (Figs. 3.13, 3.14, 3.15, 3.22, 3.23,
3.24,3.28,3.29, and 3.40). As the left upper lobe vein courses
inferiorly, it passes in front of the left PA and enters the left
atrium immediately posterior to the orifice of the left atrial
appendage (Figs. 3.14, 3.23, and 3.24). The right upper lobe

Fig. 3.40 Left anterior oblique (LAO) sagittal double inversion recov-
ery image from a 60-year-old woman through the distal aortic arch (Ao)
and posterior aspect of the left atrium (LA). The right upper lobe pul-
monary vein (arrow 1) is seen draining into the LA. The left pulmonary
artery (arrow 2) lies superior and posterior to the distal left bronchus
(arrow 3). The left lower lobe pulmonary vein (arrow 4) drains into the
LA immediately anterior to the descending aorta (AoD), which has not
yet entered the abdomen. Liver (Li) and spleen (Sp) are labeled

vein lies anterior to the right pulmonary artery. It passes from
anterior to posterior and inferiorly to enter the left atrium
immediately posterior to the entrance of the superior vena
cava into the right atrium (Figs. 3.12, 3.13, 3.14, 3.15, 3.22,
3.23, 3.24, and 3.29). The left lower lobe pulmonary vein
always courses in a caudad direction directly anterior to the
descending thoracic aorta before entering the posterior left
aspect of the left atrium (Figs. 3.15 and 3.40). The right
lower lobe vein drains to the right posterior inferior aspect of
the left atrium (Figs. 3.4 and 3.15).

Left Atrium

The left atrium lies posterior, superior, and toward the left
with respect to the right atrium (Figs. 3.4, 3.8, 3.9, 3.15,
3.24, 3.26, 3.29, 3.32, 3.33, and 3.41). The two atria share
the interatrial septum, which forms an oblique surface
between the two. The interatrial septum normally thins in the
region of the foramen ovale. The left atrium is just about the
same size as the right atrium. The inner surface of the LA is
bald smooth. The confluence of the left upper lobe pulmo-
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Fig. 3.41 Calculation of left atrial volume. (a) Systolic 4 chamber
view displaying planimetered area (dotted line) and longitudinal (dou-
ble headed arrow AB) and transverse (double headed arrow CD) atrial
4 chamber dimension. (b) Systolic 2 chamber view demonstrating hand

nary vein and orifice of the left atrial appendage is a redun-
dant endothelium, which may appear to be thickened in its
medial-most aspect. The left atrial appendage is long and
finger-like (Figs. 3.5, 3.20, 3.21, and 3.22). Analogous to the
right atrial appendage, it contains pectinate musculature.
However, these myocardial trabeculations are always smaller
in caliber than those of the RAA and almost never cross from
one face of the appendage to the other. The LAA runs from

planimetered area of the left atrium (dotted line) and longitudinal (dou-
ble headed arrow AB) and transverse (double headed arrow CD) diam-
eters. (¢) Planimetered left atrial area (dotted line) and anteroposterior
diameter (double headed arrow AB) in a 3 chamber view

caudad to cephalad, around the left aspect of the heart, below
the level of the pulmonary valve.

Tomographic left atrial visualization by 2-D echocardiog-
raphy allows measurement of maximal linear dimension in
arbitrary section. However, the atrium is neither symmetric
in shape nor uniform in the manner it enlarges. Thus, geo-
metric assumptions for single dimensional analysis may not
accurately assess instant volume or change in volume in
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pathologic states. More accurate assessment of the left
atrium is obtained by utilizing measurement of multiple
linear dimensions and direct 3D echocardiographic tech-
nique. Steady-state free precession (cine) MR evaluation of
left atrial volume, presuming no geometric assumption, is
obtained using Simpson’s Rule by summing tomographic
sectional area over the entire organ. MR estimation of left
atrial volume (Fig. 3.41) is the “gold standard” for assessing
atrial size and function [33, 37, 38]. Reference values for left
atrial dimensions and volume (Table 3.5) are typically greater
than that obtained by standard echocardiographic methods
and demonstrate increased volume associated with increas-
ing body surface and patient age. The left atrial wall is thin;
there are no reference standards for determination of a patho-
logically thickened wall. However, the appearance of delayed
hyperintensity of the wall after intravenous contrast adminis-
tration is a sensitive means of detecting focal pathologic pro-
cesses, including fibrosis, commonly associated with failed
radiofrequency atrial fibrillation ablation therapy [39—42].

The mitral valve lies within the posterior atrioventricular
ring, immediately subjacent to the circumflex coronary
artery (Figs. 3.25 and 3.32). Fibrous continuity between the
anterior mitral leaflet and the aortic annulus is demonstrated
on axial acquisition (Figs. 3.4 and 3.32).

Left Ventricle

The left ventricle lies posterior and to the left with respect to
the RV; the inflow of the left ventricle lies to the left of the
inflow to the right ventricle (Figs. 3.2, 3.3, 3.4, 3.16, 3.17,
3.20, 3.32, 3.33, 3.34, 3.36, 3.37, 3.38, and 3.39). The left

Table 3.5 Left atrial dimensions and volume

ventricular myocardium is nearly uniform in thickness (1 cm
at end diastole). However, in axial acquisition, the posterior
LV wall may appear thicker than the septal or apical myocar-
dium (or vice versa) (Figs. 3.4, 3.27, 3.32, 3.38, and 3.39)
because it has been cut obliquely with respect to its internal
axis. Although some trabecular myocardial filling defects
may be identified within the ventricular cavity, the LV is
characterized by its smooth walls and two large papillary
muscles (Figs. 3.20 and 3.33). These always originate from
the posterior wall of the ventricle. The plane of the interven-
tricular septum is directed anterior to the coronal plane and
inferiorly toward the left hip. It normally bows toward the
RV (Figs. 3.2, 3.3, 3.33, 3.34, 3.37, 3.38, and 3.42). The aor-
tic valve shares the fibrous trigone of the heart and is, as
previously described, in continuity with the anterior mitral
leaflet (Fig. 3.31).

The posterior AV ring also contains the coronary sinus
(Figs. 3.22, 3.23, 3.24, 3.25, 3.26, 3.28, and 3.39). This vein
lies anterior to the circumflex artery, and passes around the
ring between the LA and LV, to run beneath the LA prior to
its drainage into the RA. Before entering the RA, is receives
other venous tributaries, which run along the epicardial sur-
face of the heart.

Left ventricular myocardium exhibits intermediate,
homogeneous signal intensity when viewed using conven-
tional gradient echo acquisition techniques. Upon intravenous
administration of gadolinium-based contrast agents, the sig-
nal increases as the contrast agent rapidly redistributes into
the extracellular space and then returns to baseline signal
after the contrast passed out of the myocardium (Fig. 3.42).
Areas of non-enhancement reflect regional hypoperfusion
and myocardial ischemia. Imagery obtained several minutes

All individuals ‘Women Men

Mean = SD Range Mean = SD Range Mean + SD Range
Volume, ml 73 +14.9 44-102 68 +14.9 42-95 77 +14.9 48-107
Volume index, ml/M? 40+ 6.7 27-53 40+ 6.7 27-52 39+6.7 26-53
4 Ch area, cm? 21+3.7 14-28 20+ 3.7 14-27 22+3.7 14-30
4 Ch area index, cm*M? 12+1.8 8-15 12+1.8 8-15 11+1.8 7-15
4 Ch longitudinal diameter, cm 5.7+0.7 4.3-7.0 55+0.7 4.1-6.9 59+0.7 4.5-7.2
4 Ch longitudinal diameter index, cm/M? 3.1+04 2.3-3.9 32x04 2.4-4.1 3.0x04 2.3-3.7
4 Ch transverse diameter, cm 41+0.5 3.0-5.1 41+0.5 3.0-5.1 4.1+0.5 3.0-5.2
4 Ch transverse diameter index, cm/M? 22+0.3 1.6-2.8 24+0.3 1.8-3.0 2.1+03 1.5-2.8
2 chamber area, cm? 2047 11-29 19+47 10-28 21 +47 12-31
2 chamber area index, cm?*/M? 11+24 6-16 11+£24 6-16 11+£24 6—15
2 chamber longitudinal diameter, cm 49=+0.7 3.4-6.3 4.6 +0.7 3.1-6.0 5.0=x0.7 3.6-6.4
2 chamber longitudinal diameter index 26+04 1.9-3.2 2.7+04 1.2-4.1 25+04 1.8-3.2
2 chamber transverse diameter, cm 4.6x0.5 3.6-5.6 44+0.5 3.4-5.5 4.6+0.5 3.7-5.5
2 chamber transverse diameter index, cm?*/M? 2502 2.0-2.9 26x0.2 1.5-3.6 23+02 1.9-2.8
3 chamber area, cm? 18+3.6 11-25 17+1.8 11-24 19+3.6 13-26
3 chamber area index, cm*M? 10+1.8 6-13 10+1.8 7-13 10+1.8 6-13
3 chamber AP diameter, cm 32+0.5 2.2-4.2 3.1+£0.5 2.1-4.1 33+05 2.34.2
3 chamber diameter index, cm*M? 1.7+0.3 1.2-2.3 1.8+0.3 1.3-2.3 1.7+0.3 0.7-2.6

From [38]
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Fig.3.42 Short axis gradient echo acquisition immediately after rapid
intravenous administration of 10 ml Gd-DTPA. (a) Contrast has passed
the pulmonary bed and now opacifies both the right (RV) and left (LV)
ventricles. The ventricular myocardium is not enhanced. (b) Two sec-

after intravenous contrast administration (performed with
the application of appropriate nulling pulses to minimize the
inherent signal of myocardium) demonstrates ‘“delayed
hyperenhancement” in segments of abnormal myocardium.
Although the exact mechanism of this process is not com-
pletely understood, this abnormal signal probably reflects
delayed wash-in and washout kinetics of nonviable tissue
and differing volumes of gadolinium distribution in viable

onds later, the ventricular myocardium and all other tissues enhance. (c)
Ten minutes after intravenous contrast administration, the ventricular
myocardium has returned to baseline signal intensity

and nonviable regions [43—45]. The clinical utility of this
technique is discussed in much greater detail in a later chap-
ter of this book.

CMR is the “gold standard” for quantitative analysis of
the left ventricle and its’ function. ECG-gated tomographic
acquisition in the cardiac short axis provides a series of
images obtained at regular intervals within the cardiac cycle,
from which ventricular volume and myocardial mass may be
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precisely calculated. In a manner analogous to that for right
ventricular analysis, both end diastolic and end systolic
images of the left ventricle are obtained, and the epicardial
and endocardial borders of each are planimetered (Fig. 3.37).
The difference between the area of the end diastolic epicar-
dial and endocardial borders is the myocardial slice area.
This value times slice thickness is the slice myocardial vol-
ume. Slice myocardial volume summed over the whole left
ventricle is the total myocardial volume. Myocardial volume
multiplied by the specific gravity of ventricular myocardium
yields the left ventricular mass. Similarly, the end diastolic
volume is obtained by summing the product of the area of
the slice endocardial border and slice thickness; end systolic
volume is obtained by summing the product of the area of
the slice endocardial border and slice thickness from end
systolic images. In this manner, left ventricular end diastolic
and end systolic volume may be calculated. Reference val-
ues for left ventricular volume and mass (Table 3.6) are
available [33, 34].

Coronary Arteries

The aortic valve divides the aortic bulb into the three sinuses
of Valsalva, named by their anatomic location. The anterior
aortic sinus lies anteriorly, between the right atrial appendage
and right ventricular outflow (Figs. 3.16, 3.43, 3.44,3.45, and
3.46). There are two posterior sinuses. The posterior right
sinus is the inferior-most sinus, lying above the atrioventricu-
lar septum and between the right and left atria (Figs. 3.1, 3.4,
3.5, 3.9, 3.31, 3.43, and 3.46). This is also referred to as the
“non-coronary sinus”; it provides the origin of no coronary
artery. The posterior left sinus is the most superior in position,
lying directly anterior to the left atrium (Figs. 3.1, 3.5, 3.21,
3.43, 3.44, and 3.45). The coronary arteries originate from
the aorta, immediately above the sinuses, and below the sino-
tubular ridge, a transition in caliber between the sinuses and
the tubular portion of the aorta. The left main coronary artery

Table 3.6 Left ventricular volume and mass

originates from the posterior left sinus. It usually arises from
the upper third of the sinus and takes a slightly cephalad and
leftward course toward the epicardium. It then dips below the
left atrial appendage and heads back toward the posterior
atrioventricular ring to become the circumflex artery
(Figs. 3.5, 3.15, 3.21, 3.44, and 3.45). The circumflex artery
passes through the posterior atrioventricular ring, giving mar-
ginal branches along the posterior wall of the left ventricle
(Figs. 3.2, 3.5, 3.44, and 3.45). Prior to the passage of the left

Fig. 3.43 Short axis double inversion recovery image from a 25-year-
old man through the aortic valve. The anterior (arrow 1a), posterior left
(arrow 1b), and posterior right (pr) aortic sinuses of Valsalva are labeled.
The coronary sinus (arrow 2) passes beneath the left atrium (LA) within
the posterior atrioventricular ring toward the right atrium (RA). The
right atrial appendage (RAA) lies anterior to the aortic root. The supra-
hepatic inferior vena cava (IV) drains into the posterior aspect of the
RA lateral to the drainage of the coronary sinus. Fatty infiltration of the
interatrial septum (arrow 3) enhances its appearance

Women Men

<60y >60y <60y >60y
Parameter Mean + SD Range Mean + SD Range Mean + SD Range Mean + SD Range
LVEDV, ml 132 £ 21 90-174 120 = 21 78-162 161 =21 119-203 148 + 21 106-190
LVEDVI, mlI/M? 78 +8.7 61-95 69 8.7 52-86 82+9 64-100 76 £9 58-94
LVESYV, ml 44 +9.5 25-63 38+9.5 19-57 55+11 33-77 48 + 11 26-70
LVESVI, ml/M? 26 +4.7 17-35 22 +4.7 13-31 28 +5.5 17-39 25+5.5 14-36
LVSV, ml 88+ 14 60-116 82+ 14 54-110 106 + 14 78-134 100 + 14 72-128
LVSVI, mlI/M? 52+6.2 40-64 475+6.2 35-60 52+6.1 43-67 52+6.1 40-64
LVEEF, % 67 +4.6 58-76 69 + 4.6 60-78 66 £ 4.5 57-75 68 4.5 59-77
LVM, g 106 = 18 70-142 110 + 18 74-146 147 =20 107-187 145 +20 105-185
LVMI, g/M? 62+7.5 47-71 63x7.5 48-78 74 £8.5 57-91 7385 56-90

From [34]
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main artery beneath the left atrial appendage, the left anterior
descending artery arises from the left main. The left anterior
descending artery passes behind the right ventricular outflow
and along the top of the interventricular septum toward the
cardiac apex (Figs. 3.2, 3.3, 3.5, 3.15, 3.21, 3.44, and 3.45).
The right coronary artery originates from the upper portion of
the anterior sinus of Valsalva. It takes an abrupt turn toward
the right, beneath the right atrial appendage, to enter the epi-

cardial fat of the anterior atrioventricular ring. It then passes
within the ring, between the bodies of the right atrium and
ventricle, toward the cardiac crux, the intersection of the
atrioventricular rings and interventricular septum, along the
diaphragmatic surface of the heart (Figs. 3.8, 3.16, 3.32, 3.36,
3.39, 3.44, 3.45, and 3.46). The posterior descending artery
perfuses the inferior interventricular septum and may act as
an important collateral bed in patients with atherosclerotic

Fig. 3.44 Axial fat saturated contrast-enhanced gradient echo acquisi-
tions from a 45-year-old woman. (a) Anterior descending coronary
artery (arrow 1) passes along the top of the interventricular septum,
between the right ventricle (RV) and left atrial appendage (arrow 2).
The ascending aorta (AoA) is labeled. (b) Image obtained 3 mm infe-
rior to A. The origins of the left anterior descending (arrow 2), and cir-
cumflex (arrow 4) coronary arteries from the left main artery (arrow 1)

are visualized. The circumflex is cut off, as it moves out of plane, infe-
rior to the left atrial appendage (arrow 3). (¢) Image obtained 3 mm
inferior to b. The proximal circumflex artery (arrow 2) passes beneath
the left atrial appendage to enter the posterior atrioventricular ring. At
this level, the origin and proximal right coronary artery (arrow 1) is
seen arising from the anterior aortic sinus of Valsalva (a)
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Fig. 3.45 Left anterior oblique (LAO) sagittal fat saturated contrast-
enhanced gradient echo acquisitions. (a) After the right coronary artery
(arrow 3) originates from the anterior aortic sinus of Valsalva (a), it
passes into the signal void of the fat within the anterior atrioventricular
ring. The membranous (arrow 2) and muscular (arrow 1) interventricu-
lar septum separates the right (RV) from left (LV) ventricles. Portions
of the distal left main (arrow 4) and proximal circumflex (arrow 5)
arteries are labeled. (b) Left anterior oblique (LAO) sagittal fat satu-
rated contrast-enhanced gradient echo acquisition 4 mm to the left of
figure a. The mid-right coronary artery (arrow 1) passes through the
saturated fat of the anterior atrioventricular ring. Originating from the
posterior left aortic sinus of Valsalva (pl), the left main coronary artery
(arrow 4) passes behind the main pulmonary artery (MP) toward the left

atrial appendage (arrow 2). The proximal circumflex artery (arrow 3) is
seen beneath the left atrial appendage. The atrioventricular septum
(arrow 5) separates the left ventricle (LV) from the medial portion of the
right atrium (RA). (c) Left anterior oblique (LAO) sagittal fat saturated
contrast-enhanced gradient echo acquisition 4 mm to the left of figure
b. The distal right coronary artery (arrow 2) is seen passing around the
inferior aspect of the anterior atrioventricular ring. In the posterior
aspect of the ring, the distal right coronary artery (arrow 3) passes over
the coronary sinus (arrow 6) and continues in the posterior atrioven-
tricular ring as the posterior left ventricular branch (arrow 5).
Immediately prior to passing over the coronary sinus, the posterior
descending coronary artery (arrow 1) arises. The left atrial appendage
(arrow 4) is labeled
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Fig. 3.46 Short axis fat saturated contrast-enhanced gradient echo
acquisitions from the patient in figures 3.44 and 3.45. In this section
through the aortic root, the origin of the right coronary artery (arrow 1) is
seen entering the anterior atrioventricular ring. Note the relationship
among the posterior right aortic sinus of Valsalva (pr), the left atrium
(LA), and right atrium (RA). The proximal left main coronary artery
(arrow 2) is seen beneath the proximal main pulmonary artery (MP). The
coronary sinus (arrow 3) is seen entering the posterior aspect of the RA

heart disease. In 85% of individuals, the posterior descending
artery arises from the distal right coronary artery; this is
called a right dominant circulation (Fig. 3.45c¢).
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Normal Left and Right Ventricular
Volume and Function

Ralf Wassmuth and Jeanette Schulz-Menger

Introduction

In patients with heart disease, quantification of left and right
ventricular size and function is important for prognosis [1,
2]. Cardiac magnetic resonance imaging is the gold standard
for left ventricular volume and mass. It offers high signal-to-
noise ratio independent from acoustic window or obesity.
The reproducibility is excellent due to outstanding endocar-
dial border definition and standardized imaging planes inde-
pendent from the operator. Spatial resolution is high, while
temporal resolution is satisfactory. Images can be obtained
free of contrast or radiation and are therefore well suited for
regular follow-up.

Typically the assessment of left ventricular (LV) slice and
function represents the initial module within a CMR proto-
col after scout or localizer images have been acquired to
define the position of the heart [3]. Cine loops might even be
acquired after contrast administration, although this will
diminish the excellent contrast between bright blood and
dark myocardium. Increasing the flip angle can compensate
for this effect to a certain extent.
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Sequences

The standard approach to measure LV volume and function
includes steady-state free precession (SSFP) gradient echo
sequences (depending on the vendor platform also known as
TrueFISP, FIESTA, or balanced FFE) [4], with one slice
acquired during a breath-hold of about 10-15 heartbeats.
During each cardiac cycle, a portion of the data is recorded
and later fused to form an averaged movie of ventricular con-
traction. Unlike echocardiography, CMR is currently not a
real-time technique in clinical routine, but near-real-time or
real-time methods are increasingly available.

Both fat and fluid appear bright on SSFP images; there-
fore, the differentiation of epicardial fat and pericardial fluid
can sometimes be difficult. Additional T,-weighted images,
delineating fluid as bright signal, or late enhancement images,
depicting fluid as dark signal, might help. Alternatively, more
technically demanding ways in differentiating fat from water
have been proposed [5, 6].

Higher field strengths offer the possibility to spend the
signal gain in cutting down scan time. On the other hand,
SSFP images may suffer from more artifacts at 3 T than
at 1.5 T.

Positioning

Cardiac imaging requires precise and reproducible angula-
tion of the imaging planes along the cardiac axes. Therefore,
a double-oblique orientation has to be established. The long
axis of the heart usually deviates about 40° left from a true
sagittal axis and 40° downward from the axial plane. It is
important to ensure that the long axis obtained truly hits the
apex as any deviation will result in major foreshortening of
all further measurements. Most centers use fast scout images
for axial slices through the heart, followed by a vertical long
axis through the apex and the middle of the mitral valve.
Based on this, the true long axis can be acquired. A stack of
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short-axis slices aligns rectangular to the true long axis par-
allel to the mitral valve plane.

Slice Orientation and Coverage

Full coverage of the LV with contiguous short-axis slices is
the gold standard approach for quantification for LV size and
mass (Fig. 4.1, Video 4.1). It does not require any geometri-
cal assumptions and represents complete volumetric cover-
age. Kramer et al. suggested a slice thickness of 6-8 mm
with 4-2 mm gap in their updated protocol recommendations
in 2013 [3].

The definition of the most basal slice with its impact on
EDV and EF poses a problem for reproducibility [7]. To
shorten scan time but ensure reproducibility, Messroghli
et al. proposed a “three-out-of-five” approach for the assess-
ment of regional function, prescribing five short-axis slices
but obtaining only three of them [8].

Multi-planar volumetric measurements surpass biplanar
measurements in accuracy and reproducibility regardless of
whether echo or CMR is concerned [9]. Still, for most non-
scientific routine studies regarding normal or close to normal
ventricles in a high-throughput setting, the acquisition of one
mid-ventricular short-axis plus three long-axis loops (four-
chamber view, two-chamber view, three-chamber view;
Fig. 4.2a—c and Video 4.2a—c) may be considered for the
assessment of LV size and systolic function. The choice of

R. Wassmuth and J. Schulz-Menger

protocol also depends on the capability and the speed of the
scanner. Meanwhile, most of the scanners allow for 3D cov-
erage of the whole left ventricle in 3—4 min..

Friedrich et al. compared biplanar long axis with multiple
short-axis measurements and found good overall agreement
between two-dimensional and three-dimensional measure-
ments, although EF was overestimated by biplanar long-axis
measurements. Biplanar long-axis measurements were less
sensitive to detect LV dilation [10, 11]. If LV dilation or consid-
erable remodeling is present or high reproducibility for follow-
up is required, a complete stack of short-axis images is required.

Electrocardiogram Trigger

Most CMR sequences require a robust electrocardiogram
(ECG) trigger to run properly [12]. Vector ECG has been
found less vulnerable to artifacts from the magnetic field
[13, 14]. Alternatively, a pulse trigger can be used for cine
imaging. However, it will change the order of cardiac phases
within the cine loop due to the delay of the peripheral pulse
wave. Retrospective triggering is the method of choice as it
includes late diastole for better coverage of atrial filling
[15]. Prospective triggering underestimates true end-dia-
stolic volume (EDV) and ejection fraction (EF) [15-17].
Considerable variations in the R-R interval and arrhythmias
can compromise image quality; however, many patients
with atrial fibrillation but sufficient rate control can be

Fig.4.1 Stack of diastolic short-axis images from the base (top left) to
the apex (bottom right) of the left ventricle. In the most basal slice (top
left), the anteroseptal thinning indicates the transition into the LV out-
flow tract. In this case obtaining one more slice on each side at the base

and the apex would have been a better choice. Even the right ventricle
might be assessed on these images. However, some users might prefer
axial slices for better definition of the tricuspid valve plane
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Fig. 4.2 (a) Diastolic frame of a four-chamber-view steady-state free
precession cine loop. All four cardiac chambers, the descending aorta,
and a left pulmonary vein are depicted. (b) Diastolic frame of a two-
chamber-view steady-state free precession cine loop. The left atrium

scanned with good results. Future approaches include self-
gated [18] or non-gated image acquisition.

Resolution

The product of repetition time and numbers of k-space lines
acquired determines the temporal resolution in cine imag-
ing. With lower temporal resolution, it is less likely to cor-

and the left ventricle are depicted. (¢) Diastolic frame of a three-
chamber-view steady-state free precession cine loop. The left atrium,
the aortic root, and the left ventricle are depicted. Parts of the right
ventricle are also visible

rectly determine true systole; therefore, EF will be
underestimated. Decreasing spatial resolution also results in
underestimation of EF because of partial volume effect, but
to a smaller extent. Typical spatial resolution in a routine
scan using SSFP sequences is about 1.5 mm/pixel. This will
result in about 5 pixels across the ventricular wall given a
wall thickness of 10 mm. We recommend a high temporal
resolution of 45 ms or less with a spatial resolution of
1.5 mm/pixel [19].
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Fast Imaging

Various techniques are already in use to shorten scan time,
including view sharing and parallel imaging. By these meth-
ods, more than one slice can be acquired per breath-hold.
However, this increment in speed comes with a loss in spatial
resolution and signal-to-noise ratio.

In dynamic imaging like cine or perfusion, modern accel-
eration techniques take advantage of the redundancy of
information throughout the cardiac cycle [20]. From phase to
phase, there is little extra information. This enables limited
data acquisition (undersampling) and extrapolation.
Recently, the concept of “compressed sensing (CS)” has
arrived in the clinical arena. Vincenti et al. acquired a com-
plete stack of short-axis images plus certain long axes in one
breath-hold and achieved similar results as a standard cine
protocol [21].

Great Vessels

The aortic root should be assessed with ECG-triggered SSFP
cine loops, as it rapidly moves throughout the cardiac cycle.
For the aortic root, more specifically oriented views can be
obtained perpendicular to the basic three-chamber view. The
sinus of Valsalva and the sinotubular junction are of impor-
tance for a comprehensive assessment of the aorta. The
ascending aorta and aortic arch can be better delineated with
3D CMR angiography. Details have been described in guide-
lines for multimodality imaging of the thoracic aorta
endorsed by all major imaging societies [22].

The right ventricular outflow tract and the pulmonary
artery are of interest in patients with pulmonary hypertension
and congenital heart disease. Burman et al. provided refer-
ence values in normal volunteers for comparison [23].

Pulmonary veins usually are depicted with a 3D angiogra-
phy covering the whole left atrium. Their anatomy is impor-
tant before pulmonary venous isolation.

Measurements and Evaluation

All major hardware vendors deliver evaluation software for
ventricular function analysis. Moreover several platform-
independent third-party software solutions offer dedicated
and easy-to-use quantification tools. They allow for semi-
automatic contour tracking resulting in less variability than
planning of the slice position itself [24]. For most routine
studies regarding normal or close-to-normal ventricles, we
consider quantification of two or three long-axis loops suf-
ficient for analysis. This can be done in a few minutes [11].
However, users have to be aware that biplanar or triplanar

assessment always relies on geometrical assumptions and
can never offer the same accuracy as full volumetric cover-
age [25]. For grossly abnormal hearts or for precise follow-
up, a stack of short-axis images is required. Based on a
mid-ventricular short-axis image, the phase representing
the minimal volume should be selected for systole and the
phase with maximal volume for end-diastole. Contijoch
et al. demonstrated that end-diastole should be chosen man-
ually instead of automatically, selecting the first or last
phase after the ECG trigger signal to avoid significant devi-
ation in end-diastolic volume [26]. In case of postsystolic
shortening, the end-systolic phase might better be chosen
according to the aortic valve closure than to minimal
volume.

In the absence of sinus rhythm, LV quantification should
be applied with great caution. The standard cine loop is
based on multiple heartbeats. The incorrect assignment of
end-systole can induce inconsiderable deviation from true
volumes and ejection fraction. In those cases real-time tech-
niques might provide an alternative.

It is still a matter of debate whether to include papillary
muscles into myocardial mass (to be preferred theoretically
for better accuracy) or to include it into left ventricular cavity
volume (faster and easier from a practical standpoint for
automatic quantification and for better reproducibility and
precision). Large portions of the myocardial wall have a tra-
becular structure. Even if myocardium looks uniform on
conventional CMR images, autopsy studies and experimen-
tal high-resolution CMR [27] reveal the trabecular structure
of myocardium. In a study by Chuang et al., trabeculations
and papillary muscles accounted for 28% of myocardial
mass [28]. In validation studies comparing CMR to ex vivo
hearts including papillary muscles into myocardium resulted
in better agreement [29, 30]. However, manual contouring of
trabeculations and papillary muscles still is tedious and cum-
bersome work despite all the comfortable software available
[31]. Miller et al. compared in a recent study in 50 patients
“simplified” vs. “detailed” contouring, i.e., exclusion or
inclusion of papillary muscles and trabeculations into myo-
cardial mass [25]. Simplified contouring significantly under-
estimated myocardial mass and EF [25]. Therefore, the
SCMR stated in their 2013 recommendations that ideally
papillary muscles should be assigned to myocardial mass
[32]. Still, it is considered acceptable to include them into
cavity volume, if necessary, for practical reasons.
Alternatively, automatic threshold methods are available
automatically including complex trabecular structures into
myocardial mass. They offer higher reproducibility (i.e., pre-
cision) but less accuracy than manual contouring of trabecu-
lations [25, 33]. Users should refer to normal values using
the same method and specifically state in their report which
method of quantification they use [32].
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There is consensus that in long-axis measurements, the
papillary muscle should be excluded from the wall to avoid
overestimation of ventricular mass [10, 34].

Basal descend: In short-axis evaluation, the most basal
slice has to be defined in a consistent manner. Including or
excluding the basal slice will introduce a large variation in
EDV and LV mass [7]. Correct definition of the basal slice
can have a larger impact on LV mass than the inclusion or
exclusion of papillary muscles [25]. The ventricular myocar-
dium in the most basal slice often looks like a horseshoe
instead of a completely closed ring. It has been proposed to
include a slice if 50% of the myocardial ring is visible [35].
The SCMR has endorsed this rule in their 2013 recommen-
dations [32]. Care has to be taken to start with a correspond-
ing basal systolic slice. Because of the longitudinal shortening
of the heart, the number of systolic slices will often be one or
two less than in diastole.

Ejection fraction (EF), although widely used, is not an
ideal parameter to describe systolic function [36, 37]. There
is a considerable amount of data confirming its prognostic
value, if it is markedly reduced [1]. However, it overesti-
mates the impact of radial function and underestimates lon-
gitudinal function. Due to myocardial fiber orientation,
impairment of longitudinal contraction is an early step in
many diseases. Therefore EF is not a sensitive marker for
early, subtle damage, e.g., after cardiotoxic chemotherapy
[38]. Strain imaging has gained considerable enthusiasm in
the echo world. Global longitudinal strain has proven to be a
stable and clinical meaningful parameter that is more sensi-
tive than EF in many clinical scenarios [37]. CMR is able to
calculate strain [39] and elucidate LV twisting and torsion
patterns [40], but so far it is rarely part of routine imaging.

Left Atrium

Left atrial size increases due to pressure or volume overload.
In diastolic dysfunction, left atrial (LA) size increases as a
result of ventricular resistance to filling. Therefore, LA vol-
ume is prognostically important after myocardial infarction
[41, 42] and in dilated cardiomyopathy [43] and in atrial
fibrillation [44]. Aortic and mitral valve stenosis increase left
atrial pressure. In mitral regurgitation atrial volume overload
induces left atrial enlargement. A comprehensive study of a
patient with heart failure should therefore include a quantita-
tive measurement at least of the left atrium [45].

Various approaches have been proposed for assessment of
LA volume. Biplanar estimation of LA volume is quick and
better than simple area or diameter [46] but depends on geo-
metric assumptions in the same way as 2D echocardiography
does and underestimates true LA volume [47]. Still, a recent
consensus document by European imaging and arrhythmia
experts endorses biplanar LA measurements based on the

area-length method or the disc formula as standard approach
for management of atrial fibrillation [44].

Beyond biplanar measurement CMR can depict the left
atrium in short-axis images simply extending a stack of left
ventricular short-axis images. This volumetric assessment
outperforms biplanar estimation in reproducibility [48].
Dedicated reference values for CMR-based LA dimensions
are available [47, 48]. The 2013 SCMR protocol update and
the guidelines for post-processing do not recommend any
specific approach for left atrial quantification [3, 32].

Due to limited penetration into the depth of the left atrium,
2D echocardiography tends to underestimate LA volume
compared to CMR or CT [45, 49-51].

CMR can quantify the various components of left atrial
function (emptying reservoir, conduit function) [52], but this
is still a matter of research.

Right Ventricle

In contrast to echocardiography and ventriculography, MRI
offers full insight into right ventricular (RV) anatomy and
function in any orientation. Its complex anatomy, smaller
wall thickness, and abundance of trabecular structures have
precluded easy quantification like that available for the
LV. Reproducibility is therefore lower than for the LV [53].

There is still no consensus about the optimal slice orienta-
tion in RV imaging. Many users favor short-axis imaging as
this is often available anyway for LV measurements.
However, LV short axis does not equal RV short axis [54].
Moreover, it may be difficult to define the proximal and dis-
tal end of the RV, that is, the tricuspid valve plane and the
infundibulum. Obtaining an axial stack of cine loops for the
RV is accepted alternative, as indicated by the SCMR recom-
mendations [32]. Axial orientation might improve reproduc-
ibility of RV quantification [54]. In patients suspicious for
arrhythmogenic right ventricular cardiomyopathy, both
short-axis and axial RV images might be recommended [55].
Even in normal volunteers, regional RV contraction patterns
might appear abnormal to the inexperienced investigator;
therefore, regional wall motion abnormalities should be
interpreted with great caution.

The tricuspid valve plane is better defined in long-axis
slices. Therefore RV long axes depicting the tricuspid valve
(Fig. 4.3, Video 4.3) and the RV outflow tract should be added.

For ease of quantification, trabeculations are most often
ignored and assigned to the RV cavity. Animal experiments
demonstrated good agreement between SSFP-based CMR
measurements of RV mass compared to ex vivo data [56].
Altmayer et al. suggested to assess RV myocardial mass in
systole. Their systolic measurements of RV mass in sheep
and human beings were faster and had better reproducibility
than diastolic measurements [57].
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Fig. 4.3 Long axis of the right ventricle, which might be called two-
chamber view of the right ventricle depicting the right ventricle. The
tricuspid valve and the right atrium. This image orientation is based on
four-chamber view cutting through the right ventricular apex and the
center of the tricuspid valve

Right Atrium

Pulmonary hypertension, either due to pulmonary disease or
left heart failure, finally results in right atrial (RA) dilatation.
Therefore assessment of RA size and function is particularly
important in patients with pulmonary hypertension. RA size
and RA function are of prognostic value in pulmonary hyper-
tension [58, 59]. In addition RA imaging is important before
and during RA electrophysiological interventions [60].
Recently, Maceira et al. published RA reference values [61].
They included the right atrial appendage and excluded the cava
veins. This should be taken into account when applying their
data. Within their study Maceira compared complete volumet-
ric short-axis assessment with a biplanar approach. A biplanar
estimation with RA volume = 3.08 x (2C area) + 3.36 x (4C
area) — 44.4 resulted in an excellent correlation with true RA
volume (R? = 0.895) despite underestimation. This was better
than using the mono-planar area-length method [61].

Diastolic Function

A considerable amount of patients do suffer from severe
heart failure despite normal systolic function [62]. Many of
them have a history of hypertension and LV hypertrophy.
Due to difficulties in elucidating the exact mechanism, the
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term “heart failure with preserved ejection fraction’ has been
introduced [63]. Frequently diastolic function is impaired in
those patients.

Assessment of diastolic function is not included in most
routine CMR protocols. Replication of echo parameters is
often felt unsatisfactory as these echo parameters themselves
appear less than optimal due to overlap, pseudonormaliza-
tion, and limited specificity. One of the basic problems is that
diastology is a matter of pressure over volume, whereas pres-
sure cannot directly be measured neither by echocardiogra-
phy nor CMR.

Several approaches have been proposed:

Time-Volume Curves

Contouring the LV cavity not only at end-diastole and end-
systole but throughout the cardiac cycle results in time-volume
curves. Temporal resolution has to be high enough [64] to cal-
culate an E/A ratio corresponding to echocardiography, peak
filling rate, and time to peak filling based on the curves. These
parameters have been used, e.g., for intervention studies in
obesity [65, 66]. However it is time-consuming work that is
valuable for scientific studies but less suited for daily routine.
Higher temporal resolution, as desired, means even more
frames to analyze. LV time-volume curves might also be based
on a biplanar model, which reduces image acquisition and
evaluation time [66]. Automatic contouring can reduce evalu-
ation time with the drawbacks in accuracy discussed earlier
[67]. To further reduce expenditure in scan time and evalua-
tion, Okyama et al. suggested to analyze fractional area change
instead of volume and one diastolic time point only (30% of
diastole) instead of all early diastolic frames [68].

LV Lengthening Velocity

Corresponding to the echocardiographic E”, CMR allows for
measurement of the early diastolic longitudinal lengthening
velocity [66].

Transmitral Flow

Using phase-contrast measurements at the mitral valve plane,
CMR can replicate E/A ratios known from echocardiography
[69]. The Leiden group measured transmitral inflow into the
left ventricle in a three-dimensional way. In addition, they
included mitral valve tracking during the cardiac cycle and
could demonstrate the superiority of 3D flow data compared
to 2D measurements [70].
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Left Atrial Function

Left atrial enlargement alone is a long-term marker of dia-
stolic impairment, as mentioned earlier. In addition, the
assessment of LA function has been used to characterize dia-
stolic function. Farzaneh-Far et al. measured atrial volumes
on a biplanar basis. Left atrial passive emptying fraction was
defined as the difference of maximal LA volume and volume
before atrial contraction divided by maximal volume. They
measured atrial function under dobutamine stress. The failure
to augment atrial passive emptying under stress was associ-
ated with worse outcome and might represent a surrogate for
diastolic dysfunction [52].

Normal Values

Several sets of normal values have been published for CMR
[71-75]. Normal values are not absolute numbers but should
be indexed to body size. Most often, indexing to body sur-
face area is recommended [32]. However, indexing to body
surface area is not satisfactory, as it reduces sensitivity for
slight abnormalities in obese subjects. Ideally, dimensions
are indexed for fat-free (lean) body mass [76-78], but this is
cumbersome and not realistic for clinical routine. Data from
the Framingham offspring study confirm that ejection frac-
tion tends to be higher in females than in males. Moreover
LV mass and size decrease with age [78, 79].

When referring to any normal values, users should be
aware of the details and analyze their data in the same way
the reference data have been analyzed.

Professional athletes have to be evaluated separately as
they often show results outside the normal range for the gen-
eral population, including a mildly increased LV end-
diastolic volume and mildly decreased EF [80].

Comparison to Other Modalities

CMR has been extensively validated against the traditional
imaging modalities as well as against animal models and
autopsy studies [29]. It has been accepted as the gold standard
for LV mass and all cardiac volumes. The excellent reproduc-
ibility of CMR measurements [81] results in fewer patients
required to detect true differences in LV parameters compared
to echocardiography [82]. Therefore, CMR is the method of
choice to conduct scientific studies of changes in LV param-
eters as the sample size decreases significantly [83, 84].
Compared to CMR echocardiography offers higher tem-
poral resolution than CMR. Therefore endocardial border
detection is often suboptimal. This contributes to higher test-
to-test variability in addition to a higher dependency on indi-
vidual operators. On the other hand, there is more experience

with diastolic and strain measurements. Cardiac computed
tomography involves radiation and requires iodinated con-
trast injection. It has its strengths mainly in depicting the
coronary arteries. Due to lower temporal resolution, it is less
suited for dynamic studies of cardiac function. In addition,
functional studies would require full radiation throughout
the cardiac cycle that is otherwise not applied.

Marwick nicely compared the advantages and disadvan-
tages of the various imaging modalities in assessing systolic
LV function [37].

Outlook

The heart failure epidemic [85, 86] will ensure persisting
demand for noninvasive assessment of cardiac function.
Future technical improvements in computer speed and coil
development will allow for CMR imaging of cardiac func-
tion in even shorter scan times with increasing temporal
and spatial resolution. A comprehensive CMR protocol
including cine, scar, and coronary imaging might only last
5 min [87]. Real-time or near-real-time scanning will result
in better image quality we used today with standard
sequences.

References

1. Raymond I, Mehlsen J, Pedersen F, Dimsits J, Jacobsen J,
Hildebrandt PR. The prognosis of impaired left ventricular systolic
function and heart failure in a middle-aged and elderly population
in an urban population segment of Copenhagen. Eur J Heart Fail.
2004:6(5):653-61.

2. Solomon SD, Zelenkofske S, McMurray JJ, Finn PV, Velazquez E,
Ertl G, et al. Sudden death in patients with myocardial infarction
and left ventricular dysfunction, heart failure, or both. N Engl J
Med. 2005;352(25):2581-8.

3. Kramer CM, Barkhausen J, Flamm SD, Kim RJ, Nagel
E. Standardized cardiovascular magnetic resonance (CMR) proto-
cols 2013 update. J Cardiovasc Magn Reson. 2013;15:91.

4. Carr JC, Simonetti O, Bundy J, Li D, Pereles S, Finn JP. Cine MR
angiography of the heart with segmented true fast imaging with
steady-state precession. Radiology. 2001;219(3):828-34.

5. Reeder SB, Markl M, Yu H, Hellinger JC, Herfkens RJ, Pelc
NJ. Cardiac CINE imaging with IDEAL water-fat separation
and steady-state free precession. J Magn Reson Imaging.
2005;22(1):44-52.

6. Kellman P, Hernando D, Shah S, Zuehlsdorff S, Jerecic R, Mancini
C, et al. Multiecho dixon fat and water separation method for
detecting fibrofatty infiltration in the myocardium. Magn Reson
Med. 2009;61(1):215-21.

7. Marcus JT, Gotte MJ, DeWaal LK, Stam MR, Van der Geest RJ,
Heethaar RM, et al. The influence of through-plane motion on left
ventricular volumes measured by magnetic resonance imaging:
implications for image acquisition and analysis. J Cardiovasc Magn
Reson. 1999;1(1):1-6.

8. Messroghli DR, Bainbridge GJ, Alfakih K, Jones TR, Plein S,
Ridgway JP, et al. Assessment of regional left ventricular function:



84

R. Wassmuth and J. Schulz-Menger

Nel

10.

11.

12.

13.

14.

15.

16.

17.

19.

20.

21.

22.

23.

24.

accuracy and reproducibility of positioning standard short-axis sec-

tions in cardiac MR imaging. Radiology. 2005;235(1):229-36.
. Chuang ML, Hibberd MG, Salton CJ, Beaudin RA, Riley MF,
Parker RA, et al. Importance of imaging method over imaging
modality in noninvasive determination of left ventricular volumes
and ejection fraction: assessment by two- and three-dimensional
echocardiography and magnetic resonance imaging. J Am Coll
Cardiol. 2000;35(2):477-84.
Friedrich MG, Schulz-Menger J, Strohm O, Dick AJ, Dietz
R. The diagnostic impact of 2D- versus 3D-left ventricular volu-
metry by MRI in patients with suspected heart failure. MAGMA.
2000;11(1-2):16-9.
Childs H, Ma L, Ma M, Clarke J, Cocker M, Green J, et al.
Comparison of long and short axis quantification of left ventricular
volume parameters by cardiovascular magnetic resonance, with ex-
vivo validation. J Cardiovasc Magn Reson. 2011;13:40.
Gatehouse PD, Firmin DN. The cardiovascular magnetic reso-
nance machine: hardware and software requirements. Herz.
2000;25(4):317-30.
Fischer SE, Wickline SA, Lorenz CH. Novel real-time R-wave
detection algorithm based on the vectorcardiogram for accu-
rate gated magnetic resonance acquisitions. Magn Reson Med.
1999;42(2):361-70.
Chia JM, Fischer SE, Wickline SA, Lorenz CH. Performance of
QRS detection for cardiac magnetic resonance imaging with a novel
vectorcardiographic triggering method. J Magn Reson Imaging.
2000;12(5):678-88.
Feinstein JA, Epstein FH, Arai AE, Foo TK, Hartley MR, Balaban
RS, et al. Using cardiac phase to order reconstruction (CAPTOR):
a method to improve diastolic images. J Magn Reson Imaging.
1997;7(5):794-8.
Kunz RP, Oellig F, Krummenauer F, Oberholzer K, Romaneehsen
B, Vomweg TW, et al. Assessment of left ventricular func-
tion by breath-hold cine MR imaging: comparison of different
steady-state free precession sequences. J Magn Reson Imaging.
2005;21(2):140-8.
Sievers B, Addo M, Kirchberg S, Bakan A, John-Puthenveettil B,
Franken U, et al. Impact of the ECG gating method on ventricular
volumes and ejection fractions assessed by cardiovascular magnetic
resonance imaging. J Cardiovasc Magn Reson. 2005;7(2):441-6.
. Manka R, Buehrer M, Boesiger P, Fleck E, Kozerke S. Performance
of simultaneous cardiac-respiratory self-gated three-dimensional
MR imaging of the heart: initial experience. Radiology.
2010;255(3):909-16.
Miller S, Simonetti OP, Carr J, Kramer U, Finn JP. MR imaging of
the heart with cine true fast imaging with steady-state precession:
influence of spatial and temporal resolutions on left ventricular
functional parameters. Radiology. 2002;223(1):263-9.
Tsao J, Kozerke S. MRI temporal acceleration techniques. J Magn
Reson Imaging. 2012;36(3):543-60.
Vincenti G, Monney P, Chaptinel J, Rutz T, Coppo S, Zenge MO,
et al. Compressed sensing single-breath-hold CMR for fast quan-
tification of LV function, volumes, and mass. JACC Cardiovasc
Imaging. 2014;7(9):882-92.
Goldstein SA, Evangelista A, Abbara S, Arai A, Asch FM, Badano
LP, et al. Multimodality imaging of diseases of the thoracic aorta
in adults: from the American Society of Echocardiography and the
European Association of Cardiovascular Imaging: endorsed by the
Society of Cardiovascular Computed Tomography and Society
for Cardiovascular Magnetic Resonance. ] Am Soc Echocardiogr.
2015;28(2):119-82.
Burman ED, Keegan J, Kilner PJ. Pulmonary artery diameters,
cross sectional areas and area changes measured by cine cardiovas-
cular magnetic resonance in healthy volunteers. J Cardiovasc Magn
Reson. 2016;18(1):12.
Danilouchkine MG, Westenberg JJ, Lelieveldt BP, Reiber
JH. Accuracy of short-axis cardiac MRI automatically derived from

25

26.

217.

28.

29.

30.

31.

32.

33.

34.

35.

36.

37.

38.

39.

40.

41.

scout acquisitions in free-breathing and breath-holding modes.
MAGMA. 2005;18(1):7-18.

. Miller CA, Jordan P, Borg A, Argyle R, Clark D, Pearce K,

et al. Quantification of left ventricular indices from SSFP cine
imaging: impact of real-world variability in analysis methodol-
ogy and utility of geometric modeling. J Magn Reson Imaging.
2013;37(5):1213-22.

Contijoch F, Witschey WR, Rogers K, Gorman J 3rd, Gorman RC,
Ferrari V, et al. Impact of end-diastolic and end-systolic phase
selection in the volumetric evaluation of cardiac MRI. J Magn
Reson Imaging. 2016;43(3):585-93.

Peters DC, Ennis DB, McVeigh ER. High-resolution MRI of car-
diac function with projection reconstruction and steady-state free
precession. Magn Reson Med. 2002;48(1):82-8.

Chuang ML, Gona P, Hautvast GL, Salton CJ, Blease SJ, Yeon
SB, et al. Correlation of trabeculae and papillary muscles with
clinical and cardiac characteristics and impact on CMR mea-
sures of LV anatomy and function. JACC Cardiovasc Imaging.
2012;5(11):1115-23.

Francois CJ, Fieno DS, Shors SM, Finn JP. Left ventricular mass:
manual and automatic segmentation of true FISP and FLASH cine
MR images in dogs and pigs. Radiology. 2004;230(2):389-95.
Fieno DS, Jaffe WC, Simonetti OP, Judd RM, Finn JP. TrueFISP:
assessment of accuracy for measurement of left ventricular mass in
an animal model. ] Magn Reson Imaging. 2002;15(5):526-31.
Patel AR, Mor-Avi V. Are trabeculae and papillary muscles an
integral part of cardiac anatomy: or annoying features to exclude
while tracing endocardial boundaries? JACC Cardiovasc Imaging.
2012;5(11):1124-6.

Schulz-Menger J, Bluemke DA, Bremerich J, Flamm SD, Fogel
MA, Friedrich MG, et al. Standardized image interpretation and
post processing in cardiovascular magnetic resonance: Society for
Cardiovascular Magnetic Resonance (SCMR) board of trustees task
force on standardized post processing. J Cardiovasc Magn Reson.
2013;15:35.

Souto M, Masip LR, Couto M, Suarez-Cuenca JJ, Martinez
A, Tahoces PG, et al. Quantification of right and left ventricu-
lar function in cardiac MR imaging: comparison of semiauto-
matic and manual segmentation algorithms. Diagnostics (Basel).
2013;3(2):271-82.

Bloomer TN, Plein S, Radjenovic A, Higgins DM, Jones TR,
Ridgway JP, et al. Cine MRI using steady state free precession in
the radial long axis orientation is a fast accurate method for obtain-
ing volumetric data of the left ventricle. ] Magn Reson Imaging.
2001;14(6):685-92.

Alfakih K, Reid S, Jones T, Sivananthan M. Assessment of ven-
tricular function and mass by cardiac magnetic resonance imaging.
Eur Radiol. 2004;14(10):1813-22.

Cikes M, Solomon SD. Beyond ejection fraction: an integrative
approach for assessment of cardiac structure and function in heart
failure. Eur Heart J. 2016;37(21):1642-50.

Marwick TH. Methods used for the assessment of LV sys-
tolic function: common currency or tower of Babel? Heart.
2013;99(15):1078-86.

Ewer MS, Lenihan DJ. Left ventricular ejection fraction and
cardiotoxicity: is our ear really to the ground? J Clin Oncol.
2008;26(8):1201-3.

Mordi I, Bezerra H, Carrick D, Tzemos N. The combined incremen-
tal prognostic value of LVEF, late gadolinium enhancement, and
global circumferential strain assessed by CMR. JACC Cardiovasc
Imaging. 2015;8(5):540-9.

Young AA, Cowan BR. Evaluation of left ventricular torsion by
cardiovascular magnetic resonance. J Cardiovasc Magn Reson.
2012;14:49.

Moller JE, Hillis GS, Oh JK, Seward JB, Reeder GS, Wright RS,
et al. Left atrial volume: a powerful predictor of survival after acute
myocardial infarction. Circulation. 2003;107(17):2207-12.



Normal Left and Right Ventricular Volume and Function

85

42.

43.

44,

45.

46.

47.

48.

49.

50.

S1.

52.

53.

54.

55.

56.

57.

58.

Beinart R, Boyko V, Schwammenthal E, Kuperstein R, Sagie
A, Hod H, et al. Long-term prognostic significance of left atrial
volume in acute myocardial infarction. J Am Coll Cardiol.
2004:44(2):327-34.

Rossi A, Cicoira M, Zanolla L, Sandrini R, Golia G, Zardini P, et al.
Determinants and prognostic value of left atrial volume in patients
with dilated cardiomyopathy. J Am Coll Cardiol. 2002;40(8):1425.
Donal E, Lip GY, Galderisi M, Goette A, Shah D, Marwan M, et al.
EACVI/EHRA Expert Consensus Document on the role of multi-
modality imaging for the evaluation of patients with atrial fibrilla-
tion. Eur Heart J Cardiovasc Imaging. 2016;17(4):355-83.
Abhayaratna WP, Seward JB, Appleton CP, Douglas PS, Oh JK,
Tajik AJ, et al. Left atrial size: physiologic determinants and clini-
cal applications. J Am Coll Cardiol. 2006;47(12):2357-63.

Tsang TS, Abhayaratna WP, Barnes ME, Miyasaka Y, Gersh BJ,
Bailey KR, et al. Prediction of cardiovascular outcomes with left
atrial size: is volume superior to area or diameter? J Am Coll
Cardiol. 2006;47(5):1018-23.

Maceira AM, Cosin-Sales J, Roughton M, Prasad SK, Pennell
DJ. Reference left atrial dimensions and volumes by steady state
free precession cardiovascular magnetic resonance. J Cardiovasc
Magn Reson. 2010;12:65.

Hudsmith LE, Cheng AS, Tyler DJ, Shirodaria C, Lee J, Petersen
SE, et al. Assessment of left atrial volumes at 1.5 Tesla and 3 Tesla
using FLASH and SSFP cine imaging. J Cardiovasc Magn Reson.
2007;9(4):673-9.

Agner BF, Kuhl JT, Linde JJ, Kofoed KF, Akeson P, Rasmussen
BV, et al. Assessment of left atrial volume and function in patients
with permanent atrial fibrillation: comparison of cardiac magnetic
resonance imaging, 320-slice multi-detector computed tomogra-
phy, and transthoracic echocardiography. Eur Heart J Cardiovasc
Imaging. 2014;15(5):532—-40.

Kuhl JT, Lonborg J, Fuchs A, Andersen MJ, Vejlstrup N, Kelbaek
H, et al. Assessment of left atrial volume and function: a compara-
tive study between echocardiography, magnetic resonance imaging
and multi slice computed tomography. Int J Cardiovasc Imaging.
2012;28(5):1061-71.

Whitlock M, Garg A, Gelow J, Jacobson T, Broberg C. Comparison
of left and right atrial volume by echocardiography versus cardiac
magnetic resonance imaging using the area-length method. Am J
Cardiol. 2010;106(9):1345-50.

Farzaneh-Far A, Ariyarajah V, Shenoy C, Dorval JF, Kaminski
M, Curillova Z, et al. Left atrial passive emptying function dur-
ing dobutamine stress MR imaging is a predictor of cardiac events
in patients with suspected myocardial ischemia. JACC Cardiovasc
Imaging. 2011;4(4):378-88.

Grothues F, Moon JC, Bellenger NG, Smith GS, Klein HU, Pennell
DJ. Interstudy reproducibility of right ventricular volumes, func-
tion, and mass with cardiovascular magnetic resonance. Am Heart
J.2004;147(2):218-23.

Alfakih K, Plein S, Bloomer T, Jones T, Ridgway J, Sivananthan
M. Comparison of right ventricular volume measurements
between axial and short axis orientation using steady-state free
precession magnetic resonance imaging. J Magn Reson Imaging.
2003;18(1):25-32.

Tandri H, Calkins H. MR and CT imaging of arrhythmogenic car-
diomyopathy. Card Electrophysiol Clin. 2011;3(2):269-80.

Shors SM, Fung CW, Francois CJ, Finn JP, Fieno DS. Accurate
quantification of right ventricular mass at MR imaging by using
cine true fast imaging with steady-state precession: study in dogs.
Radiology. 2004;230(2):383-8.

Altmayer SP, Teeuwen LA, Gorman RC, Han Y. RV mass measure-
ment at end-systole: improved accuracy, reproducibility, and reduced
segmentation time. ] Magn Reson Imaging. 2015;42(5):1291-6.
Sato T, Tsujino I, Ohira H, Oyama-Manabe N, Ito YM, Yamada A,
et al. Right atrial volume and reservoir function are novel indepen-

59

60.

61.

62.

63.

64.

65.

66.

67.

68.

69.

70.

71.

72.

73.

74.

dent predictors of clinical worsening in patients with pulmonary
hypertension. J Heart Lung Transplant. 2015;34(3):414-23.

. Darsaklis K, Dickson ME, Cornwell W 3rd, Ayers CR, Torres

F, Chin KM, et al. Right atrial emptying fraction non-invasively
predicts mortality in pulmonary hypertension. Int J Cardiovasc
Imaging. 2016;32(7):1121-30.

Faletra FF, Muzzarelli S, Dequarti MC, Murzilli R, Bellu R, Ho
SY. Imaging-based right-atrial anatomy by computed tomography,
magnetic resonance imaging, and three-dimensional transoesopha-
geal echocardiography: correlations with anatomic specimens. Eur
Heart J Cardiovasc Imaging. 2013;14(12):1123-31.

Maceira AM, Cosin-Sales J, Roughton M, Prasad SK, Pennell
DJ. Reference right atrial dimensions and volume estimation by
steady state free precession cardiovascular magnetic resonance. J
Cardiovasc Magn Reson. 2013;15:29.

Gandhi SK, Powers JC, Nomeir AM, Fowle K, Kitzman DW,
Rankin KM, et al. The pathogenesis of acute pulmonary edema
associated with hypertension. N Engl J Med. 2001;344(1):17-22.
Senni M, Paulus WJ, Gavazzi A, Fraser AG, Diez J, Solomon SD,
et al. New strategies for heart failure with preserved ejection frac-
tion: the importance of targeted therapies for heart failure pheno-
types. Eur Heart J. 2014;35(40):2797-815.

Krishnamurthy R, Pednekar A, Cheong B, Muthupillai R. High tem-
poral resolution SSFP cine MRI for estimation of left ventricular
diastolic parameters. J Magn Reson Imaging. 2010;31(4):872-80.
Rider OJ, Francis JM, Ali MK, Petersen SE, Robinson M,
Robson MD, et al. Beneficial cardiovascular effects of bariatric
surgical and dietary weight loss in obesity. J Am Coll Cardiol.
2009;54(8):718-26.

Utz W, Engeli S, Haufe S, Kast P, Hermsdorf M, Wiesner S,
et al. Myocardial steatosis, cardiac remodelling and fitness in
insulin-sensitive and insulin-resistant obese women. Heart.
2011:97(19):1585-9.

Mendoza DD, Codella NC, Wang Y, Prince MR, Sethi S,
Manoushagian SJ, et al. Impact of diastolic dysfunction severity on
global left ventricular volumetric filling — assessment by automated
segmentation of routine cine cardiovascular magnetic resonance. J
Cardiovasc Magn Reson. 2010;12:46.

Okayama S, Nakano T, Uemura S, Fujimoto S, Somekawa S,
Watanabe M, et al. Evaluation of left ventricular diastolic function
by fractional area change using cine cardiovascular magnetic reso-
nance: a feasibility study. J Cardiovasc Magn Reson. 2013;15:87.
Bollache E, Redheuil A, Clement-Guinaudeau S, Defrance C,
Perdrix L, Ladouceur M, et al. Automated left ventricular diastolic
function evaluation from phase-contrast cardiovascular magnetic
resonance and comparison with Doppler echocardiography. J
Cardiovasc Magn Reson. 2010;12:63.

Brandts A, Bertini M, van Dijk EJ, Delgado V, Marsan NA, van
der Geest RJ, et al. Left ventricular diastolic function assess-
ment from three-dimensional three-directional velocity-encoded
MRI with retrospective valve tracking. J] Magn Reson Imaging.
2011;33(2):312-9.

Alfakih K, Plein S, Thiele H, Jones T, Ridgway JP, Sivananthan
MU. Normal human left and right ventricular dimensions for MRI
as assessed by turbo gradient echo and steady-state free precession
imaging sequences. J Magn Reson Imaging. 2003;17(3):323-9.
Grebe O, Kestler HA, Merkle N, Wohrle J, Kochs M, Hoher M,
et al. Assessment of left ventricular function with steady-state-free-
precession magnetic resonance imaging. Reference values and a
comparison to left ventriculography. Z Kardiol. 2004;93(9):686-95.
Hudsmith LE, Petersen SE, Francis JM, Robson MD, Neubauer
S. Normal human left and right ventricular and left atrial dimen-
sions using steady state free precession magnetic resonance imag-
ing. J Cardiovasc Magn Reson. 2005;7(5):775-82.

Maceira AM, Prasad SK, Khan M, Pennell DJ. Normalized left
ventricular systolic and diastolic function by steady state free pre-



86

R. Wassmuth and J. Schulz-Menger

75.

76.

7.

78.

79.

80.

81.

cession cardiovascular magnetic resonance. J Cardiovasc Magn
Reson. 2006;8(3):417-26.

Natori S, Lai S, Finn JP, Gomes AS, Hundley WG, Jerosch-Herold
M, et al. Cardiovascular function in multi-ethnic study of ath-
erosclerosis: normal values by age, sex, and ethnicity. AJR Am J
Roentgenol. 2006;186(6 Suppl 2):S357-65.

George KP, Birch KM, Pennell DJ, Myerson SG. Magnetic-
resonance-imaging-derived indices for the normalization of left
ventricular morphology by body size. Magn Reson Imaging.
2009;27(2):207-13.

Dewey FE, Rosenthal D, Murphy DJ Jr, Froelicher VF, Ashley
EA. Does size matter? Clinical applications of scaling cardiac size
and function for body size. Circulation. 2008;117(17):2279-87.
Yeon SB, Salton CJ, Gona P, Chuang ML, Blease SJ, Han Y, et al.
Impact of age, sex, and indexation method on MR left ventricular
reference values in the Framingham Heart Study offspring cohort. J
Magn Reson Imaging. 2015;41(4):1038-45.

Chuang ML, Gona P, Hautvast GL, Salton CJ, Breeuwer M,
O'Donnell CJ, et al. CMR reference values for left ventricu-
lar volumes, mass, and ejection fraction using computer-aided
analysis: the Framingham Heart Study. J] Magn Reson Imaging.
2014;39(4):895-900.

Abergel E, Chatellier G, Hagege AA, Oblak A, Linhart A,
Ducardonnet A, et al. Serial left ventricular adaptations in world-
class professional cyclists: implications for disease screening and
follow-up. J Am Coll Cardiol. 2004;44(1):144-9.

Danilouchkine MG, Westenberg JJ, de Roos A, Reiber JH,
Lelieveldt BP. Operator induced variability in cardiovascular

82.

83.

84.

85.

86.

87.

MR: left ventricular measurements and their reproducibility. J
Cardiovasc Magn Reson. 2005;7(2):447-57.

Grothues F, Smith GC, Moon JC, Bellenger NG, Collins P, Klein
HU, et al. Comparison of interstudy reproducibility of cardiovascu-
lar magnetic resonance with two-dimensional echocardiography in
normal subjects and in patients with heart failure or left ventricular
hypertrophy. Am J Cardiol. 2002;90(1):29-34.

Bellenger NG, Davies LC, Francis JM, Coats AJ, Pennell
DJ. Reduction in sample size for studies of remodeling in heart fail-
ure by the use of cardiovascular magnetic resonance. J Cardiovasc
Magn Reson. 2000;2(4):271-8.

Strohm O, Schulz-Menger J, Pilz B, Osterziel KJ, Dietz R, Friedrich
MG. Measurement of left ventricular dimensions and function
in patients with dilated cardiomyopathy. J] Magn Reson Imaging.
2001;13(3):367-71.

Redfield MM. Heart failure — an epidemic of uncertain proportions.
N Engl J Med. 2002;347(18):1442-4.

Bleumink GS, Knetsch AM, Sturkenboom MC, Straus SM, Hofman
A, Deckers JW, et al. Quantifying the heart failure epidemic: preva-
lence, incidence rate, lifetime risk and prognosis of heart failure
The Rotterdam Study. Eur Heart J. 2004;25(18):1614-9.

Xu J, Kim D, Otazo R, Srichai MB, Lim RP, Axel L, et al. Towards
a five-minute comprehensive cardiac MR examination using highly
accelerated parallel imaging with a 32-element coil array: feasi-
bility and initial comparative evaluation. J] Magn Reson Imaging.
2013;38(1):180-8.



®

Check for
updates

Regional Myocardial Strain
and Function: From Novel Techniques
to Clinical Applications

Yuchi Han, Walter R. Witschey, Kevin Duffy,

and Victor A. Ferrari

Introduction

CMR allows for a highly accurate description of segmen-
tal wall motion and quantitation of contractile function.
The excellent contrast between the endocardium and blood
pool improves measurement of wall thickness, end-diastolic
and end-systolic volumes, and LV ejection fraction using
steady-state free precession (SSFP) images. Advancement in
3D echocardiography techniques has improved upon limi-
tations of geometric assumption, but additional limitations
regarding imaging windows and endocardial definition per-
sist. Computed tomography (CT) has emerged as a new tool
to evaluate cardiac function, but the radiation risk and low
temporal resolution hamper its value in assessing regional
function. CMR has been the noninvasive method of choice
for the evaluation of regional myocardial movement since
myocardial tagging was invented almost 30 years ago. A
number of developments and improvements on the technique
have taken place to improve image resolution, quality, three-
dimensional image acquisition, and scan time. The purpose
of this chapter is to describe the methods and clinical appli-
cations of these techniques for assessment of segmental ven-
tricular function.
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Methods and Techniques
Motion Quantification

Analysis of cardiac motion is closely related to engineering
principles of continuum mechanics. Many aspects of motion
(kinematics) are well beyond the scope of this chapter, and
there are many excellent books [1] and reviews [2] on this
topic. The discussion here is limited to brief definitions of
quantitative motion parameters, such as displacement, strain,
and torsion.

From the viewpoint of kinematics, the heart is a continu-
ous material, and its behavior is the summative property of
many cardiac myocytes, their extracellular space, and nearby
vascular space. This assumption is valid because the MRI
spatial scale (voxel volume ~ 1-40 mm?®) is much larger than
the microscopic scale. The initial position of cardiac muscle
at end-diastole is the reference configuration, and different
positions during the cardiac cycle are the deformed config-
urations. The displacement is the distance and direction of
tissue motion between the reference and deformed configu-
ration, and the displacement field is a description of all tissue
displacements.

The displacement field is also a spatial map that pro-
vides useful information about regional myocardial health.
Ischemic tissue may have reduced displacement in regions
of impaired contractile function. One shortcoming of the dis-
placement field technique is that it reports both regional and
global translation and rotation. Global and regional displace-
ment in opposite directions would be incorrectly interpreted
as impaired function without first accounting for global
displacement.

Myocardial strain is a parameter derived from displace-
ment that simplifies the analysis of myocardial motion.
The concept is that myocardium will undergo local stretch-
ing, shortening, or shearing as it transitions from reference
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to deformed configurations. Strain quantifies local motion
without the influence of confounding global motion.
Unlike tissue displacement, which is an absolute quan-
tity, strain may be defined in several ways. For instance,
Cauchy strain is a dimensionless quantity defined as the
ratio of displacement to a reference length and is expressed
as a percentage.

The myocardial displacement is a 3D vector quantity with
components Ug, Uc, and ug, where the subscripts R, C, and L
refer to local radial, circumferential, and longitudinal wall
coordinates. The Green-Lagrange strain is a tensor quantity
(a 3 x 3 matrix)

€rx €rc €L
E=ley e ey |
e e e

LR LC LL

where the diagonal elements quantify stretch or shrink and
off-diagonal elements measure shear. Strain could also
be reported with respect to the local fiber orientation, also
called the principal strain, a diagonal tensor

The velocity and strain rate are the time rate of change of
displacement and strain, respectively.

CMR Motion Imaging: Strain and Displacement

Normal myocardial architecture consists of ventricular
myocytes organized in helical layers of fiber bundles with
a preferential transmural orientation [3—5]. The maximum
principal strain ey is presumed to correspond to the myocar-
dial fiber orientation. As will be discussed further, both dis-
placement and strain are readily obtained from tagged MRI
and displacement encoding of stimulated echoes (DENSE)
MRI techniques.

Magnetic resonance imaging offers multiple advantages
to radio-opaque marker [6, 7] or ultrasonic transducer
(sonomicrometry) [8, 9] motion tracking for cardiovas-
cular applications, including its noninvasive nature, a
closely packed displacement field, and 3D spatial cover-
age. Numerous MRI methods have been introduced to
quantitatively assess regional myocardial function, and
the scope of topics is broad, so we refer interested readers
to more detailed reviews of MRI methodology [2, 10, 11]
and image analysis [10]. This section will focus mainly on
tagging, displacement encoding (DENSE), strain encoded
(SENC), velocity mapping, and feature tracking MRI
techniques.

Myocardial Tagging

Myocardial tagging refers to MR imaging techniques that
generate noninvasive deformable lines or grids to track myo-
cardial motion. The imaging sequence employs magnetiza-
tion preparation for grid encoding followed by cine MRI to
monitor grid deformation [12, 13]. Spatial modulation of
magnetization (SPAMM) [13] uses a radiofrequency pulse
pair and magnetic field gradient to generate deformable lines
in one dimension, although multidimensional tags allow for
2D or 3D motion field imaging [14].

Computer vision algorithms extract grid deformation and
produce closely packed displacement fields using optical flow
[14-16], image registration [17], deformable models, splines
[18, 19], and Gabor filters [20]. The displacement field spa-
tial resolution is determined by tag grid density and is larger
than the pixel resolution, although most algorithms produce
dense displacement fields at native image resolution [14].
To improve upon magnitude image-based motion detection,
frequency domain detection, called harmonic phase (HARP)
imaging, extracts motion from cardiac phase [21-24].

Validation studies have been performed with sonomicrom-
etry [25, 26] and in vitro systems [27, 28]. Sonomicrometry
exhibited reduced circumferential shortening compared to
tagging, suggesting that the transducers impaired local func-
tion [26].

There are several limitations to myocardial tagging tech-
niques. Tag persistence is associated with myocardial water
spin relaxation (T, and T,) and cine pulse sequence param-
eters. Muscle T, is approximately 1 s at 1.5 T, and tags
are known to fade in the middle and late diastolic cardiac
phases, although it is possible to prolong tag persistence with
increased T at a higher magnetic field strength or with com-
plementary [29] (Fig. 5.1) or cascaded [30] SPAMM.

DENSE Imaging

DENSE performs displacement encoding by using a pair of
magnetic field gradients separated by a mixing period to spa-
tially encode displacement as MR signal phase information
[31]. DENSE displays motion information by regional vec-
tors with motion direction and length representing the magni-
tude of motion. DENSE provides excellent myocardial border
definition since it is based on a black blood sequence and is
highly reproducible and quantitatively equivalent to myocar-
dial tagging sequences in in vivo experiments (Fig. 5.2) [32].

SENC Imaging

SENC is a newer variation of the tagging technique. In
some ways, it is similar to DENSE as its basis is a stimu-
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Fig. 5.1 CSPAMM tagging of a subject at end-diastole (a) and at end-systole (b). Well-adapted CSPAMM sequences provide excellent persis-

tence of tagging into diastole with high spatial and temporal resolution

Fig.5.2 Representative
end-systolic (left column)
displacement, (middle
column) E., and (right
column) E, field maps of a
control, as well as those of a
49-year-old male patient with
nonischemic cardiomyopathy
and ejection fraction of 45%.
These examples demonstrate
the sensitivity of fast cine
DENSE MRI to detect
regional variation in
contractile function.
Compared to the control
subject, the patient exhibited
considerably lower
displacement and magnitude
of E.. and E, (Reprinted from
Feng et al. [32], with
permission from John Wiley
and Sons)

Displacement

Patient

lated echo acquisition mode pulse sequence, but in contrast
to DENSE, the strain information is contained in the mag-
nitude rather than phase images and has the advantages of
measuring high-resolution strain with simple post-process-
ing. In contrast to conventional tagging, SENC is applied
in the through-plane direction by creating a stack of mag-
netization-saturated planes that lie inside and parallel to the
image plane and therefore obtains a through-plane strain
map. SENC has been validated against conventional tag-
ging and has been shown to be accurate and reproducible
(Fig. 5.3) [33].

0.3

Velocity Encoding

Velocity mapping uses a bipolar magnetic field gradient to
encode velocity as MR signal phase information [34, 35].
The maximum encoded velocity, ve,, is set to account for
peak anticipated tissue velocity to prevent aliasing. Long
acquisition times have hampered clinical application and
require prospective respiratory gating to mitigate breathing
motion artifacts. New image acquisition and reconstruction
strategies may reduce total scan times. Self-gating has been
used to derive motion information directly from under-sam-
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Fig.5.3 Strain measurements obtained by SENC and MR tagging. (a)
CINE image (four-chamber view) of a healthy volunteer. (b) Color-
coded functional SENC image in the same plane orientation. Maximum
contraction is illustrated in red. (¢) The circumferential strain results
obtained by SENC. (d) CINE image (short-axis view) of the same
healthy volunteer. (e) Color-coded MR tagging image in the same plane

pled MR images [36] and may improve scan efficiency and
image quality.

Feature Tracking

MR feature tracking (FT) (Fig. 5.4) [37] infers quantitative
motion parameters directly from myocardial tissue features,
such as contours, trabeculations, and other distinctive car-
diac anatomy, with computer vision [38, 39]. Rapid clinical
adoption is now possible since several commercial software
packages are now available, motion is quantified from cine
SSFP images, and no additional MR pulse sequences are
required.

Validation studies showed close correlation between FT
and tagging using HARP analysis in normal subjects, in
Duchenne muscular dystrophy population [40], and in pedi-
atric cancer survivors [41]. Circumferential (ecc) and radial
(err) LV strain appear to be most reproducible [42]. Radial
strain was reported to have the best sensitivity and specific-
ity for detection of postinfarction scar [43]. Reproducibility
and strain values from FT algorithms are also reduced when
derived from post contrast injection cine images [44].

Feature tracking algorithms are currently not standard-
ized, so discrepancies between software have been reported
[45]. Incorporation of myocardial incompressibility con-
straints may potentially improve robustness and preserve
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orientation as the short-axis slice (midventricular) for comparison of
circumferential strain obtained by MR tagging to SENC imaging as
SENC is a technique that uses tag surfaces that are parallel—not
orthogonal—to the image plane. (f) The circumferential strain results
calculated by MR tagging (Reprinted from Neizel et al. [33], with per-
mission from John Wiley and Sons)

physiologic conditions [46]. Large-scale adoption of this
technique and establishing cutoffs to guide clinical practice
are hampered by lack of standardization in sequence param-
eters and analytic tools, but the potential utility of FT con-
tinues to expand.

Clinical Applications
Normal Regional Function

The accurate assessment of regional LV function has been
improved greatly with myocardial tissue tagging. Lima et al.
[25] showed in an animal model that CMR with tissue tag-
ging allows accurate assessment of systolic wall thickening,
with good correlation to invasive methods using sonomi-
crometers. The strongest correlation between MR imaging
and percent systolic wall thickening by sonomicrometer
crystals is achieved by using the three-dimensional volume
element approach, by accounting for obliquity between the
image plane and the left ventricular wall.

In the normal human LV, there is transmural heterogene-
ity of circumferential shortening with endocardial segments
> mid wall > epicardial segments and longitudinal hetero-
geneity of circumferential shortening with apical segments
> basal segments [47]. There are also patterns of regional
heterogeneity of myocardial contraction and relaxation that
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Fig.5.4 Feature tracking in short-axis and long-axis orientation. The figure shows a representative example of the tracking in short-axis and long-
axis orientation of the left ventricle (LV) and the right ventricle (RV) (Reprinted from Schuster et al. [37])

occur with aging resulting in increased apical systolic rota-
tion and reduced apical relaxation [48, 49].

CMR has been the gold standard to evaluate the right ven-
tricular (RV) volume and function. The RV myocardial con-
traction pattern is more difficult to describe as compared to
the LV due to its complex shape and its very thin wall, which
makes strain analysis more challenging. For the left ventri-
cle, a 2D tag grid can be used to track intersection points
within the myocardial wall; however, the RV is too thin for
this to be practical. Instead, investigators have used either 1D
tags or bidirectional tags with tracking of the intersection of
the tag lines with the mid wall of the RV, rather than track-
ing intersection points of grid lines. New techniques such as
SENC are able to provide higher-resolution strain analysis
of the RV [50].

For normal RV regional function, increasing regional
short-axis shortening from the RV outflow tract to the RV
apex has been described using 1D, 2D tagging and SENC
[50-52]. Longitudinal contraction is found to be greater at the
apex and base, with a decrease in mid-ventricular segments
by SENC [50]. The apex also appears to reach peak shorten-
ing earlier than mid-ventricular and basal segments [50].

Myocardial Ischemia
Using myocardial tagging in a radial orientation, Azhari and

Denisova demonstrated that subendocardial dysfunction was
the best discriminant of ischemia [53, 54]. The analysis of

wall motion abnormalities with dobutamine stress echocar-
diography is an established method for detection of myocar-
dial ischemia. CMR has been combined with stress modalities
for the evaluation of CAD. Dobutamine CMR with tag-
ging has been shown to detect significantly more new wall
motion abnormalities than cine imaging alone in a study of
207 patients with known or suspected CAD [55]. Similarly,
combining SENC with dobutamine CMR, Korosoglou et al.
demonstrated the incremental value of strain by detecting
a significantly larger number of patients with ischemia as
compared to wall motion analysis alone [56]. SENC also has
been shown to improve the diagnostic accuracy in detecting
myocardial ischemia during dobutamine stress at an interme-
diate dose as compared to cine imaging, using quantitative
coronary angiography as the standard of reference [57]. In
a study using adenosine triphosphate (ATP) to induce per-
fusion abnormalities in ischemic segments, circumferential
strain by tagging was shown to decrease in ischemic seg-
ments, as opposed to nonischemic segments, where circum-
ferential strain increased compared to resting images [58].

Myocardial Infarction

CMR is also an especially good tool for the detection and
quantification of myocardial infarction (MI). Infarction is a
heterogeneous process involving predominantly the endo-
cardium in smaller infarcts or can be more transmural in
more substantial infarcts. An MI can result in multiple
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patchy areas of necrosis surrounded by viable myocardium.
CMR with tissue tagging can highlight areas of infarction
and can also assess the effects of infarction on the non-
infarcted regions of the ventricle. Circumferential and
longitudinal strains are decreased not only in the infarcted
areas but also in the remote zones in patients with reper-
fused anteroapical infarction [59]. This study also showed
increases in the radius of curvature of the ventricular walls
in both the infarcted and remote zones. A similar study [60]
using tagged CMR and two-dimensional finite element anal-
ysis early after anteroapical infarction clearly demonstrated
decreased wall strain and reorientation of the short-axis vec-
tor of myocardial contraction away from the centroid of the
left ventricle. Early after infarction remote zone hyperfunc-
tion was seen, indicating a possible compensatory increase
in function remote from the infarcted area. Average short-
and long-axis strain values decreased to approximately 25%
of normal in infarcted regions. A third study [61] demon-
strated similar findings of decreased deformation not only in
anteroapical MI but also in infarcts of all coronary distribu-
tions. Together, these findings imply an increase in segmen-
tal wall stress in regions distant from large infarcts resulting
in globally decreased function and frequently leading to a
post-MI chronic cardiomyopathy.

Microvascular obstruction (MO) is an important predictor
of unfavorable remodeling after MI by preventing adequate
healing early after myocardial infarction. This phenomenon
is also referred to as a “no-reflow” territory as seen after
angioplasty of acute infarcts fail to return adequate flow to a
vessel. A canine infarct model has been used to explore the
relationship of the extent of MO and its effect on regional
and global function [62]. Animals with a greater extent of
MO had a significantly greater risk of developing unfavor-
able remodeling within 10 days of infarction as assessed by
CMR functional imaging. Myocardial strain decreased sig-
nificantly in the infarcted regions, and the greater the area of
MO within the infarct, the greater the decrease in myocardial
strain. Not only was strain decreased in infarcted areas but
also in regions adjacent to the infarct with normal perfusion.

Peak systolic circumferential strain measured by SENC
is able to differentiate non-transmural from transmural
infarcted myocardium with high sensitivity and specificity
correlating well with tagging in acute MI [63].

Viability

Assessment of viability is important in the management of
ischemic heart disease because revascularization of dys-
functional but viable myocardium can improve function and
survival. Traditionally, viability can be assessed through the
evaluation of mechanical function (dobutamine echocar-
diography) or perfusion and metabolism (SPECT and PET).

CMR has been developed to also evaluate mechanical func-
tion (dobutamine CMR +/— tagging) or perfusion and metab-
olism (contrast CMR and spectroscopic analysis) in addition
to delayed enhancement to assess myocardial viability.

Low-dose dobutamine echocardiography is an established
method for the detection of viability. As with dobutamine
echocardiography, dobutamine CMR can similarly detect
increased function in dysfunctional but viable myocardium.
When compared to PET, dobutamine CMR correlates well,
with a sensitivity of 88% and a specificity of 87% [64].
Sayad et al. described quantitation of left ventricular wall
thickening using CMR with myocardial tagging in patients
with segmental wall abnormalities at rest [65]. Each subject
underwent CMR scanning with low-dose dobutamine infu-
sion (up to 10 pg/kg/min) at baseline and 4-8 weeks after
revascularization. Using CMR with tagging, resting end-
diastolic and end-systolic wall thicknesses in abnormal seg-
ments at rest were compared with those measured at peak
dobutamine and again after revascularization. It was found
that end-systolic wall thickness after low-dose dobutamine
infusion predicted improvement in segmental function after
revascularization. Alternatively, segments with a resting
end-systolic wall thickness of <7 mm did not improve after
revascularization [65]. 3D myocardial strain analysis using
tagging with low-dose dobutamine can also be used to dif-
ferentiate viable from nonviable myocardium. While at rest,
circumferential strain was decreased compared to controls
in both the viable and nonviable segments. When compared
with resting images, dobutamine stress imaging resulted in
an increase in circumferential strain in the viable segments
and no change in the nonviable segments [66].

Dobutamine CMR with myocardial tagging can also be
used in the setting of revascularized acute myocardial infarc-
tion to predict recovery of function. Geskin et al. performed
tagged dobutamine CMR studies in 20 patients within an
average of 4 days after infarction with revascularization [67].
At approximately 8 weeks, a CMR without dobutamine was
performed to assess for recovery of function. Those patients
with a normal intramyocardial circumferential segment
shortening on the initial study had greater recovery of func-
tion on the follow-up CMR.

Hypertrophic Cardiomyopathy

Hypertrophic cardiomyopathy (HCM), an autosomal domi-
nant genetic disease caused by a defect in one of a number
of genes of the sarcomere, is characterized by left ventricu-
lar hypertrophy and myofibrillar disarray. There are many
morphological variants, and frequently the pattern of hyper-
trophy is asymmetrical. Histologically, patients often have
patchy areas of fibrosis, which may be visualized as areas of
delayed enhancement [68].
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To further characterize contractile function in HCM,
Young et al. [69] performed a strain analysis on 2D SPAMM
tagging CMR images from 7 HCM and 12 normal volunteers.
A 3D finite element model was used to associate the short-
axis and long-axis data. On a regional level, strain analysis
revealed that circumferential shortening was reduced in the
entire septum and most other regions in the HCM patients
when compared to the normal controls. While contractile
function was reduced, left ventricular torsion in the HCM
group was increased by approximately 5° [69].

Similarly, Kramer et al. [70] found prominent regional
heterogeneity using 2D tagging in cardiac function in 10
HCM patients with a predominant pattern of asymmetric
septal hypertrophy vs. normal subjects. While circumferen-
tial shortening was less in the septal, inferior, and anterior
walls, it was not significantly different in the lateral wall.
At all short-axis levels, circumferential shortening was
decreased in HCM, and longitudinal shortening was mark-
edly reduced at the basal septum [70]. A number of reports
also describe the association of decreased myocardial strain
with areas of delayed enhancement using tagging [71] or fea-
ture tracking [72].

Not surprisingly, diastolic function is also abnormal in
HCM. Ennis et al. [73] studied eight patients with HCM
and found that, in addition to decreased systolic strain,
regional diastolic strain was reduced as well. The patients
had decreased early diastolic strain rates, indicative of a pro-
longed early filling phase. The strain rate was then seen to
increase during mid-diastole, signifying a continued slow
filling phase and abnormal relaxation throughout diastole.

On many levels, HCM appears to be a heterogeneous pro-
cess, with regional variability in the degree of wall thickness,
the pattern of delayed enhancement, and contractile function.

Pressure Overload Left Ventricular
Hypertrophy

Patients often develop concentric left ventricular hypertro-
phy (LVH) as a result of disorders associated with elevated
afterload, such as systemic hypertension or aortic stenosis.
Compensatory hypertrophy may also lead to contractile
dysfunction. Palmon et al. [74] studied 30 patients with
hypertension and concentric LVH using SPAMM tagging
to more accurately quantitate regional contractile function.
Circumferential and longitudinal shortening was depressed
by approximately 5-10% when compared to normal vol-
unteers. Unlike the normal volunteers, patients with hyper-
tensive LVH had regional variability with the greatest
circumferential shortening occurring in the lateral wall and
the least shortening occurring inferiorly.

Patients with concentric LVH and preserved systolic
function in large cohort studies such as MESA (Multi-Ethnic

Study of Atherosclerosis) were evaluated with CMR. Rosen
et al. [75] analyzed tagged CMR studies in 441 such patients
with the HARP analysis method and found that, as with
previous smaller trials, left ventricular systolic strain was
decreased. This reduction in strain had regional variability
with a more pronounced effect in the LAD distribution. In
another analysis of the MESA patients, Edvardsen et al. [76]
studied 218 patients with concentric LVH and found no dif-
ference in systolic strain between the LVH patients and the
normal controls but found a noticeable difference in diastolic
function where the LVH patients had significantly reduced
regional diastolic strain rates signifying a more prolonged
and slower diastolic relaxation.

Dilated Cardiomyopathy

In the endocardium, both fiber and cross-fiber shorten-
ing are greatly reduced in dilated cardiomyopathy (DCM)
[77]. Myocardial strain analysis has allowed assessment of
mechanical dyssynchrony in DCM which is a key predictor
for responsiveness to LV pacing [78]. Regional heterogene-
ity has been demonstrated in DCM using tagging with the
anteroseptum and inferoseptum as most affected segments
and the inferolateral wall as the least affected segments as
compared to normal [79, 80]. A great majority but not all
patients with LBBB demonstrate systolic lengthening in
the septum shown by myocardial tagging and consequently
greater dyssynchrony compared to non-LBBB patients [81].
There is a decrease in systolic torsion magnitude in DCM in
addition to discontinuing counter-clock rotation of the apex
before end-systole [82].

Valvular Heart Disease

While the heart valves may be evaluated by CMR through
direct visualization of the leaflets and quantification of regur-
gitation volume through phase contrast methods, the impact
of ventricular remodeling with abnormal loading conditions
can be best evaluated by CMR.

In the pressure overloaded state of severe aortic steno-
sis, there are contractile abnormalities as with hypertensive
heart disease. Stuber et al. [83] reported in patients with
aortic stenosis that torsion was significantly increased and
diastole was delayed, as indicated by late peak diastolic
untwisting. Similar results were reported by Nagel et al. [84]
showing that maximal systolic torsion was increased in the
aortic stenosis patients (from 8° to 14°) and that diastolic
untwisting was delayed and prolonged. The abnormal patho-
logic changes associated with the high afterload state of
aortic stenosis can actually be reversed, as demonstrated by
Sandstede et al. [85] in their study of 12 patients with aortic
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stenosis who underwent aortic valve replacement. Compared
with eight healthy volunteers, the aortic stenosis patients
prior to valve replacement had significantly higher torsion
(25° compared to 14°). One year after surgery, the apical tor-
sion had normalized to 16°.

Aortic regurgitation (AR), due to the increased volume
and pressure load on the left ventricle, leads to left ventricu-
lar dilatation and eccentric hypertrophy. Optimal timing for
surgery can be difficult to determine, as patients may remain
relatively asymptomatic even as their left ventricle becomes
markedly abnormal. The quantification of regional left ven-
tricular function using tagged CMR could potentially detect
subtle changes in myocardial function, which could herald
the need to replace the aortic valve prior to the develop-
ment of irreversible LV dysfunction. However, the results
of myocardial strain in chronic AR patients are less than
useful. Ungacta et al. [86] studied six patients with chronic
severe aortic insufficiency using tagging pre and post AVR
and showed no difference in various contractile parameters
such as global circumferential shortening or radial thicken-
ing compared to controls. The postsurgery study 5 months
later also showed no significant difference in overall circum-
ferential shortening or radial thickening despite a decrease in
LV volume and a return to a more normal ventricular geom-
etry as compared to controls. On a regional basis, however,
posterior wall strain was reduced [86]. In a later study of 14
chronic AR patients, [87] the pre-surgery strain was not dif-
ferent compared to controls. At 28 + 11 months of follow-up
post AVR, 3D minimum principal, longitudinal, and circum-
ferential strain were decreased as compared to controls.

Severe mitral regurgitation (MR) can result in abnor-
mal myocardial contractile function, despite having normal
global parameters such as ejection fraction. Mankad et al.
[88] studied regional strain in seven patients with severe
mitral regurgitation before surgery and again approximately
8 weeks after surgery. Prior to surgery, maximum strain
(similar to radial thickening) was increased compared to nor-
mal and became even greater after surgery. Prior to surgery,
minimum strain (comparable to circumferential shortening)
was decreased compared to normal and further declined after
surgery. Heterogeneity of myocardial longitudinal and cir-
cumferential strains are also demonstrated in chronic MR,
shown as decreased strain in the LV septum and increased
strain in the LV lateral wall in 15 patients with asymptomatic
chronic severe MR [89].

Pericardial Disease

The pericardium can be well visualized with CMR, despite
having an average thickness of 1.5-2 mm [90]. Differentiating
between constrictive pericarditis and restrictive cardiomyop-
athy can often be difficult; CMR adds additional informa-

tion in these cases. In addition to more clearly defining the
anatomic structure of the pericardium through standard cine
CMR imaging, tagged CMR allows the interpreter to discern
whether the pericardium is adhered to the heart [91]. In nor-
mal hearts, the pericardium and the underlying heart move
independently, where the underlying myocardium twists
and the overlying pericardium does not (a relative “sliding”
motion of the visceral and parietal pericardium). This can be
visualized by using 1D- or 2D-tagged CMR. At end-diastole
the tag lines cross both the pericardium and myocardium,
and with systole, the visceral pericardial/myocardial tags
move together and become displaced relative to the parietal
pericardium and its tags in normal hearts. In cases of con-
striction, since the parietal pericardium is often adhered to
the underlying visceral pericardium/myocardium, no slid-
ing motion occurs, and the parietal pericardial tags remain
aligned, and move and deform with, the visceral pericar-
dium/myocardium and the associated tag lines. It is impor-
tant to remember that constriction is a complex diagnosis
and that the presence of pericardial adhesion(s) alone is not
pathognomonic for the diagnosis.

Right Ventricular Function

The ability to accurately assess global and regional right
ventricular (RV) function is very valuable in the study of
diseases affecting the RV such as pulmonary hypertension,
congenital heart disease, and arrhythmogenic RV dysplasia/
cardiomyopathy (ARVD/C).

Fayad et al. [51] showed that in normal patients, RV
regional shortening was not uniform, and in the pulmonary
hypertension patients, both short- and long-axis regional
shortening was decreased, most prominently in the RV out-
flow tract and the basal septum. In 21 patients with pulmo-
nary arterial hypertension (PAH), high temporal resolution
(14 ms) tagging MRI was performed, and Marcus et al.
showed that there is left-to-right delay caused by lengthening
of the duration of RV shortening, which is correlated with
leftward septal bowing and decreased LV filling [92]. Voeller
et al. further investigated RV strain change as a response
to mild pressure overload versus severe pressure overload
before the occurrence of RV dilation in a canine model [93].
They demonstrated that in mild RV pressure overload, there
was no change in RV strain or function as compared to severe
RV pressure overload, where there was a significant decrease
in RV circumferential strain, with RV filling became depen-
dent on the RV conduit function [93].

Bomma et al. [94] studied global and regional right
and left ventricular function in patients with ARVD/C and
found that global RV systolic function was reduced and
RV volumes were increased in these patients as compared
to controls. Both of these findings were more pronounced



5 Regional Myocardial Strain and Function: From Novel Techniques to Clinical Applications 95

toward the base of the RV. Tandri et al. [95] performed
assessment of regional RV function in 20 patients with
idiopathic right ventricular outflow tract (RVOT) tachycar-
dia and found no difference in global and regional param-
eters as compared to controls. These results argue against
the hypothesis that RVOT tachycardia may be an early form
of ARVD/C.

In congenital heart disease, tagged CMR may provide
a more quantitative approach to assessment of ventricular
function that could permit more precise titration of medica-
tions or choice of surgical approaches based on long-term
functional measures [96]. In a recent report of 372 patients
with repaired tetralogy of Fallot, LV circumferential strain
and RV longitudinal strain using feature tracking from cine
images emerged as predictors of adverse outcome, inde-
pendent of QRS duration, ejection fraction, ventricular vol-
umes, New York Heart Association class, and peak oxygen
uptake [97].

Conclusions

CMR methods are powerful tools for noninvasive assess-
ment of regional left and right ventricular function. As
modern cardiovascular care involves more difficult deci-
sion-making, the need exists for a greater understanding
of the complex three-dimensional contractile patterns of
both ventricles. An integrated knowledge of the effects of
through-plane motion, torsional displacement, and strain
measurements independent of incident ultrasound beam
angle are only a few of the advances that modern CMR
techniques have provided. The clinical applications for
these methods continue to expand. Evaluation of cardio-
myopathies, myocardial viability, ventricular remodeling,
and assessment of patients for resynchronization therapy
are examples of disorders where CMR has elucidated a
new understanding of the mechanisms underlying these
processes. More rapid acquisition and analysis methods,
some of which are nearing clinical use, will further expand
the clinical utility of these tools. The emergence of feature
tracking techniques on cine CMR holds the potential to rap-
idly advance the application of myocardial regional assess-
ment in heart diseases.
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Techniques for MR
Perfusion Imaging

Michael Jerosch-Herold

Introduction

Outside the field of MRI, most techniques for myocardial
perfusion imaging rely on the detection of injected tracers to
assess myocardial blood flow and detect ischemia. Examples
are tracers that emit gamma rays for single-photon emission
tomography or tracers that scatter ultrasound waves, such as
injected gas-filled bubbles. With MRI, blood-borne contrast
agents can be used to assess myocardial perfusion. The pres-
ence of the contrast agent in tissue is detected through its
effects on the local T1 and T2 relaxation times of 1H nuclei.
An alternative approach for assessing myocardial perfusion
without using an exogenous contrast agent relies on selec-
tively “labeling” 1H spins and detecting the signal changes
that are induced by tissue blood flow carrying “labeled” 1H
spins in or out of an image slice. Though the absence on
contrast agents makes arterial spin labeling an attractive
proposition, its use is limited by the relatively small signal
changes that need to be detected for quantifying myocardial
perfusion. This chapter will focus foremost on contrast-
enhanced perfusion imaging, as it remains the most widely
used approach for myocardial perfusion imaging.

A paramagnetic contrast agent alters the T1 and T2/ T2*
relaxation properties of 1H nuclei in its vicinity. If a contrast
agent is injected as a bolus, then the relaxation properties of
the blood and myocardial tissue vary with time and reflect the
passage of the blood-borne contrast. The detection of the tran-
sit of the contrast agent through the coronary perfusion bed
therefore relies on the use of MR pulse sequences that are sen-
sitive to particular relaxation properties, either the transverse
or the longitudinal relaxation with characteristic time con-
stants, T2/ T2* and T1, respectively. For the heart, the prefer-
ence for T1-weighted over T2*-weighted perfusion imaging is
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Myocardial

based on several factors: (1) T1-weighted perfusion imaging
gives rise to positive signal enhancement during the first pass,
rather than signal loss, and results in well-delineated cardiac
structures during the first pass of the contrast bolus. The rela-
tively large vascular volume in the myocardium compared to
perfusion beds in other organs, and the relatively rapid leakage
of many gadolinium-based contrast agents into the interstitial
space result in sufficient T1-based contrast-to-noise during the
first pass of a contrast agent. (2) T,*-weighted perfusion imag-
ing generally requires relatively long echo-times compared to
T1-weighted techniques, and is therefore more sensitive than
T)-weighted imaging to susceptibility artifacts (e.g., from the
bolus of contrast in the LV cavity during its first pass through
the heart), magnetic field inhomogeneities, and flow or motion.
T2*-weighted techniques are almost never used today for car-
diac perfusion imaging.

An important limitation of MR cardiac perfusion imaging
has been the incomplete spatial coverage of the heart, which
is increasingly being overcome by imaging acceleration
techniques. Imaging acceleration techniques are today cru-
cial for enabling more complete coverage of the heart in car-
diac perfusion studies. A substantial portion of this chapter
will therefore be dedicated to imaging acceleration tech-
niques for cardiac perfusion imaging.

Pulse Sequence Techniques

Pulse sequence techniques for myocardial perfusion imaging
are generally designed to give a strongly T1-weighted signal.
T1 weighting (and only a weak dependence on T2 or T2%) is
achieved in myocardial perfusion imaging by preceding the
image read-out by a magnetization preparation, either in the
form of a magnetization inversion or a magnetization satura-
tion. A magnetization preparation allows to tune the
T1-weighting to the range of T1 times that occur during the
first pass of a contrast bolus, compared to primarily relying on
the repetition time (TR) and flip angle in the image read-out.
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The image acquisition needs to be performed as rapidly as
possible, and for this reason, a magnetization preparation is
combined with a “single-shot” image read-out. The term
“single shot” refers here to performing all image encoding
steps in rapid succession (i.e., with short echo and repetition
times) as a single block after a magnetization preparation.
Various forms of image read-out are being used, depending
on field strength and MRI scanner hardware (e.g., speed of
gradient system). Common choices are gradient-echo imag-
ing with or without steady-state free precession and using
different forms of k-space trajectories, echo-planar imaging,
and hybrids of these techniques.

Figure 6.1a shows images acquired in a patient during the
first pass of a contrast agent bolus (0.03 mmol per kg body
weight of Gd-DTPA) with a T1-weighted imaging gradient-
echo fast low-angle single-shot (FLASH) technique with
saturation preparation. Contrast enhancement is highest in
the ventricular cavities, typically by a factor 4-5 compared
to the myocardium when extracellular contrast agents are
used. The curves in Fig. 6.1b show how the signal intensity
changes during the course of the contrast transit, in myocar-
dial regions and in the left ventricular blood pool.

Fig. 6.1 The top row shows a
subset of images collected in
a patient during the first pass
of an IV injected bolus of
Gd-DTPA contrast

(0.03 mmol/kg) ona3 T
scanner (Philips Intera) with a
parallel imaging acceleration
factor of 1.8. Contrast
enhancement is first observed
in the right ventricular (RV)
cavity, then in the left

ventricular (LV) cavity, and 60 |
followed by myocardial
contrast enhancement. This 40 r

particular patient had a
perfusion deficit in the
inferior septum. Two signal
intensity curves are shown in 0

201

Myocardial Sl [a.u.]

With magnetization-prepared T,-weighted perfusion
imaging, the T1 weighting is effectively determined by the
time interval between saturation or inversion preparation and
the read-out of the low spatial frequencies (i.e., central
k-space lines) during image acquisition. For the saturation-
recovery preparation, the delay time before the beginning of
the image read-out is generally only 10-20 ms, when a linear
phase-encoding order is used for the image read-out, i.e., the
time between the beginning of the image read-out and the
acquisition of the central k-space lines gives additional time
for saturation recovery. For an inversion recovery, one often
needs to have a longer delay (“inversion time” TI) between
inversion pulse and image read-out so that the signal inten-
sity is close to null before contrast administration.

Figure 6.2 shows a comparison of the dependence of the
FLASH signal on R1 (=1/T1) for three different forms of T1
weighting, namely, image acquisition without a magnetiza-
tion preparation, and with a saturation recovery or inversion
recovery preparations, respectively. (It is assumed that a
couple of images were already acquired with a repetition rate
corresponding to the heart rate, for reasons that will be clari-
fied below.) The signal intensity was expressed as percentage

anterior (ANT)

inferior-septal (IFS)
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20 30 40 50 60 70
Time [sec]

signal intensity in an anterior 0 10
and inferior septal myocardial
sector in each acquired image. 350 :
The SI curve for the inferior
septal sector shows delayed 300 +
contrast uptake, with a slower 2501
rate of enhancement and —
lower peak enhancement, than i 200+
in the anterior sector % 150}k
>
= 100}
50+
[} ===0=%
0 10

20 30 40 50 60 70
Time [sec]



6 Techniques for MR Myocardial Perfusion Imaging

101

40 . . . . . T T T
TR/TEAlip=2.4/1ms/18°

35} 1
30+ no prep. E
25t
20+

15+

SI/ SI(TRA—>e) [%]

10+

IR prep.
0 . . . . . . . .

1 2 3 4 5 6 7 8 9 10
Ry [1/s]

Fig. 6.2 The signal intensity measured with a fast gradient-echo read-
out (TR/TE/Mlip = 2.4/1 ms/18°; 80 phase-encoding steps with linear
ordering) was simulated for a range of R1 values and for three different
acquisition schemes, with an inversion recovery (SR) preparation, an
inversion recovery (IR) preparation, and without any magnetization
preparation before the FLASH read-out. The range of R1 values corre-
sponds roughly to R1 changes in the LV cavity that occur with the tran-
sit of a bolus of Gd-DTPA contrast at a dosage of 0.05 mmol per kg of
body weight. The IR preparation gives the largest dynamic range for the
SI changes, while the dynamic range is smallest when no magnetization
preparation is used, and in this latter case, the relation between SI and
R1 also deviates markedly from a linear relationship. TRA-time for rep-
etition of image acquisitions; TR-time for repetition of radio-frequency
pulses in image read-out; TE: time to echo

of the equilibrium signal intensity (i.e. the signal intensity
when the time for repetition of image acquisitions becomes
very long, or TRA —e). The lowest R1 value in the graph
(1 s71) is in the vicinity of the “native” T1 of the blood and
myocardium, i.e., before any administration of a contrast
agent. With a bolus of ~0.1 mmol of Gd-DTPA per kg of
body weight, R1 can peak at values as high as 10-15 s~! in
the ventricular blood pool [1]. Over the range of R1 values
from ~1 s~ to 10 s7!, a fast low-angle gradient-echo read-out
with inversion recovery preparation shows the largest
dynamic range for signal intensity (SI) changes, followed by
the same type of image read-out with saturation recovery
preparation, and finally the image read-out without any mag-
netization preparation. The pre-contrast signal is here lowest
with the IR preparation, leading to high-contrast enhance-
ment, defined as percent signal intensity increase during
transit of a contrast bolus, relative to the pre-contrast signal.
Visual perceptibility increases with the grayscale dynamic
range. Percent contrast enhancement relative to the pre-
contrast signal is often used as a metric to assess perceptibil-
ity of contrast enhancement in perfusion studies.

While the T1 rate constant (1/T1) in the blood is linearly
proportional to the concentration of contrast agent, a similar
approximately linear relationship between signal intensity

(SI) and R1 or tracer concentration can be achieved with
T1-weighted imaging only over a limited range of contrast
concentrations. The linearity range can be tuned by adjusting
the time after saturation (TS; time between saturation pulse
and read-out of central k-space lines) or inversion (TI). A
very short TS will result in a wider range of R1 values over
which the relation of SI vs. R1 is approximately linear. But a
wider linear range also implies that for a given change in R1,
the resulting SI change is smaller, because the dynamic range
has an upper limit that is set by the proton density-weighted
SI. If we refer to the ratio of the change (A) in SI, for a given
change of AR1 (ASI/(AR1) as R1 sensitivity, then a lower R1
sensitivity of the signal means that areas with reduced myo-
cardial blood flow may be more difficult to detect, relative to
normally perfused myocardium. Maintaining linearity for
the signal changes during the first pass of the contrast agent
has to be balanced against the requirement of good sensitiv-
ity for detection of hypoperfusion.

Although saturation of the magnetization reduces the T1
sensitivity compared to an inversion pulse, it has the distinct
advantage that the T1 weighting is independent of any previous
“history” of the 1H magnetization — the longitudinal magneti-
zation component is nulled by the SR preparation. Myocardial
perfusion imaging is in generally ECG-gated. As shown in
Fig. 6.3, the magnetization does not fully recover between
applications of the magnetization preparation for normal heart
rates, because T1 is of the same order of magnitude as the dura-
tion of the cardiac cycle. With an IR preparation, the degree of
magnetization inversion will depend on the degree to which the
magnetization recovered in a previous heart interval, and this
introduces a dependence of the signal intensity on heart rate.
Fluctuations of the signal intensity are introduced by heart rate
irregularities. This type of heart rate-dependent fluctuations
can be avoided by using a magnetization saturation preparation
[2]. Use of the saturation recovery preparation also lends itself
well to use in multi-slice perfusion imaging [3] as illustrated in
Fig. 6.4. Omission of the magnetization preparation results in
poorer contrast enhancement, compared to the use of an IR or
SR magnetization preparation, and is therefore rarely used for
myocardial perfusion imaging.

Perfusion Imaging with Steady-State Free
Precession

During gradient-echo imaging, the gradient pulses applied for
slice selection, phase encoding, and gradient-echo generation
and read-out result in a position-dependent phase of the trans-
verse magnetization, which can be reversed by applying addi-
tional gradient pulses to refocus the transverse magnetization
before the next radio-frequency pulse. Balancing the areas
under the positive and negative gradient waveform lobes dur-
ing each repetition interval (TR), combined with toggling of
the radio-frequency excitation pulses between positive and
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Fig. 6.3 (a) Illustrates a pulse sequence with a saturation recovery
(SR) magnetization preparation applied after detection of the R wave on
the ECG, followed by a fast, low-angle (single-) shot (FLASH) gradi-
ent-echo image acquisition with linear phase-encoding order. (b) Shows
the evolution of the longitudinal magnetization after a saturation recov-
ery magnetization preparation, followed by a fast gradient-echo read-
out, and a period of undisturbed relaxation recovery. The rapid
application of radio-frequency pulses during the image read-out alters
the shape of the relaxation recovery, giving rise to a shorter effective
T1* relaxation time constant, than for the undisturbed relaxation recov-
ery. With a linear phase-encoding order, the overall image contrast, set
by the timing for reading out low spatial frequencies (“low k-space”),
corresponds approximately to the signal acquired in the middle of the
image acquisition. The vertical line labeled “CE” shows the differences
in signal for T1 = 200 ms and T1 = 800 ms at this midpoint of the image
read-out. An advantage of the SR preparation is independence of con-
trast enhancement (CE), from the duration of the period of undisturbed
relaxation, or the heart rate, as the longitudinal magnetization is reset to
zero before each image read-out

negative flip angles (+a), results in steady-state free precession
with minimal “spoiling” of transverse magnetization, except
due to T2/T2* relaxation and off-resonance shifts. Most
importantly, one overcomes the limitation of the Ernst angle
and can use higher flip angles () than feasible with spoiled
gradient-echo imaging to achieve a higher signal-to-noise
ratio. A preparation consisting of a radio-frequency pulse with
flip angle a/2 preceding by TR/2, the subsequent string of
+a-pulses with repetition time (TR) for the image acquisition,
helps to attain the steady state more efficiently at the begin-
ning of the image read-out. Fast imaging with steady-state pre-
cession (SSFP) produces a signal with weighting proportional
to T2/T1 at a fixed flip angle: the SSFP signal increases with
T2 and with 1/T1. It is therefore feasible to use SSFP for

T1-weighted imaging of contrast enhancement. A limitation
of SSFP is its susceptibility to produce dark banding on
images. These dark bands are centered at off-resonance fre-
quency shifts with a resultant phase shift over a repetition time
(TR) equal to m/2, i.e., where the RF pulse at the end of a TR
period will not transform transverse magnetization into longi-
tudinal magnetization. The effect can be mitigated by shorten-
ing TR such that the phase shifts building up during a repetition
time (TR) are considerably less than n/2 within the field of
view or over the heart. For cardiac perfusion imaging, the
appearance of banding artifacts can be exacerbated by the pas-
sage of a contrast bolus through the cardiac chambers, which
can cause frequency shifts depending on how much the blood
is loaded with gadolinium contrast. The effect can lead to mea-
surable frequency shifts on the order of 50-100 Hz, with stan-
dard contrast dosages [4]. At field strengths of 3 Tesla and
higher, SSFP read-outs generally lead to unacceptable image
artifacts during bolus transit, and gradient-echo techniques are
used predominantly without SSFP for perfusion imaging at
3 T or higher field strengths.

Perfusion Imaging Artifacts

Perfusion image artifacts, and in particular one type of arti-
fact that occurs at the endocardial border in the form of a
“dark rim,” can significantly impair the diagnostic perfor-
mance of myocardial perfusion imaging. The dark-rim arti-
fact (DRA) has acquired particular notoriety because it can
be mistaken for a narrow zone with reduced blood flow in the
endocardial layer and lead to false-positive diagnosis of
hypoperfusion. The origin of DRAs remains somewhat con-
troversial as there are at least two competing mechanisms
that can give rise to DRAs. One is tied to the limited number
of Fourier-encoding steps that are performed during image
acquisition, a limitation that applies in particular to the
phase-encoding direction. Fourier reconstruction gives rise
to an artifact at anatomical borders with sharp changes in
signal intensity (e.g., between the LV blood pool and myo-
cardium during the first pass of contrast), which manifests
itself as an undershoot at the foot and an overshoot of the
reconstructed signal at the top of a steplike signal change.
This artifact is known as Gibbs ringing, in honor of the nine-
teenth-century American physicist Josiah Willard Gibbs who
described its occurence as a result of Fourier reconstruction
of a signal. In the case of myocardial perfusion imaging,
such a sharp steplike jump in signal intensity occurs during
peak contrast enhancement in the left ventricular cavity and
before the myocardium has undergone appreciable contrast
enhancement. The undershoot of the reconstructed signal at
the LV cavity border can manifest itself as a “dark rim,” and
this artifact is most prominent at a border perpendicular to
the phase-encoding direction, as the sampling density in the
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Multi-slice SR-prepared perfusion imaging
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Fig. 6.4 The pulse sequence technique illustrated in Fig. 6.3 can easily
be generalized to a multi-slice technique, as shown in this diagram. The
saturation recovery (SR) preparation generally does only take 1015 ms
and can therefore be repeated for each slice, although it should prefera-
bly be slice non-selective, to avoid alteration of the T1 contrast in the
blood pool due to inflow of “unprepared” spins. The image read-out,
chosen in the above diagram to be a fast low-angle single-shot (FLASH)

read-out direction is generally higher. (The under- and over-
shoot are of similar magnitude, but relative to the high signal
intensity in the blood pool, the overshoot is not noticeable.)

DRASs may not be entirely due to Gibb’s ringing and also
be caused by intra-voxel dephasing of the magnetization at
anatomical borders separating regions with different mag-
netic susceptibilities. What both possible mechanisms have
in common is that they will tend to become more pronounced
as one increases the injected contrast dosage. Intra-voxel
dephasing will also tend to be more prominent when the
voxel dimension in a given direction is larger, and therefore
the preferential appearance of the dark-rim artifact perpen-
dicular to the phase-encoding direction cannot be used as
proof that it, rather than Gibbs ringing, is the culprit.

For perfusion imaging based on Cartesian k-space trajec-
tories (i.e., parallel lines of data points are acquired in
k-space), one can try to increase the number of phase encod-
ings to reduce the appearance or prominence of DRAs. With
the SSFP techniques, the appearance of subendocardial
black “banding” artifacts during wash-in of contrast into the
LV cavity is more frequently observed than with spoiled
gradient-echo imaging, though with SSFP imaging, one gen-
erally can achieve higher in-plane resolution which makes
the DRA less prominent. Switching to non-Cartesian k-space
trajectories, like the one used for radial or spiral imaging,
may be a more effective strategy to avoid DRAs [5].

acquisition, can be replaced by different image read-out modules such as
echo-planar acquisitions or spiral scanning. Nevertheless the FLASH
read-out is one of the more robust approaches, allowing application over
arelatively wide range of magnetic field strengths. Of note in the FLASH
images in the bottom row is the absence of any banding artifacts despite
intersecting slice planes, which is a benefit of the SR preparation,
repeated here for each slice before acquiring the respective image

Arterial Input Sampling

For a quantitative assessment of myocardial perfusion, one
has to take into consideration the characteristics of the
contrast agent injection. The kinetics of the transit of the
contrast bolus through the LV cavity determines the rate of
myocardial contrast enhancement. The myocardial con-
trast enhancement can be modeled as linear response to the
arterial input of contrast, if the signal intensity in both the
myocardial tissue and the blood pool changes linearly with
contrast concentration. For the quantification of myocar-
dial perfusion, one therefore needs to measure both the
myocardial response and the arterial input [6].

Sampling of the arterial input is mostly performed in the
LV cavity, simply because the cavity is always visible on
views used for myocardial perfusion imaging, be they short
or long axis views. In our experience, it is best to sample the
arterial input in the LV near the base of the heart, i.e., close
to the aortic outflow. In the LV cavity, the contrast enhance-
ment is an order of magnitude higher than in the myocar-
dium. Any saturation of the signal enhancement at
higher-contrast agent concentrations is most likely to be
observed in the blood pool and results in a “distorted” mea-
surement of the arterial input. Signal saturation can be
avoided by using low-contrast agent dosages on the order of
0.03-0.04 mmol per kg of body weight with fast gradient-
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echo sequences (e.g., TR/TE/Alip ~ 2 ms/1 ms/15-20° at 1.5
Tesla). Using low-contrast dosages decreases the myocardial
contrast enhancement, and peak contrast-to-noise is in many
respects the limiting factor in myocardial perfusion studies.
Therefore new approaches are being sought to combine
accurate arterial input sampling with optimal myocardial
contrast enhancement.

Due to the relatively large dimensions of the cavity, it is in
principle feasible to acquire images at low spatial resolution
to sample the arterial input with a T1 weighting that mini-
mizes signal saturation effects in the blood pool. Acquisition
of low-resolution images for the sole purpose of sampling
the arterial input allows one to use a very short time after
saturation (TS) or time after inversion (TI) which extends the
range of contrast concentrations over which the signal inten-
sity changes approximately linearly with contrast concentra-
tion [7, 8]. Furthermore, if the arterial input is sampled with
low spatial resolution, then the time penalty for acquiring
additional images of the arterial input is within acceptable
limits and approximately ~50 ms. This method of measuring
the arterial input with a different T1 weighting than used for
myocardial imaging is referred to as “dual-contrast” tech-
nique and is illustrated in Fig. 6.5.

An interesting variation on this approach was proposed
by Kostler et al., for radial imaging [9]. In radial imaging low
spatial frequencies are over-sampled, because the center of
the spatial frequency space is traversed during each radial
trajectory. One can exploit this to calculate low-resolution
images, sufficient to depict the LV cavity, for multiple delays
(TTs) after the initial magnetization preparation (e.g., a satu-
ration pulse), and estimate R1 (i.e., 1/T1), which is linearly
proportional to contrast concentration.

It should be mentioned that whatever magnetization prep-
aration is used for T weighting, it should at least, for the
purpose of sampling the arterial input, be non-slice selective,
to avoid that blood flow in the ventricular cavity sweeps the
prepared magnetization out of the slice during the image
read-out, which would undo the effects of the magnetization
preparation. Also for the myocardium, a non-slice-selective
magnetization preparation renders the signal intensity more
insensitive to through-plane motion.

An alternative to arterial input sampling with the dual-
contrast technique is the dual-bolus injection technique [10].
A small contrast dosage and a several-fold higher contrast
dosage are injected consecutively, so that the contrast
enhancement in the LV cavity and in the myocardium can be
sampled separately under optimal conditions. With the
assumption of hemodynamic stability, and by using equal
injection volumes but different contrast agent dilutions, it is
possible to use a scaled replica of the arterial input in the LV
cavity, measured with the lower dosage bolus injection, to
analyze the contrast enhancement in the myocardium,
observed with a later higher-contrast agent dosage injection.
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Fig.6.5 (a) The dual-contrast perfusion imaging technique for quanti-
tative perfusion imaging with separate sampling of the arterial input
uses a pulse sequence with two types of image acquisition that are tuned
to myocardial imaging (blue) and imaging of the contrast enhancement
in the blood pool (red), respectively. For both image acquisitions, one
uses a saturation pulse (“Sat.”) for T1 weighting, but the images for
blood pool imaging have a 2-3 times lower resolution and shorter
acquisition time, which allows to have relatively short times after satu-
ration (TS). Myocardial images are acquired for multiple slices, while
the low-resolution blood pool images are generally only obtained for
only one slice. The evolution of the longitudinal magnetization is shown
for both cases in (b). The effective signal intensity in the image corre-
sponds to the signal halfway during image acquisition when a linear
phase-encoding order is used, and for the blood pool images, the result-
ing TS is much shorter than for the myocardial images. Representative
images for analysis of myocardial and blood pool enhancements are
shown in (¢) and illustrate the difference in spatial resolution. This type
of acquisition scheme results in smaller signal enhancement for the
same change in R1 for the low-resolution images of the arterial input
(AIF) with short TS, compared to the higher resolution images for anal-
ysis of myocardial enhancement (d). For the contrast concentrations in
the blood pool, this means that the “AIF images” suffer from little sig-
nal saturation and allow more accurate sampling of the AIF, compared
to using the “myocardial” images for AIF sampling

Recirculation of contrast after the first injection of the small
dosage contrast bolus should be negligible when the second
bolus is injected, which is easily attained by using widely
different dilution ratios for the two injections (e.g., equiva-
lent to 0.005 mmol/kg and 0.1 mmol/kg of Gd-DTPA), even
if both injections are performed within 20-30 s of each other.
The set-up of the injections for the dual-bolus technique
requires some care, with the time between injections set to
approximately 25 s [11].
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Ultrafast Imaging Techniques

Besides the rather simple and robust approach of fast
gradient-echo imaging, there are faster methods such as
echo-planar imaging (EPI) [12], which can be used for very
fast image acquisition in dynamic studies. Both techniques
sample data in k-space on a Cartesian grid, but with single-
shot (2D) echo-planar imaging, all signal samples are
acquired after a single radio-frequency pulse excitation by
using small gradient “notch” pulses to advance in the phase-
encoding direction between the read-out of gradient echoes.
This is in contrast to GRE imaging where only a single line
of phase-encoded data (“k-space” line) is acquired after each
radio-frequency excitation. With EPI the effective echo time
that determines the T2* weighting is now set by the time
between the radio-frequency excitation and the acquisition
of the central k-space lines. (Though the nominal echo time,
defined as the time from the RF excitation to the acquisition
of the central phase-encoded line, may be quite short, the
effective echo time is considerably longer and represents a
weighted average of TEs for k-space lines.) Effective echo
times for EPI or spiral imaging are not as short as for
gradient-echo imaging. For this and other reasons, in cardiac
perfusion imaging the acquisition of k-space lines after RF
excitation is broken into segments to reduce the effective
echo time and minimize artifacts from motion and field inho-
mogeneities [13]. These so-called hybrid EPI techniques
have been successfully applied for myocardial perfusion
imaging at lower field strengths and yield a higher signal-to-
noise ratio than FLASH techniques [14].

Non-Cartesian K-Space Trajectories

Over the last decade, the use of non-Cartesian grid trajecto-
ries for k-space data sampling during signal acquisition,
such as radial and spiral trajectories, has been shown to
provide several advantages over Cartesian sampling, such
as isotropic resolution in the image plane and the near or
complete absence of dark-rim artifacts [5]. Another impor-
tant advantage of radial and spiral imaging is tied to the
development of iterative reconstruction algorithms which
made it feasible to reduce the k-space sampling density
(e.g., angular undersampling by reducing the number of
projections acquired in a radial scan) in the outer regions of
k-space below the Nyquist limit without leading to the
types of “streaking” artifacts that would be observed with
the more established forms of non-iterative projection
reconstruction (Radon transform or Fourier transform after
regridding of the k-space data onto a Cartesian grid).
Iterative reconstruction is based on the idea that the recon-
structed images should be as consistent as possible with the
acquired data. The difference between the k-space data pre-

dicted from a reconstructed image and the acquired k-space
data is reduced in successive iteration steps. Still, these
techniques are not without significant challenges: when to
stop the iterations and the size of the changes in the image
values with each iteration step are important parameters for
fine-tuning this type of reconstruction, and there may not
be a “recipe” that works under all circumstances.
Furthermore, iterative reconstruction is computationally
quite demanding because image reconstruction is repeated
for each iteration step, and each image reconstruction itself
typically requires relatively time-consuming regridding of
the data, something which is completely avoided with
Cartesian k-space trajectories that allow direct application
of the fast Fourier transform (FFT). Specialized computer
hardware, as used in graphic cards with large numbers of
computation units, can reduce the reconstruction time to
levels where it amounts to a few minutes for myocardial
perfusion studies, rather than an order of magnitude longer.
Spiral imaging can suffer from image blurring due to off-
resonance effects, which can nevertheless be corrected by
generating a low-resolution field map [15].

Initial clinical evaluation of multi-slice ECG-gated 2D
spiral perfusion imaging demonstrated high SNR, minimal
imaging blurring, and no DRA, and all these factors seem to
have contributed to high diagnostic accuracy for the detec-
tion of coronary artery disease [16]. With radial perfusion
imaging, the angular undersampling has been pushed to a
degree where it becomes feasible to continuously acquire
data without ECG-gating and use relatively short reconstruc-
tion windows of 160 ms to generate cardiac-phase-resolved
images [17]. Overall, non-Cartesian sampling appears to
hold considerable promise for speeding up myocardial per-
fusion imaging without degrading image quality, and for
reducing the appearance of artifacts that can be mistaken for
perfusion defects.

Imaging Acceleration for Perfusion MRI

So-called parallel imaging techniques were originally intro-
duced for pulse sequences with Cartesian k-space trajecto-
ries [18, 19]. Parallel imaging refers to the simultaneous use
of multiple coils, each with its own receiver channel, to
reduce the number of phase-encoding steps, while preserv-
ing spatial resolution. A conceptual illustration is shown in
Fig. 6.6. The algorithms for reconstruction of the under-
sampled images can operate on the sensitivity-encoded
images calculated for the individual coil elements (SENSE)
[19, 20] or on the k-space data (simultaneous acquisition of
spatial harmonics — SMASH) [18]. In the latter case, the spa-
tial sensitivity profiles of the coils are used to synthesize dur-
ing reconstruction the missing phase-encoded lines of data
as linear combinations of the lines acquired through different
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Fig.6.6 A simplified scheme for parallel imaging is shown in this con-
ceptual illustration with the simplifying assumption that the sensitivity
profiles of two coil elements in a linear array do not overlap. The field
of view in the phase-encoding direction can be halved, and two images
for this reduced field of view are acquired over separate receiver chan-
nels. The two images can be combined into an image for a full field of
view. In the more general case that the coil sensitivity profiles do over-
lap, a full field of view image can still be reconstructed by determining
the coil sensitivity profiles and using this information to eliminate fold-
over. Parallel imaging algorithms can either be applied to the images
(e.g., SENSE) or to the spatial frequency data (e.g., SMASH)

coils/receiver channels. Alternatively, for SENSE, one first
reconstructs for each coil/receiver channel the images from
the under-sampled sets of k-space data (i.e., corresponding
to a FOV reduction equivalent to the acceleration factor) and
then “unaliases” the images by use of the coil-sensitivity
matrices. Both of these approaches are suitable for recon-
struction of myocardial perfusion images acquired with
parallel-imaging acceleration.

Compared to the case where the full number of phase
encodings is carried out, the higher image acquisition speed
is achieved at the price of a reduced signal-to-noise ratio,
which drops at least by a factor equal to the square root of the
speed-up factor, but is also dependent on the properties of the
coil array. As myocardial perfusion imaging is noticeably
limited by the attainable signal-to-noise, the advantages of
parallel imaging methods are limited by the need to maintain
a minimally acceptable signal-to-noise ratio. In practical
terms this means that parallel-imaging speed-up factors
higher than x 2-3 are rarely used.

Spatiotemporal Sampling and Acceleration

Dynamic studies of contrast enhancement involve spatial
sampling for the acquisition of each image and temporal
sampling to detect signal intensity changes. For myocardial
perfusion imaging, the temporal sampling frequency should
equal the heart rate, in particular for perfusion studies during
pharmacological stress or vasodilation. The image acquisi-
tion is repeated for every R-to-R interval in an ECG-gated
acquisition. As shown by Kroll et al., adequate temporal
sampling should be maximized, even at the expense of the
signal-to-noise ratio, to optimize the quantitative assessment

of myocardial perfusion [21]. With multi-slice 2D acquisi-
tions of 200 ms per slice, contrast enhancement is sampled in
3-5 slices at baseline and 2-3 slices during hyperemia. With
a temporal resolution equal to a heartbeat duration, it is gen-
erally not feasible to image the entire heart without resorting
to parallel imaging techniques or other methods that allow a
reduction of the image acquisition time.

Spatial and temporal sampling during a myocardial perfu-
sion study entails a significant amount of data redundancy:
images of the same anatomical region are acquired repeat-
edly while contrast enhancement takes place. It is possible to
reduce the spatial sampling requirements and take advantage
of spatiotemporal redundancy in dynamic imaging studies.
Without any other adjustments, a halving of the field of view
would speed up the image acquisition by a factor of two but
also cause aliasing. Madore et al. described an elegant frame-
work, called unaliasing by Fourier encoding the overlaps
using the temporal dimension (UNFOLD), for separating
aliased from non-aliased image components in dynamic
studies [22-24]. Essentially, the approach involves halving
the number of phase encodings for each image and alter-
nately acquiring only the even- and odd-numbered phase-
encoding steps. If one were to reconstruct these images by
Fourier transformation, one would observe that the aliased
image components would flip sides when images recon-
structed from even- and odd-numbered phase encodings are
compared, while the unaliased image component would
remain stationary. The aliased components in the images are
now a function of image number or time and vary at a fre-
quency that corresponds to half the image acquisition fre-
quency. (This suggests a generalization of the point spread
function, which defines the aliasing characteristics, from the
spatial domain to a 2D space-frequency domain, a concept to
which we will return below.) The aliased image components
can be removed by filtering of the temporal frequency spec-
trum at each pixel location. A simplified version of such an
approach is shown in Fig. 6.7. This approach assumes that
there is no contrast enhancement in the aliased portion of the
image or that the highest temporal frequency of contrast
enhancement is less than half of the frequency at which the
aliased image components are being modulated by alternat-
ing the phase-encoding pattern. The UNFOLD approach has
been applied by Di Bella in myocardial perfusion studies
[25] and was found to work well if the patient holds her/his
breath, as respiratory motion interferes with UNFOLD.

An elegant approach for spatiotemporal acceleration was
introduced by Breuer et al. [26] to demonstrate that “con-
trolled aliasing in parallel imaging results in higher accelera-
tion” (CAIPIRINHA) for multi-slice imaging. The
CAIPIRINHA technique, not unlike UNFOLD, applies a
phase modulation scheme to untangle image aliasing from
simultaneously excited slices, in this case by phase cycling
of the RF pulses.
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Fig. 6.7 Unaliasing by Fourier encoding the overlaps using the tempo-
ral dimension (UNFOLD) can be applied in dynamic studies by inter-
leaving the phase encodings for acquisition of consecutive images. The
interleaved phase encodings are shown as solid and dashed lines in (a).
The full field of view image in (b) was acquired by performing all phase
encodings (dashed and solid lines) for the image acquisition, while the
consecutive images in (c¢) and (d) were acquired with only one subset of
the phase encodings, which means that the field of view in the phase-

UNFOLD provided the impetus to develop much faster
spatiotemporal acceleration techniques, such as k-t BLAST,
k-t SENSE, and most recently k-t PCA (PCA — principal
component analysis). These techniques exploit even more
than UNFOLD the high spatiotemporal redundancy in
dynamic perfusion studies. Figure 6.8 shows how the sam-
pling pattern changes with k-t acceleration from a Cartesian
to a sheared grid pattern. Such data sampling on a sheared
grid gives rise, as expected, to aliasing, if each image is recon-
structed from the acquired under-sampled data by conven-
tional Fourier transformation. The aliasing pattern in the
images varies between images at a frequency defined by the
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encoding direction is halved, giving rise to fold-over artifacts. The rela-
tive shift of the phase encodings means that the fold-over artifacts are
modulated in this case by a factor of +/— 1 for the fold-over on the left
and —/+ for the fold-over on the right. This temporal modulation can be
used to eliminate the fold-over by temporal filtering. To illustrate the
basic concept, the image in (e) was obtained as complex sum of the
images from (c) and (d), which eliminates the fold-over artifact on
the left of the image

“degree” of shearing of the k-space sampling pattern. The
effect of lattice undersampling (i.e., sampling on a sparse
sheared grid instead of the denser Cartesian grid defined by
the field of view and image resolution) can be described by a
point spread function (PSF) in x-f space, where x stands for
the spatial location along the phase-encoding direction and
“” for frequency. An example is shown in Fig. 6.8, which
illustrates how the sheared sampling grid gives rise to a PSF
that has, in addition to a lobe at the origin of x-f space, further
lobes that describe the aliasing pattern.

To avoid aliasing k-t acceleration techniques like k-t
BLAST, use “training data,” in the form of low-resolution
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Fig. 6.8 The upper row (a—c) shows k-space sampling patterns for
myocardial perfusion imaging, where the vertical axis denotes the
phase-encoding direction, and the horizontal axis is the time domain for
dynamic imaging. (a) Full sampling of k-space for each image, (b)
sampling of the same subset of phase-encoded lines for acceleration by
parallel imaging with multiple coils, and (¢) a periodically varying sub-
sampling pattern (period of 4) with the appearance of sheared grid for
k-t acceleration. The lower row shows point spread functions (PSF) for
these k-space sampling patterns. The PSF describes how a point source
is mapped into an image by the image acquisition. The panels (d-f)
show a generalization of the point spread function to a domain x-f,
where f denotes a frequency axis that is the complement to time in
dynamic imaging and x is a coordinate in the spatial domain (e.g.,
phase-encoding direction). With full k-space sampling, the PSF has
only a single peak at the origin in the x-f domain, resulting in an image

images for reconstruction of images from all acquired data —
we will refer to them as “full-resolution” images. For exam-
ple, the central part of k-space is acquired for all images to
obtain such a low-resolution “training set” in parallel with
the sampling on a sheared grid outside the central region. For
the reconstruction of the “full-resolution” images, one gener-
ates for each location along the phase-encoding direction a
frequency spectrum of the temporal changes of the signal
intensity, i.e., one generates so-called x-f maps. In dynamic
imaging, only parts of the acquired images may show some
variation with time, which leads to sparse signal representa-
tion in x-f space. An adaptive filter-based reconstruction
technique is then applied to reconstruct the “full-resolution”
images. It is referred to as adaptive, because it uses an esti-
mate of the local signal content for each point in x-f space,
based on the training data. This works well as long as the x-f
maps from the training data are relatively sparse. Respiratory

without aliasing artifacts. With parallel imaging with x 3 acceleration,
(b) one produces two additional peaks (highlighted with dashed circles)
in the phase-encoding direction which describe the aliasing, which has
to be removed by using coil-sensitivity maps. The advantage of k-t
acceleration (same acceleration factor as with parallel imaging in (e)) is
that the peaks describing the aliasing get pushed away from the vertical
line through the origin when aliasing is the same for all images (b) and
shifted to locations along the frequency axis that correspond to the rep-
etition time for the k-space sampling pattern. This allows higher accel-
eration factors and facilitates the removal of aliased components in the
reconstructed images, e.g., through temporal low-pass filtering as done
with UNFOLD. Furthermore, sparse k-t sampling patterns can be com-
bined with parallel imaging acceleration to achieve multiplicative
effects for image acceleration factors

motion during a first pass study can compromise the perfor-
mance of k-t acceleration techniques, because peaks in the
x-f maps are broadened by respiratory motion, which makes
it more difficult to avoid aliasing effects [27]. Further
improvements and higher acceleration factors are possible
by combining k-t acceleration techniques with parallel imag-
ing (i.e., parallel acquisition with multiple coils) giving rise
to techniques such as k-t SENSE.

The k-t PCA algorithm represents a further advance in
spatiotemporal acceleration. Principal component analysis
of the training data is used to transform the x-f data to a more
suitable “basis” with principal components replacing the
f-coordinate — it is somewhat akin to using data compression.
This results in a map with fewer and better separated peaks,
which is helpful for unaliasing. With the k-t PCA method, it
became possible to achieve acceleration factors as high as x
5-10 for CMR perfusion imaging with whole-heart cover-
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age, using ten short axis slices [28]. Post-processing in spa-
tiotemporal acceleration techniques can have an effect
similar to low-pass filtering in the time domain and cause
temporal blurring. This should be kept in mind as it may
effectively result in a bias to underestimate perfusion.

None of the aforementioned imaging acceleration meth-
ods defy the Nyquist limit to the same degree as compressive
sensing. Compressive sensing is based on the recognition
that some signals, which can be represented in a “sparse
form” by certain forms of signal encoding, can be recon-
structed from a low number of random or pseudorandom
samples of such encoding steps. For example, in magnetic
resonance spectroscopy, we may only observe a few isolated
peaks in the spectrum. In this case the Fourier-transformed
signal giving the spectrum is a suitable encoding for com-
pressive sensing. “Compressive sensing” would then amount
to taking a random, relatively small number of signal data
samples from the free induction decay of the signal and using
the “a priori” knowledge that the spectrum is sparse to
achieve an artifact-free reconstruction from the sparse set of
random data samples. (The reconstruction of the spectrum
would not be performed by Fourier transform, as is usually
done, but instead by solving a constrained optimization
problem, e.g., using the constraint that the spectrum is
sparse.) The above example of the NMR spectrum is con-
strued because for the acquisition of a free induction decay,
we do not save time by only taking a random sample of sig-
nal points. A more relevant application is when compressive
sampling is used to acquire an image with only a (pseudoran-
dom) subset of phase encodings. It is in this latter form that
compressive sensing has been applied in MRI for sparse
sampling and image reconstruction.

Based on the concepts of compressive sensing, spatiotem-
poral acceleration has been further enhanced with methods
like k-t SPARSE [29, 30]. One important change compared
to k-t SENSE is the introduction of pseudorandom k-t sam-
pling for k-t SPARSE to generate incoherent artifacts.

3D Perfusion Imaging

3D whole-heart perfusion imaging has been a long-standing
goal for CMR, not the least because it is the standard for
nuclear perfusion imaging. CMR offers higher spatial reso-
lution compared to nuclear imaging, but combining this
with 3D, or whole-heart multi-slice coverage, of the heart
has been a challenge. The advances in CMR imaging accel-
eration over the last decade have brought 3D cardiac perfu-
sion imaging within reach. Whether 3D myocardial
perfusion imaging by CMR should be considered as the
“holy-grail” remains debatable, as a 3D image acquisition
imposes specific constraints for coping with cardiac motion,
compared with a 2D multi-slice approach. Other aspects,

such as high spatial resolution for detection of endo- to epi-
cardial perfusion gradients, may be equally important for
diagnostic performance as whole-heart coverage. The trade-
offs for balancing these different aims and requirements
remain to be evaluated in parallel with the technical
advancements.

3D imaging, and hence 3D myocardial perfusion imag-
ing, has the advantage that the signal-to-noise ratio is signifi-
cantly higher than for its 2D counterpart, specifically by a
factor given by the square root of the number of partitions
used for sampling in the “partition-encoding” direction, i.e.,
the direction equivalent to the slice-encoding direction in
multi-slice 2D imaging. With 3D cardiac perfusion, image
acquisition has to be limited to diastole to avoid motion arti-
facts and blurring, while with the 2D equivalent, the images
for different slice locations can be acquired over the entire
cycle. The k-space sampling trajectories applied for 2D per-
fusion imaging (Cartesian, spiral, or radial) can also be used
in 3D perfusion imaging for 2D planes of k-space, while for
the third direction, one uses standard Fourier encoding. For
example, with radial sampling, one can acquire a stack of 2D
radial trajectories (also called a “stack of stars”), so that the
volume of k-space being sampled forms a cylinder.
Alternatively, it is possible to perform full 3D radial sam-
pling, but this is only feasible for 3D perfusion imaging with
vast undersampling and is rarely used for 3D CMR perfusion
imaging.

Practical Recommendations

The table below (Table 6.1) summarizes what are arguably
settings that establish a good starting point for perfusion
studies with fast, multi-slice T1-weighted gradient-echo
techniques.

Myocardial Perfusion Imaging at High
Magnetic Field Strengths

Magnetic field strengths higher than 1.5 Tesla can be both a
blessing and a bane for myocardial perfusion imaging. Use
of higher field strengths is expected to result in better signal-
to-noise and contrast-to-noise than at lower field strengths.
Unfortunately techniques such as gradient-echo imaging
with steady-state free precession do not work well at high
field strengths (>3 T), potentially depriving one of using a
significant advance in MR sequence techniques made during
the last couple of years. Myocardial perfusion studies with
the same technique applied at 1.5 Tesla and 3 Tesla con-
firmed that the increase in field strength brings a significant
improvement in signal-to-noise and contrast-to-noise [31,
32]. The contrast-to-noise improvement may not only be due
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Table 6.1 Perfusion study settings

Parameter

Setting

Considerations

Spatial resolution

<2.5 mm in-plane resolution

Dark-rim artifacts more prominent with poor resolution in phase-encoding
direction

Temporal
resolution

Equal to R-to-R duration

Period of myocardial contrast enhancement is relatively brief and most
sensitive to blood flow level

Slice thickness

<10 mm

Thin slices (<6 mm) often given unacceptable signal-to-noise, and
through-plane motion renders it meaningless to use very thin slices

Parallel imaging

Parallel-imaging acceleration x 2;
spatiotemporal acceleration can be much
higher

For example, with k-t PCA speed-up factors of 5-8 have been achieved

Flip angle

15-20° for fast gradient-echo imaging

Assume here a TR/TE on the order of 2 ms and 1 ms, respectively. It is
helpful to estimate the Ernst angle for the particular combination of TR
and TE

Echo time (TE)

As short as feasible; ~1-2 ms recommended

Dark-rim, or susceptibility artifacts, and also motion artifacts at high heart
rates are more likely with longer echo times

Receiver
bandwidth

400-800 Hz/pixel for fast GRE

With SSFP can be 1000 Hz/pixel or higher

T1 weighting

Saturation recovery preparation

Inversion recovery gives stronger T1 weighting but renders signal
susceptible to heart rate variations

Contrast
administration

Bolus injection, preferably with power
injector at 3—5 ml/s for 0.5 mmol/ml
dilution of Gd-DTPA

A slow infusion of contrast will lead to a loss of sensitivity for assessing
blood flow

Through-plane
motion correction

Breath-holding during first pass through LV

In most cases patient can only hold breath during initial contrast
enhancement

to higher signal-to-noise but also to the increase of myocar-
dial T1s when moving from 1.5 Tesla to higher field strengths.

Signal Analysis and Post-processing

With 'H MRI the presence of contrast agent is deduced from
the reduction of the 'H relaxation time constants and the
increase of the 'H signal intensity, if the signal is predomi-
nantly T;-weighted. Water is a freely diffusible tracer, and
although the contrast agent may be confined to the intravas-
cular or extracellular space, the 'H nuclei interacting with the
paramagnetic contrast agent complexes may move back and
forth between spaces permeated by contrast agent and inac-
cessible to contrast agent, respectively. This process of water
exchange can lead to an overestimation of the distribution
volume for the contrast agent — the "H nuclei carry the effect
of the contrast agent to spaces inaccessible to the contrast
agent itself [33]. The process of water exchange on T1 mea-
surements was carefully investigated a few decades ago, but
the repercussions of the theory of water exchange on perfu-
sion MRI have often been ignored with some notable excep-
tions [33, 34]. Springer and Li recently developed a
comprehensive theory that weds the theory of water exchange
with the Kety-Schmidt model [34].

The effects of water exchange can be considered at the
stage of the pulse sequence optimization or during post-
processing of the data. For the former, the work of Donahue

[33, 35, 36] showed that the effects of water exchange can be
minimized by using flip angles well above the Ernst angle in
spoiled gradient-echo imaging. Suppressing the effects of
water exchange then allows to neglect those effects at the
post-processing stage. Alternatively, one can incorporate the
effects of water exchange into the tracer kinetic analysis, as
shown by Springer and Li [34, 37], though this may compli-
cate the task of modeling myocardial enhancement.

Spin-Labeling Techniques in the Heart

Water can be used in perfusion studies as an endogenous
contrast agent. To do this requires alteration of the state of
'H nuclei with sharp spatial definition, and observing the
flux of these prepared 'H nuclei into adjacent tissue [38—
40]. The experiments are typically run in a difference
mode to subtract the background signal from stationary '"H
nuclei. Alteration of the state of 'H nuclei typically con-
sists in applying a spatially selective inversion pulse. The
same acquisition is then repeated with a non-slice-selec-
tive inversion pulse, and the difference signal is propor-
tional to the number of 'H nuclei that have moved into or
out of the slice being imaged. The slice should be thin
enough so that a detectable change of the magnetization
can result from 'H flux within less than a time on the order
of T1, T1 being the “lifetime” of the altered magnetization
state.
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The spin-labeling technique does not appear to be mature
enough yet for routine clinical application. Spin-labeling
depends on a relatively accurate direct or indirect quantifica-
tion of T1 differences, because the inflow of labeled spins
produces small change of T1, which is proportional to the
blood flow [41].

Interestingly, the errors for estimating myocardial blood
flow, with either contrast-enhanced techniques or spin
labeling, have a reciprocal dependence on the level of
blood flow. Previous studies have shown that the confi-
dence bands for estimating blood flow increase in propor-
tion to blood flow or the perfusion reserve [42]. With
spin-labeling, the accuracy of estimating blood flow
increases with blood flow, because the proportion of
labeled spins entering a slice is directly proportional to
flow [41]. It was therefore fortuitous that some of the first
validation studies of the spin-labeling technique were
made in rodents, where myocardial blood flows even at
baseline are 3-5 times higher than in humans.

Conclusions

Technical developments in the field of CMR perfusion imag-
ing continue at a vigorous pace, with the overall goals of
achieving complete heart coverage, avoid image artifacts,
and facilitate the quantification of myocardial perfusion.
This exposition has focused on some tried and robust
approaches, while also offering an outlook on promising new
developments. It appears fair to state that with CMR, much
room is left to exhaust the full potential of myocardial perfu-
sion imaging, but at the same time, the currently available
techniques are already more than adequate for clinical
studies.
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and Velocity

Michael Markl

Introduction

Since its original description in the 1980s [1-4], phase-
contrast (PC) MRI has seen broad clinical acceptance for the
visualization and quantitative evaluation of blood flow in the
heart, aorta, and large vessels [5—7]. Further developments of
phase-contrast techniques have allowed for the acquisition of
a time-resolved (CINE), three-dimensional (3D) PC-MRI
with three-directional velocity encoding which is often
referred to as “4D flow MRI.” This chapter will introduce the
fundamental physics principles underlying flow quantifica-
tion with PC-MRI, describe the interpretation of results for
clinical application, and provide an introduction to recent
advanced in PC-MRI such as real-time flow imaging and 4D
flow MRI and their potential applications.

Phase-contrast (PC) MRI (also sometimes termed “flow-
sensitive MRI” or “MR velocity mapping”) takes advantage
of the direct relationship between blood flow velocity and the
phase of the MR signal that is acquired during a MRI mea-
surement. The underlying principles have been known and
applied over several decades [1-3, 5, 8, 9]. The mapping of
just the component of time-resolved velocity-directed per-
pendicularly through a 2D plane is widely used for clinical
measurements of volume flow [10-13]. This approach allows
measurements of forward, regurgitant, and shunt flows in
congenital and acquired heart disease [14—17], and measure-
ments of jet velocity in aortic valve disease or in stenotic
vascular regions such as aortic coarctation.
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Principles and Techniques of Velocity
Encoding

Most MR sequences demonstrate sensitivity to flow and
motion, which can lead to artifacts in many applications. The
intrinsic motion sensitivity of MRI, however, can be used to
image vessels as in phase-contrast MR angiography but also
to quantify blood flow and motion of tissue. Using appropri-
ate (bipolar) velocity encoding gradients, flow- or motion-
dependent phase effects can be used to encode the underlying
blood flow velocity directly into the MR signal phase. Two
acquisitions with different velocity encoding sensitivities are
used to eliminate the unwanted background phase variation
from the images: if the acquisitions use opposite polarity
velocity encoding sensitivities, then one can simply calculate
the phase difference for the signals from the two acquisitions
to obtain a phase that is independent from the background
phase, and proportional to the velocity in each voxel.
Alternatively one acquisition can be velocity insensitive [5,
13, 18]. Subtraction of phase images from the two acquisi-
tions removes background phase effects. The signal intensi-
ties in the resulting phase difference images are directly
related to the blood flow velocity and can thus be used to
visualize and quantify blood flow (phase-contrast principle).
It is important to note that only the velocity component along
the direction of the bipolar flow encoding gradient contrib-
utes to the phase of the MR signal and only a single velocity
direction can be encoded with an individual measurement. A
brief mathematical description of the fundamental principles
of PC-MRI is given in the Appendix.

For cardiovascular applications, the 2D PC data is
acquired over multiple cardiac cycles using ECG-gated
CINE imaging to measure time-resolved pulsatile blood flow
as illustrated in Fig. 7.1 [3, 5, 9, 13]. Since the MR acquisi-
tion is not sufficiently fast to measure all required data dur-
ing a single heartbeat, the periodic flow is assessed by
reconstructing images from data acquired over several car-
diac cycles. For each heartbeat and time frame, only a subset

113

R.Y. Kwong et al. (eds.), Cardiovascular Magnetic Resonance Imaging, Contemporary Cardiology,

https://doi.org/10.1007/978-1-4939-8841-9_7

7


http://crossmark.crossref.org/dialog/?doi=10.1007/978-1-4939-8841-9_7&domain=pdf
mailto:mmarkl@northwestern.edu

114 M. Markl
R R R
time-frame
[ E] ECG
- - n - - .
Ll ]!_!I ] { | | Ll I!_!I || N | N | N | | I |
reference flow-sensitive
- | ] L ] L ] - - ky
NSeg
k
Signall '\ X
RF|—4fly » magnitude image
Gz AN
reference
Gy / '
N/ )
G, “ > ! bipolar velocity
C: . Vem/s]
RFl ol e[ N
100
G = r
2 N flow-sensitive %0
v - X,y Or z 0
G
X \_/‘{”.- -50
= -100

Gy /T\ )
v )

Fig. 7.1 Standard 2D CINE PC-MRI with one-directional velocity
encoding along the y or z direction. Reference and velocity sensitive
scan (added bipolar velocity encoding gradient) are acquired in direct
succession. The subtraction of both data sets provides phase difference
images which contain quantitative blood flow velocities as shown for
blood flow in the heart. The bipolar velocity encoding gradient can be
placed either along the z, y, or x direction to measure blood flow veloci-
ties v,, vy, or v, based on the selection by the user. The amplitude and
duration of the velocity encoding gradient determines the velocity sen-
sitivity (venc) of the PC acquisition. Due to time constraints, the MR
data cannot be acquired during a single heartbeat, and PC data are col-
lected over several cardiac cycles. The measurement is synchronized
with the cardiac cycle using an ECG-gated k-space segmented data

(Nsep) of all required (NV,) phase encoding steps are measured
(k-space segmentation principle). The procedure is repeated
for a different k-space subset until the full raw data set is
acquired for all time frames. Data acquisition typically
includes single-direction velocity measurement, in most
cases orthogonal to the 2D imaging slice (through-plane
encoding). For single-direction velocity encoding, two raw
data lines have to be acquired for each phase encoding step
(reference scan + flow-sensitive acquisition). For a given
repetition time TR and cardiac period of Tgcg, different

acquisition. For each heartbeat and time frame, only a subset (Ns.,) of
all required (N,) phase encoding steps are measured (k-space segmenta-
tion). The procedure is repeated until the full raw data set is acquired
and time-resolved (CINE) images can be derived depicting the dynam-
ics of pulsatile through-plane flow. The selection of the number of
phase encoding lines Ns., determines the temporal resolution (time to
collect data for a single time frame At = 2 TR Ng,,) and a total scan time
Tcq = Ny/Nse, Tec of the phase-contrast CINE acquisition (7¢c = dura-
tion of one cardiac cycle). For a typical TR on the order of 5-10 ms and
Nse, = 3—4, measurements can be performed during breath holding and
with temporal resolutions of 30-80 ms. LV left ventricle, RA right
atrium, PA pulmonary artery, Ao aorta

imaging protocols can be constructed based on a trade-off
between temporal resolution (At), spatial resolution (N,
phase encoding lines per slice), and total acquisition time
T.q- The selection of the number of phase encoding lines N,
then determines the temporal resolution At = 2 TR Ns,, and a
total scan time T,y = N,/Ns., Trcg Of the phase-contrast CINE
acquisition. Typical measurement parameters (spatial resolu-
tion, 1.5-2.5 mm; temporal resolution, 30-60 ms; slice
thickness, 5-8 mm) permit the acquisition of 2D CINE PC
data during a 10-20 s breath-hold period.
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While most application of 2D CINE PC-MRI use through-
plane velocity encoding, typical MRI protocols allow for the
selection of in-plane flow encoding along the x or y direction
of the imaging plane. While trough-plane encoding is pre-
dominantly employed for the quantification of volume flow
and peak velocities, in-plane encoding can be useful for the
visualization of the location and extent of stenotic flow jets
to guide plane placement for subsequent assessment of peak
velocity and pressure gradient estimation.

Following image reconstruction, 2D CINE PC-MRI yields
a series of anatomical (magnitude) and flow velocity (phase
difference) images that represent the temporal changes of
morphology and blood flow over the cardiac cycle. As a
result, time-resolved (CINE) images can be derived depicting
the dynamics of periodic physiological processes during the
cardiac cycle as shown in Fig. 7.2. (See Table 7.1.)

PC-MRI and Velocity Encoding
Sensitivity (venc)

An important (user-defined) PC-MRI parameter is the veloc-
ity encoding sensitivity (venc), which represents the maxi-
mum flow velocity that can be acquired. As shown in Fig. 7.3,

a Magnitude images — anatomy

Pl

b Complex deference images — flow weighted

Table 7.1 Description of image series typically reconstructed from 2D
CINE PC-MRI with single-direction velocity encoding. Example
images for through-plane velocity encoding are shown in Fig. 7.2

2D PC image

series Interpretation

Magnitude | Cardiovascular anatomy, signal intensity = MR
signal amplitude averaged over two scans used for
single-direction velocity encoding

Complex Flow-encoded magnitude image, signal

difference intensity = absolute value of encoded velocity, no
information on flow direction (e.g.,
velocities—100 cm/s and + 100 cm/s have identical
pixel intensity)

Phase Blood flow velocity, signal intensity represents the

difference local velocities along the encoding direction (e.g.,
through plane)

when the underlying velocity exceeds the acquisition setting
for venc, velocity aliasing can occur which is typically visi-
ble as a sudden change from high to low velocity within a
region of flow. If aliasing artifacts are present, accurate flow
visualization and quantification may be compromised unless
antialiasing correction can be successfully performed [19].
Alternatively, the venc can be increased, and the acquisition
is repeated to avoid aliasing. It is important to note, however,
that velocity noise o, is directly related to the venc [5] and is

peak systole

late systole

Fig. 7.2 2D CINE PC-MRI with through-plane velocity encoding
(bipolar encoding gradient along the slice direction) in a patient with a
bicuspid aortic valve (BAV). a—c¢ show images that are typically recon-
structed from a 2D CINE PC-MRI acquisition including time-resolved
anatomical data (a), flow-weighted data (b), and phase difference
images (c). Not that the gray scale intensity for the phase-contrast
images characterizes the motion direction: the ascending aorta at the

time

level of the BAV (Ao) appears white due to the positive blood flow
direction (flow foot to head), whereas the descending aorta (DAo)
appears black encoding to (negative) flow in the opposite direction
(head to foot). Flow quantification revealed elevated peak systolic
velocity in close to 2.5 m/s in this BAV patient. A more detailed descrip-
tion of the different image reconstructions (magnitude, flow weighted,
phase difference) is provided in Table 7.1
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inversely related to the signal-to-noise ratio (SNR) in the
corresponding magnitude images (o, ~ 1/SNR) and can be
estimated by

/2 venc

"~ 7 SNR

Therefore, selecting a high venc may alleviate the issue of
velocity aliasing but will also increase the level of velocity
noise in flow velocity images. As a result, the venc should
ideally be selected as high as needed to avoid aliasing but as
low as possible to reduce velocity noise. As a general rule, to
capture the best image quality, the chosen venc should repre-
sent the physiological velocity of the vessel of interest and be
adapted to the measurement of interest and present hemody-
namic conditions. Typical settings for venc are 150-200 cm/s
in the thoracic aorta, 250-400 cm/s in the aorta with aortic
stenosis or coarctation, 100-150 cm/s for intracardiac flow,
and 50-80 cm/s in large vessels of the venous system. If a
large imaging volume with various vessels is examined,
there may be no optimal venc setting, and the value has to be
chosen in accordance to the clinical question.

Phase Offset Errors and Corrections

There are multiple sources of phase offset errors in PC and
4D flow MRI that can degrade image quality and impair
measurements by introducing inaccuracies in flow quantifi-
cation. The most commonly encountered inaccuracies
include phase offset errors due to eddy currents [20],

Magnitude image

Fig. 7.3 Typical appearance of velocity aliasing in through plane-
encoded blood flow velocities measurements in the ascending (AAo)
and descending (DAo) aorta and the pulmonary artery (PA). Regions in
the descending aorta with systolic blood flow velocities exceeding the
predefined velocity sensitivity (venc) lead to in mis-encoding of blood

Maxwell terms [21], and gradient field nonlinearity [22]. A
detailed description and discussion of these sources of phase
offset errors are beyond the scope of this review article.
Nonetheless, it is important to apply appropriate correction
strategies to compensate for these potential sources of error
before further processing of the data for 3D visualization or
flow quantification. While correction for Maxwell terms and
gradient field nonlinearity can be performed during image
reconstruction (without the need for user interaction), eddy
current correction cannot easily be automated and has to be
integrated into the data analysis workflow.

The most commonly employed strategy for eddy current
correction is based on the methodology presented by Walker
et al. in 1993 [20]. The approach is based on thresh-holding
to identify regions with static tissue. These regions are then
used to estimate eddy current induced linearly varying phase
offset errors, which are subsequently subtracted from the
entire image. An alternative strategy requires the scanning of
a large spherical (static) phantom directly after the 4D flow
scan with identical imaging parameters followed by the sub-
traction of the resulting phase difference images from the
in vivo 4D flow data. However, the long scan time and logis-
tics needed to perform the additional 4D flow phantom scan
make this option less desirable, and image-based correction
is most often used. Unfortunately, no unified strategies,
algorithms, or software across different MR system vendors
and 4D flow MRI applications exist. Nevertheless, studies
have shown that 4D flow MRI can be reliably used for 3D
visualization and flow quantification if appropriate correc-
tion strategies such as proposed by Walker et al. [20] are
employed.

Phase difference, flow

V, [cm/s]

100

50

flow and a phase wraparound in the phase-difference images (right,
white arrow). Lower blood flow velocities in the ascending aorta (i.e.,
<venc) results in un-aliased and more homogenous depiction of
through-plane flow
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Applications of 2D CINE PC-MRI
Flow Quantification

Applications of 2D CINE PC-MRI include the assessment of
left ventricular performance (e.g., cardiac output), regurgita-
tion volumes in case of valve insufficiency, or evaluation of
peak velocities in stenotic regions (e.g., aortic coarctation).
In this context, quantification of blood flow using 2D CINE
PC-MRI has been widely employed in a number of clinical
applications such as heart valve disease or for the assessment
of atrial and ventricular shunts [10—17]. Data analysis typi-
cally includes the semiautomatic segmentation of the vascu-
lar lumen or region of interest. Once the lumen boundaries
have been defined, relevant parameters such as volume flow,
peak systolic velocity, or retrograde fraction can be quanti-
fied. Figure 7.4 illustrates flow analysis and quantification in
the ascending aorta of a healthy subject.

Qp/Qs Ratio

In the clinical setting of cardiovascular MRI, two-dimensional
PC imaging planes transecting the aorta and main pulmonary
artery are commonly used representing the aortic (Qs) and
pulmonary (Qp) flow. The ratio Qp/Qs (normal adults 1.05,
range 0.98-1.07; normal children, mean 0.99, range 0.85-1)
[23, 24] can be significantly altered in the presence of a right-

to-left (Qp/Qs > 1) [14, 25] or left-to-right (Qp/Qs < 1) shunts
such as atrial-septal or ventricular-septal defects [23, 26].

Stenosis Quantification and Estimation
of Pressure Gradients

In patients with vessel stenosis or narrowing such as aortic
coarctation, a imaging plane along the long-axis of the vessel
with in-plane flow encoding along the main flow direction
enables identification of the location of the flow acceleration
indicative of stenosis of varying degrees [27, 28].
Subsequently, 2D PC acquisitions are performed proximal
to, at, and distal to the stenosis to obtain a sense of the hemo-
dynamic significance of the stenosis to determine the sys-
tolic peak velocity vy, Similar to direct trans-stenotic
pressure measurements invasively acquired by catheter
placement and comparable to echocardiographic estimation,
systolic pressure gradients can be estimated following the
modified Bernoulli equation, AP = 4(vy,?), to assess stenosis
severity [28].

Assessment of Cardiac Valve Function
Currently, PC-MRI is only accepted as a second-line diag-

nostic tool in ACC/AHA guidelines for diagnosis of valvular
stenosis or regurgitation [29]. Measurements desired to ana-

Flow profile - systole

MV, [cm/s]

100

Fig. 7.4 Blood flow quantification based on 2D CINE PC-MRI with
through-plane velocity encoding located in the proximal ascending
aorta (AAo) just above the aortic valve. Delineation of vessel boundar-
ies permits the calculation of mean, max, and min blood flow velocities

o
\ 4
V, [cm/s]

60 . L — max / min

0 5 10 15 20 25 30
Time frame

(lower right) which can be used to calculate average and peak flow
rates. Additional visualization of systolic through-plane flow profiles
(top) provides detailed insights into the temporal evolution of the spa-
tial distribution of blood flow velocities
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lyze stenosis severity and regurgitant volumes via flow and
velocity measurements are not trivial due to the cardiac and
associated valvular motion as well as the presence of turbu-
lent and accelerated flow. Furthermore, motion-adapted
imaging strategies [30] or short TE techniques [31] are to
date not routinely available on clinical scanners.

Nevertheless, 2D CINE PC-MRI has been evaluated and
clinically correlated with ultrasound measurements using
orifice area, flow, and velocity to estimate disease severity
[32-35]. While ultrasound remains the widely accepted ref-
erence standard, a MR-based valve evaluation can allow for
a comprehensive work-up during any cardiac MR scan.
Regurgitant volumes and fractions can be readily assessed in
the absence of shunts. Figure 7.5 illustrates the use of 2D
CINE PC-MRI with in-plane velocity encoding for the iden-
tification of a regurgitate jet flow in the left ventricular out-
flow tract in a patient with aortic insufficiency. In addition to
high blood flow velocities during systolic, in-plane flow
encoding clearly reveals a diastolic flow jet associated with
accelerated and reverse flow through the incompletely closed
valve. Once such stenotic jets have been identified, a second
2D CINE PC-MRI scan with through-plane velocity encod-
ing orthogonal to the flow jet direction can be used to quan-
tify the regurgitant flow fraction. It should be noted that flow
assessment in such cases can be complicated by the develop-
ing turbulence and associated dephasing and displacement
error, the often eccentric stenotic jet, and the need to care-
fully align the acquisition plane with its direction.

Advanced Techniques

A number of more advanced and promising flow MR imag-
ing techniques have been reported, which allow a more com-
prehensive emulation of blood flow characteristics. A
selection of advanced techniques includes:

Systole (Peak flow)

2
. ’
'J

Fig. 7.5 Color-coded in-plane velocity for a patient with aortic insuf-
ficiency overlaid onto the simultaneously acquired anatomical (magni-
tude) images. The systolic and diastolic time frames show in-plane

e Real-time phase-contrast MRI for the evaluation of flow
changes on short time scales [36, 37]

e Fourier or Bayesian multipoint velocity encoding to
encode flow velocities as a separate dimension and assess
sub-voxel velocity distributions [38—40]

e 4D flow MRI for the comprehensive analysis of complex
time-resolved 3D blood flow characteristics [41-43]

* Direct encoding of the acceleration component of blood
flow [44, 45]

In the following, the basic principles and potential appli-
cation for two emerging techniques, real-time flow imaging
and 4D flow MRI, are presented.

Real-Time Flow Imaging

For certain subjects, e.g., patients with congestive heart fail-
ure and shortness of breath, the length of the breath-holding
period required to collect 2D CINE PC-MRI data may not be
tolerable. Several real-time MR acquisition strategies have
recently been developed for real-time cardiovascular flow
imaging [46—48]. To achieve sufficiently high frame rates
needed for real-time flow acquisitions, the 2D PC-MRI pulse
sequence combines fast data readout modules (such as echo
planar imaging, EPI) with parallel acceleration in the tempo-
ral direction. In addition, a modified phase-contrast recon-
struction algorithm, shared velocity encoding, has been
employed to enhance temporal update rates [49, 50]. Shared
velocity encoding is used to further improve temporal reso-
lution based on the concept to share sets of full k-space data
between adjacent frames and doubles the effective frame
rate.

A number of studies have demonstrated the feasibility of
real-time flow imaging for the visualization and quantifica-
tion of blood flow without the need for ECG gating and

Diastole (Aortic regurgitation)

blood flow velocities normal to the aortic valve. A diastolic velocity jet
indicating incomplete valve closure and complex regurgitant blood flow
(white arrows) is clearly visible during diastole
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breath holding [49, 51-56]. Studies have shown that real-
time flow imaging can quantify accentuated and discordant
respirophasic changes in flow velocities or response of blood
flow to psychosocial stress that cannot be identified noninva-
sively with standard 2D CINE PC-MRI [52, 55]. As an
example, Fig. 7.6 illustrates the application of real-time flow
imaging for the quantification of left atrial blood flow in
patients with atrial fibrillation. In addition, real-time flow
imaging with in-plane velocity encoding and color coding of
velocities similar to Doppler ultrasounds can be employed to
provide an intuitive visualization (real-time color-flow mov-
ies) of, e.g., intracardiac flow, carotid flow, and proximal
coronary flow [54].

4D Flow MRI

Further developments of PC-MRI techniques have allowed
for the acquisition of time-resolved (CINE), three-
dimensional (3D) PC-MRI data with three-directional veloc-
ity encoding which is often referred to as “4D flow MRI”(also
termed “flow-sensitive 4D MRI,” “time-resolved 3D velocity
mapping,” or “4D velocity mapping”). In contrast to stan-
dard 2D CINE PC-MRI which allows for the evaluation of
blood flow in a single user selected 2D slice, 4D flow MRI
can provide information on the temporal and spatial evolu-

Fig. 7.6 Real-time flow
curves at mid-atrial short axis
level over multiple heartbeats
in two patients with atrial
fibrillation in sinus rhythm (a)
and with arrhythmia (b)
during the MRI scan. The
flow-time curves show
beat-to-beat flow dynamics
over multiple heartbeats with
an effective frame rate of

50 ms. Note the marked
beat-to-beat variability of

4-chamber view

a AF patient in sinus rythm

. . . 0.254
flow-time curves in the patient E E

with arrhythmia 0.20
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0.10

flow [L/s]

0.051 R.
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b  AF patient with arrhythmia
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0.20-
0.15-
0.10-
0.05+
0.00 {f*

-0.05

-0.10"
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tion of 3D blood flow with full volumetric coverage of any
cardiac or vascular region of interest [42, 43, 57, 58]. The
technique is based on prospectively or retrospectively ECG-
gated 3D PC-MRI using three-directional velocity encoding
[42, 59]. For application on the thorax and abdomen such as
the heart, aorta, main pulmonary arteries, or the liver vascu-
lature, respiratory control by bellows, self-gating techniques,
or navigator gating of the diaphragm motions is used to mini-
mize breathing artifacts.

Recent technical developments, including highly unders-
ampled radial 4D flow techniques (PC-VIPR) [60-64] and
highly accelerated 4D flow methods (kt-GRAPPA [65-68],
kt-PCA [69-T71], compressed sensing [72—-74]), have resulted
in reasonable overall scan times, e.g., 8—12 min for 4D flow
MRI of the aorta and 10-15 min for whole heart coverage.
As aresult, the application of 4D flow MRI in a clinical set-
ting has become more feasible. Within these scan time con-
straints, typical imaging parameters for thoracic 4D flow
MRI applications are summarized below:

e Thoracic aorta: spatial resolution = (2.0-2.5)mm?, tempo-
ral resolution = 35-50 ms, velocity sensitivity
(venc) = 150-300 cm/s, total scan time: 5—-8 min

e Heart: spatial resolution = (2.5-3.0)mm?, temporal reso-
lution = 35-45 ms, velocity sensitivity (venc) = 100-
120 cm/s, total scan time: 6—12 min

Magnitude V, [cm/s]

Through plane flow
T E 80

.
5

5000
time [ms]

time [ms]
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The nature of the 4D flow data (three spatial dimensions,
three blood flow velocity directions and time) points toward
its ability to provide 3D visualization and quantification of
cardiovascular hemodynamics. Three-dimensional blood
flow visualization (streamlines/pathlines) permits the depic-
tion of complex flow patterns and changes in cardiovascular
hemodynamic associated with cardiovascular disease [75—
77]. Three-dimensional streamlines are instantaneous traces
which run parallel to the direction of the measured blood
flow velocity field (Fig. 7.7b). Time-resolved 3D pathlines
utilize the full 4D (3D and time) information and can be
used to visualize the spatiotemporal dynamics of pulsatile
3D blood flow patterns. Both streamlines and pathlines are
often color coded to display the local absolute blood flow
velocity. The anatomic and velocity information of the 4D
flow data can additionally be used to derive a 3D phase-
contrast angiogram (3D PC-MRA), which can be combined
with 3D blood flow visualization to guide anatomic orienta-
tion and analysis plane placement for flow quantification
(see Fig. 7.7).

A particular advantage of 4D flow MRI over 2D CINE
PC-MRI is related to the possibility for retrospective selec-
tion of territories at any location inside the 3D data volume
to perform post hoc quantification of blood flow parameters
such as total flow, peak velocity, or regurgitant fraction [59,
78-81]. Four-dimensional flow MRI offers a single and easy
method to prescribe the data acquisition (3D volume cover-
ing entire cardiovascular region of interest), instead of mul-

Corrections b
* Maxwell
* Eddy currents
* Anti-aliasing

4D FIowMRI data

Data Preparation
* Noise masking
* 3D-PC-MRA

Imaging parameters
- spatial resolution ~ (1.5-2.5mm)3
- temporal resolution ~ 30-60ms

- scan time ~ 5-15 min
- respiration control

Fig. 7.7 Acquisition of 4D flow MRI data (a) and visualization and
quantification of 3D hemodynamics (b) in the aorta of a healthy subject.
The 4D flow data comprises information along all three spatial dimen-
sion and three velocity directions and time in the cardiac cycle. A 3D
phase-contrast angiogram (b, iso-surface rendering of the aorta) can be

3D PC-MRA & flow visualization & quantification

! .
aorta segnentation
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tiple 2D planes for flow analysis with standard 2D
PC-MRI. Two-dimensional planes are time-consuming and
difficult to position in cases with complex vascular architec-
ture (e.g., congenital heart disease, liver vasculature), often
requiring multiple acquisitions. Moreover, the combination
of 3D blood flow visualization with flow quantification
enables a comprehensive evaluation of the impact of cardio-
vascular pathologies on global and local changes in cardiac
or vascular hemodynamics [82—88].

A growing number of patient studies have demonstrated
the potential of 4D flow MRI for improved characterization
of cardiovascular disease. Previously reported results include
the application of 4D flow MRI for the analysis of 3D blood
flow in the heart [80, 82, 89-93], atria [94, 95] and heart
valves [83, 96-98], the thoracic [7, 84, 85, 98-104] and
abdominal aorta [105], the main pulmonary vessels [62,
106-108], carotid arteries [72, 109-111], large intracranial
arteries and veins [112—116], the arterial and portal venous
systems of the liver [61-63, 117, 118], peripheral arteries
[119], and renal arteries [120-122].

A number of studies have shown that localized alterations
in cardiac and vascular anatomy such as a mild ascending
aortic aneurysms or moderate valve disease can result in
extensive alterations of local blood flow patterns. Such find-
ings indicate a potentially important role for the comprehen-
sive analysis of hemodynamic changes based on 4D flow
MRI rather than relying on simple anatomical parameters
(vessel diameters, stenosis grade, etc.). However, the predic-

peak velocity = 0.81 m/s
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Retrograde Fi
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velocity
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peak vel.= 1.2 m/s
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3D strearlifies &
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calculated from 4D flow MRI data to aid visualization and placement of
analysis planes for retrospective flow quantification. Calculation of a
systolic maximum intensity projection (MIP, right) provides a quick
and easily analyzable overview over systolic velocity distribution
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tive and diagnostic value of the analyzed flow patterns and
quantitative parameters are still limited. The presently avail-
able data does not (yet) allow prognostic statements, and
larger trials including follow-up MR examinations before
and after therapy or during the progression of disease are
needed to evaluate the clinical value 4D flow MRIL

In addition to long acquisition times, another limitation of
4D flow MRI is related to the complex and often time-
consuming post acquisition data analysis. 4D flow MRI can
also provide the opportunity to improve upon current clinical
hemodynamic assessments by deriving additional metrics of
cardiovascular hemodynamics. A number of groups have
shown that 4D flow MRI can be used to derive advanced
hemodynamic measures such as wall shear stress [123—-125],
pressure difference [120, 126-128], pulse wave velocity
[129, 130], turbulent kinetic energy, and others [131, 132]
for an improved characterization of cardiovascular disease
beyond simple measures of flow. More automated methods
for flow visualization and retrospective quantification would
thus be helpful for applications within a clinical workflow.
New software tools and algorithms need to be developed, for
example, to define standardized analysis planes in routinely
acquired 4D velocity data.

In summary, 4D flow MRI has great potential for the
detailed visualization of complex flow patterns associated
with healthy and pathologically altered hemodynamics. The
method allows for the evaluation of a large body of hemody-
namic parameters (flow, WSS, pressure difference maps, tur-
bulent kinetic energy, energy loss, etc.) that can be derived
from the 4D flow data. Initial reports on the clinical applica-
tion of these parameters are promising. It is still unclear,
however, which parameters are most suitable for the evalua-
tion of different types of cardiovascular pathologies.
Longitudinal studies are thus warranted to investigate the
predictive value of novel 4D flow hemodynamic parameters
and their utility to complement existing clinical risk stratifi-
cation and therapy management strategies.

Appendix: MR Signal Phase and Velocity
Encoding

Changes in the MR signal induced by blood flow can be
derived from the precession of spins in local magnetic fields.
The measurement of MR signal phase allows for motion
quantification of moving spins in the blood. The time evolu-
tion of the MR signal phase of the transversal magnetization
of an object at the location 7(f) can be derived from the
spatial-dependent Larmor frequency

o, (Ft)=7(B,+AB, (F)+F(1)G(1)) (.

where B, denotes the static main magnetic field, AB, reflects
contributions by local field inhomogeneities, and G(¢) is the
time-dependent magnetic field gradient. The resulting signal
phase ¢ acquired at echo time TE can be derived by integrat-
ing the Larmor equation resulting in

¢(F.TE) = ¢, (¥)+ yTé(r)?(t)dt

)

(7.2)

where the initial signal phase and the effects of field inhomo-
geneities are combined in the spatially dependent and typi-
cally unknown background phase ¢y(r). To evaluate the
effect of blood flow on the signal phase, the spatial location
of a moving object or flowing spins can be approximated in
first order as 7 (t) =7, + vVt with constant velocity v, i.e., it is
implied that tissue motion or blood flow does not change fast
with respect to the temporal footprint (TE) of the data acqui-
sition. Equation (7.2) then simplifies to

¢ (7. TE) =4, (F)+yf0Tfé(t)dt+y\7TfG(t)tdt

(7.3)
=4, (’7)"'7;{)1‘7]0 'H/W‘Zl

In addition to the background phase ¢,(r), the signal
phase measured at TE is determined by the Oth and first order
gradient moments M, and M, For PC-MRI, a bipolar gradi-
ent is typically used in order to quantify velocities, i.e., two
gradients with identical amplitude G and duration Ar but
with opposite polarity. For a bipolar gradient as depicted in
Fig. 7.8, the symmetry of this gradient scheme results in a
vanishing Oth gradient moment M, = 0 and a first gradient
moment given by M, = — GA#.

As a result, stationary spins no longer contribute to the
signal phase, and Eq. (7.3) reduces to

¢(7,TE) = ¢, () +7VM, (7.4)

The remaining non-zero first gradient moment M, thus
determines the velocity-induced signal phase, and flowing
spins experience a contribution in the signal phase which
is proportional to the velocity v of the moving spins as
illustrated in Fig. 7.8. The flow-induced phase in Eq. 7.4
can be controlled by adjusting the first gradient moment
M, by varying gradient duration Az or amplitude G which
determines the velocity sensitivity venc. However, the
measured signal phase ¢(r, TE) is still offset by the
unknown background phase ¢¢(r). By subtracting the
phase ¢,(r, TE) of an additionally performed reference
scan, the background phase can be eliminated. The result-
ing phase difference A¢ = ¢ — ¢, finally yields the veloci-
ties of the moving spins:
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Fig.7.8 Bipolar velocity encoding gradient and temporal evolution of
the MR signal phase for stationary spins and an object moving with a
constant flow velocity v

V=— (7.5)

The calculated phase difference A¢ reflects changes in
the MR signal phase associated with the motion component
along the direction of the velocity encoding gradient. By
adding a bipolar gradient to the MR pulse sequence along the
read, phase, or slice direction and by subtracting a reference
measurement without encoding gradient, flow or motion
along each individual direction can be directly quantified.
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Contrast Agents in Cardiovascular
Magnetic Resonance Imaging

David J. Murphy and Raymond Y. Kwong

Introduction

The inception of the era of magnetic resonance imaging
(MRI) has transformed modern cardiovascular imaging.
Since Damadian et al. manufactured the first whole-body
MRI machine capable of imaging the human body in 1977
[1], continued advances in MRI technology have placed it at
the forefront of noninvasive cardiovascular imaging. MRI
provides reproducible, multi-parametric, multi-planar two-
dimensional (2D), and three-dimensional (3D) imaging with
high temporal and spatial resolution. MRI has an advantage
over other noninvasive cardiovascular imaging modalities, as
it does not expose the patient to ionizing radiation. It offers
excellent soft tissue contrast, which can be further enhanced
by the use of paramagnetic MR contrast agents, improving
both the signal-to-noise (SNR) and contrast-to-noise (CNR)
ratios.

General Considerations in MRI Contrast
Image Contrast

One of the principal advantages of MRI over other diagnostic
imaging modalities is its superior soft tissue contrast. Image
contrast in MRI refers to relative differences in signal inten-
sity (SI) between different tissues, allowing for their differen-
tiation by the reader on the MR image. Contrast exists
between different tissues due to differences in proton density
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(the number of “MRI visible” protons per unit volume),
inflow phenomena, susceptibility, and the tissue relaxation
time. MRI pulse sequences are designed to emphasize these
differences in signal intensity in order to provide images of
diagnostic quality.

T1 and T2 Tissue Relaxation

When the human body is placed in the MRI magnet, protons
in the body will precess in the strong magnetic field. The pro-
tons will align in the longitudinal direction of the external
magnetic field (By). Each proton has a longitudinal vector
pointing either with the external field (low-energy protons) or
against the field (high-energy protons). Due to the small
excess amount of low-energy protons, the resultant vector is a
steady longitudinal magnetization along the direction of B,
the magnitude of which is proportional to the strength of the
external magnetic field, measured in teslas (T). There is no
resultant vector in the transverse direction, as the individual
protons point in random directions, canceling each other out.
When an external radiofrequency (RF) pulse is applied, this
has two effects. Some of the protons are excited to the high-
energy state, pointing against the longitudinal magnetic field,
and the spins get in phase in the transverse plane. This results
in an overall reduction in the longitudinal magnetization vec-
tor, and an increased horizontal magnetization vector. Once
the RF pulse is turned off, the higher-energy protons lose their
energy and flip back to their low-energy orientation along the
direction of B,,. This process, by which high-energy spins dis-
sipate their energy and transform back to the lower-energy
state, is called T1 or spin-lattice relaxation. This transfer
occurs when a tissue encounters a magnetic field fluctuating
close to its Larmor frequency, which is in turn dependent of
the strength of B,. The T1 relaxation time depends on the net
transfer of energy from the spin to its surrounding environ-
ment (“lattice”), hence the term spin-lattice relaxation. As
spin-lattice relaxation occurs, the longitudinal magnetization
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component recovers in an exponential fashion. T1 is the
length of time it takes for the longitudinal magnetization of a
tissue to recover to 63% of its original value. T1 times vary
between different tissues and among tissues in different mag-
netic field strengths, providing tissue contrast. Tissues with
shorter T1 times have higher SI on T1-weighted images fol-
lowing each RF pulse.

After application of the RF pulse, the spins precess in
phase in the transverse plane, resulting in an overall net
transverse magnetization vector. Small local differences in
the local magnetic field strength cause the spins to rotate at a
slightly different rate, driving them out of phase. This pro-
cess is called T2 or “spin-spin” relaxation. The transverse
magnetization component of a tissue decays in an exponen-
tial fashion to its original zero value. The T2 value for a
given tissue is the length of time it takes to reduce the mag-
netization by 63% of its peak value. T2 relaxation time is
strongly influenced by the local tissue environment.
Inhomogeneities in the local magnetic field (B1) drive faster
local spin dephasing, resulting in a faster decay of transverse
signal, referred to as T2* relaxation.

Relaxivity

MRI contrast agents improve image contrast by shortening
tissue T1 and T2 relaxation times. Paramagnetic contrast
agents shorten T1 and T2 relaxation times of water protons
in their immediate surroundings, creating a locally increased
magnetic field strength. This change in the local magnetic
field strength results in increased local field inhomogene-
ities, driving the shortening of T1 and T2 relaxation. The
resultant increased SI on T1-weighted images provides the
basis behind the use of contrast agents in MR. The degree to
which a contrast agent shortens T1 and T2 is referred to as
relaxivity. This is the inverse of T1 and T2 and is expressed
as R1 (s7!) and R2 (s7), respectively. The increase in R1 or
R2 after administration of a given concentration of contrast
medium (C, mmol/L) is the relaxivity constant of that agent,
denoted as r1 (mM~! s7!) and r2 (mM~! s7!), respectively.

R1=1/Tl1=rlxC

R2=1/T2=1r2xC

As the concentration of the contrast agent (C) increases,
this increases relaxivity, thus shortening T1, resulting in higher
SI on T1-weighted imaging. This does not come without con-
sequences though; T2 is also shortened resulting in lower SI
on all MR images, including those with T1 weighting.

Paramagnetic Metals

Paramagnetic metals function as effective MR contrast
agents due to their ability to add to the local magnetic field.

They shorten both T1 and T2 relaxation times, but it is the
former effect that is the most useful in clinical imaging,
increasing SI on T1-weighted images. All of the lanthanide
(rare-earth) metals with unpaired electrons have potential to
be paramagnetic agents; however, most of these agents are
not suitable for clinical MRI due to their unmatched metal
spin relaxation time and Larmor frequency [2]. Those rare-
earth metals with suitable characteristics for MRI include
gadolinium (Gd**), manganese (Mn?*), iron (Fe*"), and dys-
prosium (Dy**) [3]. Initial studies in the 1980s explored the
use of manganese (Mn*") [4] and iron (Fe**) [5]-based con-
trast agents, before a German group, led by Weinmann et al.,
demonstrated that gadolinium (Gd**) was an effective para-
magnetic ion in terms of T1 relaxivity [6, 7].

Gadolinium

Gadolinium does not produce MRI signal by itself; it
achieves this by altering the surrounding magnetic field. The
Gd* ion has seven unpaired electrons, each of which con-
tributes to a strong magnetic moment, and an unusually
strong hydrogen-proton spin-lattice relaxation effect. This
makes it an ideal paramagnetic contrast agent. The magnetic
moment (p) of each unpaired electron is over 600 times
greater than that of a proton [8]. The T1 relaxation time is
proportional to the square of the magnetic moment (p?); the
presence of Gd** causes protons nearby to relax a million
times faster than usual, resulting in increased T1 SI. The
Gd** ion itself is highly toxic; therefore, they are chelated
with organic ligands to create gadolinium-based contrast
agents (GBCAs) that can be used safely in clinical imaging.

The performance of a contrast agent is highly dependent
on its concentration and its relaxivity constant, a numerical
expression of the extent to which it shortens T1 and T2 relax-
ation times in a given magnetic field strength. The relationship
between signal intensity and gadolinium concentration is
however not linear. At higher concentrations, its T2 shorten-
ing effect can overcome the T1 shortening causing signal loss,
even in T1-weighted images. This is the main reason why
MRI SI is not directly proportional to the concentration of
gadolinium, and why beyond a certain concentration, signal
loss can occur. This effect can be observed in routine clinical
practice as localized signal loss in areas with high gadolinium
concentrations, such as in the urinary bladder, renal collecting
systems, and the veins adjacent to the injection site.

Super-Paramagnetic Agents

Super-paramagnetic agents are another group of rare-earth
metals that can be used as MR contrast agents. They form a
significantly larger magnetic moment than the paramagnetic
agents such as gadolinium. This larger magnetic moment has
a substantially greater effect on shortening T2 rather than T1
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relaxation times, causing areas of reduced SI on T2-weighted
imaging. These agents are made of an iron oxide core or
iron/manganese composite, covered in a polymer matrix.

Gadolinium-Based Contrast Agents (GBCAs)
Basic Structure

All of the gadolinium-based contrast agents (GBCAs) con-
tain the paramagnetic gadolinium ion, Gd**. It is complexed
with a ligand or chelator to protect against the potential toxic
effects of the free Gd* ion. The free Gd* ion is highly toxic
and can competitively inhibit calcium (Ca*) ions, which can
adversely affect enzyme activity and voltage-gated calcium
channels [9]. The presence of a chelator protects the endoge-
nous tissue from interacting with the toxic Gd** ions and
allows the agent to be excreted from the body without under-
going significant biotransformation. In order to prevent dis-
sociation of free Gd* ions from the GBCA in vivo, the
chelator must be powerful [10]. The presence of the chelator
does hinder the paramagnetic effect of the Gd** ions, reducing
the overall relaxivity of GBCAs [11]. Despite the presence of
a chelator, no GBCA is completely resistant to dissociation of
free Gd** ions. It is important, therefore, that GBCAs are rap-
idly cleared from the body after injection and imaging to pre-
vent accumulation of a potentially toxic agent. Currently
available GBCAs are largely cleared by either renal or hepa-
tobiliary excretion, depending on the individual agent.

There are currently nine available GBCAs licensed by the
European Medicines Agency (EMA) and the Food and Drug
Administration (FDA) in the USA for clinical use. The proper-
ties of the common GBCAs are summarized in Table 8.1.
These different agents can be classified according to their
chemical structure. The chelating ligands are either linear or
macrocyclic in structure, and the overall GBCA structure is
either ionic (possessing a charge) or nonionic (neutral). In the
linear agents, the ligand wraps around the Gd** ion, but does
not completely enclose it. The macrocyclic agents consist of a
chelator, which completely surrounds the Gd** ion in a cage-
like structure. The latter agents demonstrate greater stability
in vivo than the linear agents, with little (if any) free Gd** ion
dissociation, even in patients with significant renal impair-
ment [12]. The Gd** ion has nine coordination sites; eight are
used as bonds between the Gd** ion and its chelator, with the
single remaining site of importance in the GBCA’s primary
function as a paramagnetic agent and its interaction with sur-
rounding water molecules [13]. The ionic linear GBCAs
(gadopentetate dimeglumine (Gd-DTPA), gadoxetate diso-
dium (Gd-EOB-DTPA), gadofosveset trisodium (Gd-DTPA-
DO3A)) each have an overall negative charge due to five ionic
carboxylic oxygen-binding atoms (each with one negative
charge) and three neutral amino nitrogen atoms binding with
the Gd** ion. This overall negative charge is neutralized by
the addition of either a sugar amine with a positive charge

(meglumine) or sodium (Na*) ion. The nonionic linear
GBCA (gadodiamide (GD-DTBA-BMA), gadoversetamide
(Gd-DTPA-BMEA)) ligands bind the Gd** ion with three car-
boxylic oxygen-binding atoms, two nonionic carboxylic oxy-
gen-binding atoms, and three neutral amino nitrogen atoms.
This results in no overall charge, but the bind between the Gd**
ion and chelator is weaker than in the linear ionic compounds,
decreasing the stability of the linear nonionic compounds.

The macrocylic GBCAs are derived from a macrocyclic
polyamino ring, with a greater inherent stability compared
with their linear counterparts. The macrocyclic GBCAs can
be divided into ionic and nonionic agents, based on the num-
ber of ionic carboxylic oxygen atoms in the chelator; those
with more than three will have an overall negative charge.
Both the ionic macrocyclic GBCA (gadoterate meglumine
(Gd-DOTA)) and nonionic GBCAs (gadobutrol (Gd-BT-
DO3A), gadoteridol (Gd-HP-DO3A)) are inherently stable.
The nonionic macrocyclic GBCAs have a lower osmolality
and viscosity than the ionic macrocyclic agents [13].

Stability

The stability of GBCAs can be described with reference to
the concepts of thermodynamic and kinetic stability.
Thermodynamic stability is the energy required to break the
bonds between the Gd** ion and its chelator, resulting in
release of the free Gd** ion. Kinetic stability is the rate at
which this dissociation occurs. These properties depend on a
number of factors, including the inherent structure of the
agent (macrocyclic vs linear, strength of ionic bonds present)
and the surrounding environment (temperature and pH). For
clinically available GBCAs, the ligand structure, be it mac-
rocyclic or linear, is the most important variable in determin-
ing dissociation kinetics. This is due to the requirement for
multiple bonds to be simultaneously broken for the Gd** ion
to break free from a macrocyclic ligand, whereas the Gd**
ion can break free from the linear ligands one bond at a time,
akin to opening a zip on an item of clothing. This results in
the macrocyclic agents having a higher kinetic stability com-
pared to their linear counterparts [14]. In addition, linear
GBCAs are more susceptible to competitive reactions
between endogenous cations, such as copper (Cu?*) and zinc
(Zn*"), and the ligand resulting in Gd** dissociation [15]. The
dissociation half-life of GBCAs are reported as kinetic sta-
bility in acidic conditions (pH 1.0), because the dissociation
rates at physiological conditions (pH 7.4) are too slow to
accurately measure [10, 16].

Osmolality
The majority of GBCAs are formulated at 0.5 M (mol/L).

This allows for rapid administration, and by consequence
they are somewhat hyperosmolar relative to plasma. Agents
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with lower osmolality have improved dose tolerance, which
is useful when administering rapid boluses via a power injec-
tor. GBCAs with higher osmolality can be problematic in
cases of extravasation and can result in local soft tissue
necrosis [17, 18].

Biodistribution and Elimination

The distribution of the various GBCAs throughout the body
after administration differs for each agent and is referred to
as biodistribution. After intravenous injection, GBCAs first
enter the bloodstream. From here, the majority of GBCAs
diffuse into the interstitial space (space between cells) from
the capillaries, rapidly reaching equilibrium between the
intravascular and interstitial compartments. Collectively,
these two compartments make up the extracellular compart-
ment. In addition, the GBCA molecules may be taken up by
cells in specific organs (liver and kidney) according to their
chemical structure; this occurs by both active uptake and
passive diffusion. This varying biodistribution of GBCAs
allows us to group them accordingly into extracellular,
intracellular, tissue-specific and blood pool/intravascular
agents [19]. For the majority of commercially available
GBCAs, there is no intracellular distribution, except for
varying hepatocyte uptake for certain agents (gadoxetate
disodium/gadoxetic acid and gadobenate dimeglumine)
[20]. In cardiovascular imaging, we focus mainly on the
extracellular and intravascular agents, as there are currently
no commercially available intracellular GBCAs for cardio-
vascular purposes.

Localization of Cardiovascular GBCAs

The clinical benefit of administering contrast agents relies on
our ability to localize the agent within a given body compart-
ment. This can be achieved by altering a number of different
MRI parameters. After injection of a bolus of contrast agent
into a peripheral vein, it travels through the pulmonary circula-
tion first and then into the arterial system. The rapid acquisition
of images while the contrast agent is in the arterial system is
the cornerstone behind magnetic resonance angiography
(MRA). Figure 8.1 shows examples of MRA that use different
contrast agents. There are a number of methods that can be
employed to appropriately time MRA imaging. One of these
methods is the test bolus method. This involves administering
1-2 ml of contrast and acquiring a series of rapid 2D images of
the vessel in question to determine optimum imaging time. The
diagnostic MRA is then performed using the temporal infor-
mation garnered from the test bolus. Fluoroscopic triggering is
another commonly used technique; this consists of administer-
ing the full bolus of contrast and simultaneously obtaining

rapid, fluoroscopic-like images of the area of interest. When
the bolus is visually detected within the vessel, the operator
can trigger the MRA acquisition. As the contrast bolus enters
the venous circulation, it begins to redistribute from the intra-
vascular into the extravascular interstitial space, eventually
reaching equilibrium. The proportion of the contrast bolus that
leaves the blood pool is inversely related to its avidity of plasma
protein binding.

Extracellular Fluid GBCAs

The majority of GBCAs in routine clinical use are extracel-
lular fluid (ECF) agents. After injection, they initially distrib-
ute in the intravascular space, before rapidly diffusing across
the vascular membranes into the interstitial space, establish-
ing equilibrium. By using specific pulse sequence parame-
ters, it is possible to image the contrast media in arterial,
venous, and equilibrium phases. The arterial phase is the
time between contrast arrival in the arterial region of interest
and venous filling. The timing of the arterial phase is highly
dependent on the patient’s cardiac output but is usually
between 15 s and 25 s. As the contrast fills the venous sys-
tem, it diffuses rapidly into the interstitial space across the
vascular membranes. The equilibrium, or steady-state, phase
occurs after approximately 10 min, as the GBCA concentra-
tion reaches equilibrium between the intravascular and inter-
stitial compartments. Tissues with large interstitial spaces
and/or leakier capillaries will concentrate more GBCA in
this phase, leading to increased SI in these regions during
steady-state phase imaging. Figure 8.2 shows examples of
cardiac late gadolinium enhancement images using different
contrast agents.

ECF GBCAs quickly distribute to the extracellular space
after injection and are excreted via glomerular filtration, with
a terminal half-life for plasma elimination of 90 min for sub-
jects without renal impairment [11, 19]. As these compounds
are exclusively excreted via the kidneys, their rate of elimi-
nation slows down in patients with impaired renal function,
with a strong correlation between the blood elimination half-
life of the agent and creatinine clearance [21, 22].

Binding of GBCA to a protein or other larger molecular
structure can slow down the tumbling rate, increasing the
relaxivity of the agent. Gadobenate dimeglumine
(Gd-BOPTA) and gadoxetate disodium (Gd-EOB-DTPA)
both exhibit weak plasma protein binding (approximately
10%) to the presence of an aromatic ring. This weak
plasma protein binding helps increase relaxivity compared
to the other ECF GBCAs [20, 23, 24]. This plasma protein
interaction does not impact significantly on renal clear-
ance rates, and the nature of the plasma protein interaction
is too weak and transient for them to act as blood pool
agents [19].
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Fig. 8.1 Coronal, arterial phase subtraction maximum intensity pro-
jection (MIP) MRA images of the abdomen and pelvis with different
contrast agents. (a) Macrocyclic ionic GBCA gadoterate meglumine
(Dotarem). (b) Linear ionic GBCA gadobenate dimeglumine
(MultiHance). (¢) USPIO agent ferumoxytol (Feraheme) in a patient

with chronic renal failure. Note that multihance-enhanced images
enhanced the vascular lumen substantially stronger than Dotarem given
its higher relaxitivity. For patients with renal failure who cannot receive
GBCAs, ferumoxytol is a viable option as a intravascular contrast agent
using T1 weighted MRA methods



8 Contrast Agents in Cardiovascular Magnetic Resonance Imaging

133

Fig. 8.2 Cardiac MRI short-axis mid-left ventricle late gadolinium
enhancement images with different GBCAs. (a) Linear ionic GBCA
gadopentetate dimeglumine (Magnevist). (b) Liner ionic GBCA gado-
benate dimeglumine (MultiHance). (¢) Macrocyclic ionic GBCA

gadoterate meglumine (Dotarem). Note that on average multihance can
provide higher signal-to-noise LGE images, but tissue enhancement
may be affected by high protein-binding and it not be consistent with
less protein-bound GBCAs
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Intravascular GBCA

Gadofosveset trisodium (Gd-DTPA-DO3A/MS-325) is cur-
rently the only intravascular GBCA licensed by the FDA. It
was licensed by the European Medicines Agency for distri-
bution in the European Union (EU) in 2005 but was volun-
tarily withdrawn from commercial use in the EU by the
manufacturer in 2011. It is a linear ionic agent, which binds
strongly to albumin, limiting its diffusion into the extravas-
cular space [25, 26]. Its strong albumin binding is due to a
lipophilic albumin-binding group (biphenylcyclohexyl) on
the chelate. The fraction of the agent that binds to plasma
albumin depends on both the concentrations of albumin and
of the agent itself. The overall effect of this is an increase in
plasma relaxivity compared with the extracellular fluid
GBCAs. The increased blood SI is appreciable on
T1-weighted images up to 4 h post administration [27], with
a serum half-life of 2-3 h [28]. Gadofosveset is predomi-
nantly renally excreted, but there is a small component
(approximately 5%) of biliary excretion [29]. It is not com-
pletely confined to the blood pool, with a small proportion
diffusing into the interstitial space. Due to its relatively high
proportion of albumin binding, it is excreted slower than
other GBCAs, with a terminal plasma half-life of 16.5 h in
patients with normal renal function, with slower excretion in
patients with renal impairment [30]. It has a high kinetic
stability compared with the other linear GBCAs, with
in vitro testing showing stability two to three times that of
Gd-DPTA [31].

GBCA-Related Imaging Artifacts

Localized signal loss is one of the commonly observed arti-
facts associated with GBCA use. This primarily occurs in
areas of high concentration of the agent and is caused by
T2-shortening effect. In areas of high GBCA concentration,
the T2 relaxation time is shortened to such an extent that it is
less than the echo time (TE), resulting in localized signal
loss, even on Tl-weighted imaging. This effect can be
observed in extravascular locations of high GBCA concen-
tration, such as the renal collecting systems and urinary blad-
der. It can be relevant in cardiovascular imaging when
performing venous extremity imaging, particularly of the
upper limb, where injection of the limb in question should be
avoided, where possible.

During first-pass imaging with GBCAs, the bolus
increases the magnetic field within the capillaries. Tissues
with a high capillary density experience a greater local
change in magnetic field, creating a gradient in the local
magnetic field between the capillaries and adjacent tissue.
This gradient increases local field (B;) inhomogeneity,

increasing tissue T2*, causing signal loss on susceptibility-
weighted imaging. This T2* effect can be used in clinical
myocardial perfusion MR [32, 33].

Future GBCAs

There are several novel GBCAs currently under investiga-
tion for possible clinical use. Among them are agents with
substantially higher longitudinal relaxivity than those cur-
rently commercially available. Increased relaxivity would
allow for less GBCA to be used, which may help improve
patient safety. GBCAs increase relaxation by creating a
local fluctuating magnetic field. The T1 relaxivity of GBCAs
depends in part on the number of water molecules bound
directly to the Gd** complex. The GBCA complex tumbles
in a solution, creating a fluctuating magnetic field, inducing
local proton relaxation. The tumbling rate is described by
the characteristic rotational time, Ty [34]. The molecular
size, complex rigidity, and affinity of protein binding all
affect the Ty of the agent. Increasing the rotational correla-
tion time (i.e., slowing the tumbling rate) will increase
relaxivity. This can be achieved by making larger molecules,
with more protein binding. A number of new agents are
being trialed, bound to molecules such as albumin, dextran,
and other macromolecules, with up to five times the relaxiv-
ity of current approved GBCAs [35]. There is a trade-off
with this increase in molecule, as it can limit their distribu-
tion throughout the body. This may prove to be advanta-
geous in vascular MRI, but is not desirable for a CMR
contrast agent.

GBCA Adverse Reactions
Allergic-Like Reactions

Adverse reactions to GBCA administration are rare. These
can manifest as non-allergic reactions (headache, fatigue,
nausea, vomiting, taste disturbance) or allergic-like reactions.
Although these adverse reactions can appear allergic in phe-
notype, their precise mechanism at a cellular level is poorly
understood. They do not demonstrate the classic immuno-
globulin (IgE)-mediated response typically seen in type 1
hypersensitivity reactions; however, they do manifest clini-
cally as allergic-type reactions [36]. They can be classified as
either mild, moderate, or severe according to the clinical
severity [37]. Mild reactions manifest as mild pruritus, hives,
and limited cutaneous edema. Moderate reactions have more
prominent symptoms, such as diffuse erythema and pruritus
with stable vital signs. Severe reactions to GBCA are rare
and can manifest as respiratory distress, bronchospasm,
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hypotension, and anaphylaxis and can ultimately lead to car-
diac arrest. The incidence of minor adverse reactions is simi-
lar across all the currently available GBCAs [38-40]. A
retrospective review of over 150,000 GBCA administrations
reported an overall reaction rate of 5.9 per 10,000 injections,
78% of which were classed as mild; the overall rate of severe
reactions was 1 per 40,000 GBCA injection [38]. The
reported overall frequency of allergic-like reactions to
GBCAs of 0.04-0.07% [38, 41] is less than the approximate
rate of 1.5% reported for iodinated contrast media used in
CT and invasive angiography [42].

Risk factors for allergic-type reactions include asthma,
prior allergic-type reaction to contrast media, and prior aller-
gic reaction to substances other than contrast media. Most
mild reactions resolve without any treatment, requiring only
a period of observation before safe discharge from the radi-
ology department. Anaphylaxis to GBCAs is rare but does
occur; a review of the FDA’s adverse event reporting system
from 1988 to 2012 found 614 reported cases of anaphylaxis
associated with GBCAs [43]. Pharmacological therapy for
mild reactions consists of oral antihistamine therapy, with
steroids and bronchodilators required for more serious reac-
tions [44]. In the rare case of a serious or anaphylactic reac-
tion, prompt treatment with epinephrine is lifesaving.

Most patients who develop an allergic-like reaction after
GBCA injection are not precluded from receiving them again
in the future. A recurrence rate of allergic-like reactions of
approximately 30% was reported on one series of over
140,000 GBCA administrations [45]. This risk of recurrence
is reflected in international guidelines. The American College
of Radiology (ACR) and the United Kingdom Royal College
of Radiologists (RCR) recommend the use of steroid and
antihistamine premedication for patients with a history of a
moderate or severe reaction prior to readministration [37, 46].
Even with appropriate premedication, breakthrough allergic
reactions can occur [47]. There is currently no evidence that
steroid and antihistamine premedication reduce the risk of
severe contrast reactions. Therefore, the decision to adminis-
ter GBCA to a patient with a documented history of a severe
reaction or anaphylaxis to GBCAs should be made on a case-
by-case basis, after an individualized risk-benefit analysis.

Extravasation

Extravasations occur when the contrast media escapes from
the venous lumen into the interstitial space during contrast
injection. The incidence of contrast media extravasation can
be reduced by a number of simple steps. Intravenous cannu-
las should be checked that they are appropriate for use prior
to contrast administration by the use of a saline flush. The
use of a 20-gauge or larger cannula in an antecubital or other

large forearm vein is recommended when flow rates of 3 ml/s
or higher are required, and flow rates should not exceed
1.5 ml/s in 22-gauge catheters, or those placed in peripheral
locations, such as in the hands [37]. A test injection may be
performed when using a power injector, which is commonly
used in cardiovascular imaging.

Treatment is usually conservative, involving elevation of
the affected limb and application of a warm or cold compress.
Severe complications include compartment syndrome, skin
ulceration, and tissue necrosis. Most patients respond to con-
servative measures, with a surgical consultation reserved for
those who have progressive pain, altered sensation, skin ulcer-
ation, skin blistering, or reduced capillary refill [44]. The risk
of tissue damage is greater with the higher osmolar GBCAs
[17]. Overall though, the risk of tissue loss is less than with
iodinated contrast used in CT, due to its relative lower osmo-
larity and also due to the lower volumes of contrast media
typically used in cardiovascular MRI compared with CT.

Nephrogenic Systemic Fibrosis (NSF)

Nephrogenic systemic fibrosis (NSF) is an acquired fibros-
ing condition characterized by thickening, induration, and
tightening of the skin with subcutaneous edema. It may be
locally confined to the skin or may have systemic involve-
ment affecting the lungs, skeletal muscle, heart, pericardium,
and kidneys [48]. It is a serious condition, which can be fatal.
The skin thickening and tethering are associated with
increased pigmentation, often beginning in the lower extrem-
ities before progressing cranially [49]. Diagnosis can be dif-
ficult, requiring a detailed dermatological examination,
combined with light microscopy of skin punch biopsy. A
combined clinic-pathological diagnostic scoring system has
been developed by the NSF registry in New Haven (CT,
USA) to aid in the evaluation of suspected cases of NSF [50].
The typical features of NSF are listed in Table 8.2.

Table 8.2 Clinical features of nephrogenic systemic fibrosis [50]

System Clinical feature

Skin Symmetric, bilateral fibrotic indurated papules,
plaques, or subcutaneous nodules
Subcutaneous edema may give rise to a peau
d’orange pattern
Commonly involves lower and upper limbs
Trunk less frequently affected
Head typically spared

Musculoskeletal | Muscle induration and joint contractures can be
seen with severe disease

Eyes Asymptomatic yellowish scleral plaques are
common

Viscera Visceral fibrosis can affect the lungs, diaphragm,
myocardium, pericardium, pleura, and dura mater
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NSF can occur as a late reaction in patients with severe
chronic or acute renal failure after GBCA exposure. The asso-
ciation between this progressive fibrosing condition and
GBCA exposure was first described in 2006 [51]. Prior to this,
GBCAs had been routinely administered to patients with renal
impairment and dialysis patients, patients in whom iodinated
contrast is relatively contraindicated. Following the initial
reports, the FDA issued a “black box” warning on the use of
GBCAs in patients with severe renal impairment [52], fol-
lowed by a similar warning from the EMA [53]. Clinical man-
ifestations of NSF usually occur within 12 weeks of GBCA
administration [50], but some series report delayed onset of
symptoms of up to 3 years [54]. This latency period may be
even longer in selected cases, with one case report of a 10-year
interval between GBCA exposure and NSF presentation [55].

The risk of NSF post GBCA exposure depends on three
factors: the patient’s renal function, the type of GBCA used,
and the dose administered [56]. Of these, renal function is the
most important risk factor. The risk is greatest in patients on
renal dialysis, in patients with stage 5 chronic kidney disease
(GFR < 30 ml/min) not on dialysis, and in patients with acute
kidney injury (AKI). The risk is dependent on the severity of
renal dysfunction, regardless of its etiology or duration [54].
One retrospective study found an incidence of NSF of 18% in
patients with stage 5 chronic kidney disease (CKD) post
gadodiamide administration [57]. In contrast, the risk of NSF
is lower in patients with CKD stages 1-4 [57, 58].

The type of GBCA used greatly influences the risk of
developing NSF. Almost all of the reported cases of NSF
have been reported after exposure to gadodiamide, gadover-
setamide, or gadopentetate dimeglumine. A comprehensive
review of the 1395 cases of NSF reported up to 2014 found
that 76.2% of cases had exposure to gadodiamide, 40.1% to
gadopentetate dimeglumine, and 7.3% to gadoversetamide
[59]. Both the FDA and EMA classify these three GBCAs as
high-risk agents in terms of NSF risk [56]. Gadodiamide has
the most amount of reported cases of NSF, with a three- to
sevenfold higher risk than other GBCAs in patients with
renal impairment [60]. In vulnerable patients, the dose of
GBCA administered is a contributing factor in the risk of
developing NSF. A retrospective analysis of 300 patients
who received gadodiamide found an increased incidence of
NSF in patients with renal impairment that received twice
the regular dose (0.2 mmol/kg), compared with patients who
received a standard dose (0.1 mmol/kg) [61].

The differential NSF risk among the licensed GBCAs is
due mainly to differences in their chemical structure. As
described in earlier sections, the macrocyclic agents offer
better protection of the toxic Gd** ions than their linear coun-
terparts. Among the linear agents, the nonionic compounds
have the weakest binding between the ligand and the Gd**
ion, due to the reduced number of binding carboxyl groups.
These linear nonionic compounds are the least stable agents
and thus have the highest NSF risk.

The exact mechanism by which NSF occurs has not yet
been fully elucidated. One theory is that Gd** is caused to
dissociate from the GBCA compound by the binding of
endogenous cations in plasma, such as Fe**, Zn**, Cu?*, and
Ca*, to the chelating ligand. This process is called trans-
metallation. Supporting this theory are several studies dem-
onstrating alterations in serum levels of these endogenous
elements following GBCA exposure [62-64]. Zinc is the
main cation that displaces Gd*, due to its high blood con-
centrations. The transmetallation process occurs preferably
in patients with renal impairment due to the increase in elim-
ination half-life of the GBCA. In patients with normal renal
function, this is approximately 90 min and can be prolonged
to over 24 h in patients with advanced renal impairment.

Free Gd* ions, once released from the chelator through
this process, bind to endogenous anions, particularly phos-
phate (PO,"). The resulting complexes between gadolinium
ions and endogenous anions form insoluble salts, which pre-
cipitate and deposit in tissues. These salts are then engulfed
by circulation macrophages, which release multiple proin-
flammatory and profibrotic cytokines. These in turn attract
circulating fibrocytes, which begin to synthesize and deposit
a fibrotic extracellular matrix [49, 56, 65]. This excess of
fibrotic tissue manifests clinically as the dermal and visceral
fibrosis that characterizes NSF.

Several different therapies have been trialed for NSF, such
as plasmapheresis, phototherapy, and monoclonal antibod-
ies, but no agents have to date proved curative [56].
Restoration of normal renal function is the only strategy
which has been proven to halt NSF progression, and cure has
been reported in patients post recovery from AKI and follow-
ing successful renal transplantation [66].

With these limitations in NSF treatment, the emphasis is
on prevention. This depends on appropriate GBCA use,
namely, in terms of the choice of agent, dose of agent, and
patient selection. Patients with CKD 4 and 5, patients on
dialysis (hemodialysis and peritoneal dialysis), and patients
with AKI have the highest risk for developing NSF. Patients
with CKD 3 (eGFR 30-59 ml/min) are at a lower risk, and
there are no cases to date of NSF reported in patients with an
eGFR >60 ml/min [67]. Almost all confirmed cases of NSF
followed exposure to a linear nonionic GBCA.

Once at-risk patients are identified, strategies to prevent
NSF include performing MRI without GBCA, performing an
alternative imaging modality, and delaying the examination
until renal function improves. If performing an MRI with
GBCA is deemed essential, then an agent with a low NSF risk
(macrocyclic agents) should be used, at the lowest dose possi-
ble in order to obtain diagnostic image quality. No cases of
NSF were reported in reviews of almost 400 patients on dialy-
sis who received either gadoterate or gadoteridol, both macro-
cyclic GBCAs [68, 69]. Performing hemodialysis post GBCA
exposure in vulnerable patients cannot reverse fibrotic tissue
formation, but it can remove the contrast agent [70]. If it is to
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be performed, one suggested regimen is to start hemodialysis
within 2 h of GBCA exposure and to perform several addi-
tional sessions over subsequent consecutive days [71]. There is
no current recommendation for patients on peritoneal dialysis.

Since the link between NSF and GBCAs was established
in the mid-2000s, the number of reported cases has reduced
dramatically with the prudent use of GBCAs in at-risk
patients. It has not been completely eliminated, however, and
continued vigilance is necessary.

Gadolinium Deposition in Patients
with Normal Renal Function

It was widely believed up until the recent few years that
GBCAs were completely eliminated from the body in patients
with normal renal function. However, there is emerging data
demonstrating tissue gadolinium accumulation in patients
with normal renal function post GBCA exposure [65]. This
deposition had been demonstrated in studies of postmortem
neuronal tissue, with the greatest accumulation reported in
the dentate nucleus, with lesser amounts detected in the thala-
mus, dentate, pons, and globus pallidus [72]. The neuronal
deposition can be associated with dose-dependent increased
SI on non-contrast T1-weighted sequences, most marked in
the dentate nucleus in the cerebellum and in the globus palli-
dus [73]. As described with NSF risk, the rates of brain depo-
sition appear to correlate with the stability of the GBCA used.
The agent most associated with neuronal deposition is the
linear nonionic GBCA gadodiamide [74]. The more stable
macrocyclic agents have, in general, not been associated with
significant increases in cerebral T1 SI [75]. The macrocyclic
GBCAs, however, do not seem to be completely without risk,
with brain deposition reported following exposure to the mac-
rocyclic nonionic agent gadobutrol [73]. This suggests that
the risk of brain deposition cannot be solely evaluated based
solely on GBCA ligand-structure morphology. The only
GBCA which has not yet been associated with either increased
cerebral T1 signal or pathological neuronal deposition is the
macrocyclic ionic agent gadoterate meglumine [76].
Gadolinium accumulation has also been reported in the
bone and skin in patients with normal renal function at the
time of GBCA exposure [77, 78]. Darrah et al. found evi-
dence of gadolinium deposition in femoral head bone sam-
ples collected at the time of total hip replacement, up to
8 years after GBCA exposure [79]. It is unclear yet whether
the accumulated gadolinium represents free or chelated
Gd**; however, the greater concentrations of tissue deposi-
tion associated with the less stable GBCASs (linear nonionic)
suggest the deposition is predominantly free Gd**. The
known toxic effects of free Gd** result from either its ability
to compete competitively with Ca>* or its insolubility at
physiologic pH, causing it to precipitate as an insoluble salt
causing local macrophage activation, as previously described.

The clinical significance and long-term effects, if any, of
the tissue gadolinium accumulation observed in patients
with normal renal function are not yet clear. All GBCAs
probably deposit in vivo to some degree, but at present it is
only the weaker linear chelates that have been definitively
linked to a meaningful disease in NSF. It is likely that the
amount of gadolinium tissue deposition strongly influences
the development of a definite clinical entity. No definitive
clinical syndrome resulting from this gadolinium deposition
has yet been isolated, but it is under investigation by the FDA
[80]. Its ultimate significance is yet to be determined.

GBCAs and Sickle Cell Disease

The administration of GBCAs to patients with sickle cell dis-
ease has previously been an issue of controversy. In vitro
studies have demonstrated that deoxygenated red blood cells
align perpendicular to the magnetic field [81]. It has thus
been suggested that the increased magnetic moments associ-
ated with the administration of a paramagnetic contrast agent
may increase the proportional perpendicular alignment, pre-
cipitating a vaso-occlusive crisis. Despite this, there have
been no documented cases of vaso-occlusive or hemolytic
complications related to GBCAs to date [82]. The use of
GBCAs in cardiovascular MRI for patients with sickle cell
disease does not appear to be associated with increased fre-
quency of adverse events.

GBCAs and Pregnancy

Pregnant women and breastfeeding mothers are a special
population group with regard to GBCA exposure. There is
little data on GBCA administration in pregnancy and
uncertainty as to whether GBCAs can enter the fetal circu-
lation via the placenta. Given the recent reports of gado-
linium tissue deposition, the advice in current guidelines
against administering GBCAs in pregnancy in the absence
of a very strong clinical indication are prudent. When
imaging lactating mothers, one of the more stable macro-
cyclic agents should be used, and breastfeeding should be
stopped for 24 h post contrast administration to limit pos-
sible infant exposure. To date, there have been no reported
cases of adverse events occurring in infants that are breast-
feeding after maternal GBCA exposure, but a cautious
approach should be taken given the infant’s immature renal
system.

GBCAs and the Environment

In the past number of years, there have been increasing reports
of the detection of anthropogenic (pollutant) rare-earth metals
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in surface water. Chief among them has been the detection of
anthropogenic gadolinium in surface and drinking water [83—
86]. The cause of this is felt to be largely due to the use of
GBCAs in medical imaging, and some of the highest concen-
trations are to be found near to medical facilities [83]. The
concentrations that have been found in the ecosystem are well
below those that could be harmful to the aquatic ecosystem.
To date, there have been no adverse outcomes reported from
the presence of trace anthropogenic gadolinium in drinking
water, but this is under continued surveillance by the environ-
mental regulatory agencies.

Non-gadolinium-Based Cardiovascular MR
Contrast Agents

Iron Oxide Nanoparticles

Iron oxide nanoparticles (ION) have been investigated over
the last two decades as potential alternative MRI contrast
agents. Below a certain particle size, they exhibit superpara-
magnetic properties, strongly reducing T1, T2, and T2*
relaxation times. They differ from paramagnetic agents in
that they only exhibit magnetization when in the presence of
an external magnetic field. Structurally they consist of a
magnetic iron oxide core, covered in a nonmagnetic polymer
coating. The coating is crucial for making the agent soluble
and usually consists of the polysaccharide dextran or a deriv-
ative. After intravenous administration, they disperse in the
blood pool. They do not undergo renal excretion; rather, they
are taken up by monocytes/macrophages and are incorpo-
rated in the reticuloendothelial system [87]. They can be
classified according to their size into superparamagnetic iron
oxide particles (SPIO) measuring 50-250 nm and ultra-small
SPIO (USPIO) measuring 20-50 nm. USPIOs cause a strong
reduction in T1, T2, and T2* relaxation times. This results in
significant signal loss on T2-weighted images, but it does
also significantly shorten T1 relaxation, allowing its use as a
positive contrast agent with T1-weighted imaging.

Ferumoxytol

Ferumoxytol is an USPIO agent that has been under investi-
gation as an MR contrast agent for over a decade [88]. It has
been approved by the FDA as a therapeutic preparation for
the treatment of iron-deficient anemia in patients with
chronic kidney disease [89]. Its use as an MR contrast agent
is currently off-label. Given the risks outlined of using
GBCAs in patients with severe renal dysfunction, ferumoxy-
tol has emerged as an attractive alternative.

Due to its relatively small size (approximately 30 nm),
carbohydrate coating and neutral charge ferumoxytol have a
prolonged intravascular time of 12—15 h, allowing for a long

vascular imaging window [87, 90]. As a USPIO agent, it
undergoes phagocytosis by macrophages after a delay, con-
centrating it in areas of increased inflammation. This unique
property allows for the identification of pathological areas of
inflammation [91].

Intravenous iron is associated with a risk of anaphylaxis
and hypotension. Ferumoxytol was specifically designed to
minimize the risk of a severe adverse reaction; nevertheless,
serious adverse reactions do occur. The reported rates of ana-
phylaxis with its therapeutic use ranges from 0.02% to 1.3%
[92]. In 2015, the FDA issued a black box warning on the use
of ferumoxytol, with 79 cases of anaphylaxis reported after
approximately 1.2 million therapeutic doses [93]. The mech-
anism of this reaction is felt to be due to bioactive-free iron
causing mast cell degranulation [94]. The overall risk of seri-
ous adverse events appears similar to that of iodinated con-
trast media, and higher than GBCAs, although the latter
comparison is mitigated somewhat by its superior safety pro-
file in patients with renal impairment.

Typical imaging doses of ferumoxytol are usually
1.5-4 mg/kg, diluted with normal saline at a ratio of 1 part
ferumoxytol to 4 parts saline [88, 90, 92]. This is signifi-
cantly less than the therapeutic dose for treating anemia of
1020 mg, approximately 14.6 mg/kg for a 70 kg adult. For
vascular MRI, injection rates of 2 ml/s are commonly used,
followed by a saline chaser [90]. MR image SI may be
altered by ferumoxytol for days to months after administra-
tion, be it for therapeutic or diagnostic purposes. This allows
for the use of slower, high-resolution 3D MRA techniques
[95]. High injection rates have been associated with signal
loss artifact on T1-weighted images during arterial phase
imaging which can mimic thrombus, likely due to T2%*-
shortening effects of concentrated ferumoxytol [96].

Ferumoxytol has a number of potential applications in
cardiovascular imaging. It has been successfully used in aor-
tic and peripheral vascular imaging, with potential applica-
tions in coronary artery MRA and cardiac MRI [90, 97].
Studies in patients with myocardial infarction suggest that
ferumoxytol may be useful in estimating the size of the
infarct up to 96 h after administration due to its increase
macrophage uptake in infarcted myocardium, manifesting as
signal loss on T2-weighted imaging [98, 99].

Other Iron Oxide Agents

Aside from ferumoxytol, a number of other USPIOs have
been investigated as potential MR contrast agents.
Ferumoxtran-10 is an USPIO agent with similar properties to
ferumoxytol with a dextran polymer coating [87]. It was
extensively investigated as a potential cardiovascular MR
contrast agent in clinical studies but was discontinued in
2010. The carboxydetran-covered agent ferucarbotran
(Resovist), a SPIO agent, was previously approved for use in
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liver imaging and was investigated as a potential CMR con-
trast agent before it was discontinued from clinical use in
2009 [87]. Recently, there has been interest in another group
of IONSs that are even smaller than USPIOs, called very small
SPIOs (VSPIO) with a size <20 nm, although these agents are
still at the experimental phase [100]. The ability of USPIOs
enhanced MRI to detect inflammatory processes associated
with a range of cardiovascular pathology is an exciting pros-
pect, with a number of potential clinical applications.

Manganese-Based Contrast Agents

Manganese (Mn2+) is an essential element of human diet
and a paramagnetic lanthanide metal. It has five unpaired
electrons, which accounts for its powerful paramagnetic
properties, shortening both T1 and T2 relaxation times con-
siderably. It is toxic in its free form and is thus chelated
onto a ligand for clinical use. Mangafodipir trisodium
(Telescan, GE healthcare, Milwaukee, WI) is the commer-
cially available manganese-based contrast agent, consisting
of the manganese ion chelated to dipyridol diphosphate.
T1-shortening effects predominate at lower concentrations,
with T2-shortening effects predominating at higher concen-
trations. It is taken up by hepatocytes and predominantly
excreted via the biliary system, a feature which is taken
advantage of in its principal application in hepatic MRI
[101]. Mangafodipir trisodium was investigated as a poten-
tial MR contrast agent for first-pass myocardial perfusion
imaging, but has not been widely adopted in clinical
practice.

Other manganese-based contrast agents are currently under
investigation as potential cardiovascular MR contrast agents.
Manganese chloride is one such agent, with potential as an
intracellular contrast agent [102]. Free manganese ions act as
calcium analogues, are taken up into myocardial cells via
voltage-gated calcium channels, and are then retained in myo-
cyte mitochondria. This intracellular uptake potentially allows
for the detection of infarcted myocardium with accuracy
[102]. There are concerns about the use of manganese as an
intracellular contrast agent at high doses due to the possibility
of inducing acute heart failure. An initial study on humans has
demonstrated safety of magnesium chloride as a cardiac MR
contrast agent when used at a small dose [102]. Further clini-
cal studies, however, are required if it is to become a clinically
useful contrast agent for cardiovascular imaging.

Clinical Applications
Magnetic Resonance Angiography (MRA)

Contrast-enhanced magnetic resonance angiography
(CE-MRA) techniques provide excellent angiographic

images without radiation. Modern MRA techniques, such
as centric k-space filling and parallel imaging, allow for
arterial phase imaging without venous contamination with
excellent SNR and CNR. In terms of contrast agents used in
MRA, GBCAs predominate, with recent interest in the use
of ferumoxytol in selected patients. GBCAs with high
relaxivity that remain within the blood pool are the most
attractive from an image quality point of view. However,
safety considerations, such as NSF risk and brain deposi-
tion, must also be taken into account when choosing a
GBCA for MRA. The linear ionic GBCA gadobenate
dimeglumine is still the most commonly used contrast
agent in CE-MRA. Although it is not an intravascular
agent, it does have a higher degree of protein binding than
the majority of the other GBCAs and has a relatively higher
relaxivity. Gadobenate dimeglumine provides diagnostic
MRA quality compared with the traditional vascular imag-
ing gold standard, invasive digital subtraction angiography
(DSA) [103].

The approval of the first predominantly intravascular
GBCA, the linear ionic agent gadofosveset trisodium was
much heralded due to its high relaxivity and high protein
binding. Its added diagnostic benefit above that of the ECF
GBCAs, however, has not proved to be universally accepted.
Since its initial approval by the EMA in 2007, it has since
been withdrawn from the EU for commercial reasons.
Several direct comparisons with gadobenate dimeglumine
have not revealed a significant improvement in arterial phase
image quality [104—-106]. Gadofosveset trisodium does offer
an advantage over the extracellular GBCAs in intravascular
SIin equilibrium phase imaging performed more than 15 min
postinjection [107].

Concerns over the safety of GBCAs are important when
choosing an agent for MRA. Both gadobenate dimeglumine
and gadofosveset trisodium are linear ionic agents, placing
them in the intermediate risk category for the development of
NSF in susceptible patients. The recent discovery of cerebral
gadolinium deposition in patients with normal renal function
is also of concern, although the clinical significance of this
phenomenon is yet to be determined. The currently available
GBCA with the most favorable risk profile in terms of NSF
and cerebral deposition is the macrocyclic ionic agent
gadoterate meglumine. This agent has inferior protein bind-
ing and relaxivity compared with some of the other GBCAs,
but this is somewhat offset by its safety profile. Its macrocy-
clic, ionic structure renders it a highly stable GBCA. There
have to date been no reported cases of NSF with this agent,
even in patient with severe renal dysfunction [108, 109], and
it is also the only GBCA in which cerebral deposition has not
been demonstrated [76]. In patients whom GBCA adminis-
tration is not desirable, the USPIO agent ferumoxytol has
recently emerged as a viable alternative, providing diagnos-
tic quality MRA images, although concerns do exist about its
risk of hypersensitivity reaction.
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Cardiac Magnetic Resonance (CMR)

One of the major advantages of CMR as an imaging modality
is its ability to distinguish damaged from normal myocar-
dium. The use of MR contrast is crucial to this. As described
before, extracellular GBCAs rapidly dissociate into the
extracellular space after intravenous administration, before
slowly washing out again. The increased extracellular space
found in areas of infarcted or edematous myocardium results
in accumulation of ECF GBCA, manifesting as increased SI
on Tl-weighted imaging relative to normal myocardium.
This helps differentiate normal from damaged myocardium
and is the basis behind the use of late gadolinium enhance-
ment (LGE) imaging, performed 10-20 min after GBCA
administration. LGE imaging is a fast, robust, reproducible
method of determining myocardial viability in patients with
reduced left ventricular function and can predict the likeli-
hood of recovery in contractile function post revasculariza-
tion [110, 111]. To achieve good LGE imaging, itis preferable
to use a GBCA that is not highly protein-bound, allowing it
to freely dissociate into the extracellular space. This is the
converse of the features desirable in a CE-MRA agent. To
assess for myocardial viability, the ideal contrast agent would
be one that is taken up by myocardial myocytes, but there are
no such commercially available MR contrast agents. The lin-
ear ionic GBCA gadopentete dimeglumine was traditionally
the most commonly used agent, usually at a dose of 0.15—
0.2 mmol/kg. There are safety concerns about this agent, and
the other linear GBCAs, primarily due to the risk of NSF. As
a result, many institutions have switched to using macrocy-
clic agents GBCAs in CMR, such as gadobutrol and gadoter-
ate meglumine at a dose of 0.1-0.15 mmol/kg, without a
significant deterioration in diagnostic image quality [112].

Aside from LGE imaging, the assessment of myocardial
perfusion in patients with suspected coronary artery disease
is the other major reason to use contrast in CMR. In myocar-
dial perfusion imaging (MPI), the increase in myocardial SI
during the first pass of a GBCA bolus through the myocar-
dial microcirculation correlates with coronary blood flow,
with significant CAD manifesting as segmental areas of
hypoperfusion in a typical coronary arterial distribution
[113, 114]. This can be performed both at rest and after
administration of a pharmacological vasodilator stress agent
such as adenosine or regadenason. Quantitative myocardial
perfusion techniques are now available, allowing more accu-
rate assessment of myocardial blood flow [115].

Conclusion

The use of contrast in clinical cardiovascular MRI is cru-
cial in improving the ability to make accurate diagnoses.
Advances in MR technology bring exciting new possibili-
ties for the use of contrast media in cardiovascular MR,

but continued vigilance is required to ensure the highest
standards of patient safety.
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Safety and Monitoring for Cardiac
Magnetic Resonance Imaging
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Introduction

Cardiovascular magnetic resonance imaging (MRI) has
become the modality of choice in the evaluation and treat-
ment of cardiovascular disorders. Cardiac MRI allows for a
comprehensive noninvasive assessment of cardiovascular
anatomy and physiology with unsurpassed soft tissue resolu-
tion and multi-planar imaging capability without the need
for ionizing radiation. Cardiac MRI is a safe imaging modal-
ity without any side effects in the vast majority of patients.
However, with the growing number of patients with higher
acuity of disease referred to cardiac MRI, some specific
safety and monitoring issues should be addressed.

First, the number of patients treated with permanently or
temporarily implanted cardiovascular devices with potential
electromagnetic interaction with the MRI environment is
increasing. Familiarity with each device class and its poten-
tial for electromagnetic interaction is essential for radiolo-
gists and cardiologists performing cardiac MRI. There is a
remarkable and ever-increasing variety of implanted medical
devices, which have the potential for interaction with the
powerful main and gradient magnetic fields imposed by the
MRI scanner as well as the radio-frequency (RF) energy that
is deposited in the patient. Therefore, the risk associated with
implanted ferromagnetic devices may be lower in magnets
with lower field strengths relative to high field units.

Second, the (repeated) use of gadolinium-based contrast
agents (GBCAs) in cardiac MRI, especially in patients with
reduced kidney function, is associated with rare though sig-
nificant side effects. The most important and potentially fatal
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side effect is nephrogenic systemic fibrosis (NSF) which
involves fibrosis of the skin and internal organs and is
believed to be caused by prolonged tissue exposure to
GBCAs in patients with reduced kidney function. Another
only recently reported possible adverse effect involves gado-
linium deposition in the brain of patients who received mul-
tiple doses of GBCAs. To date, no adverse health effects of
gadolinium deposition in the brain have been identified,
though further research is warranted and preventive recom-
mendations should be adopted. Prevention of these adverse
reactions involves identification of patients at risk, risk-ben-
efit evaluation of the need for contrast administration in car-
diac MRI, understanding the risks associated with different
types of GBCAs, and considerations of alternative methods
of diagnostic imaging (e.g., computed tomography or ultra-
sound) relative to MRI.

Finally, safety issues of cardiac MRI in pregnant or lactat-
ing women include possible adverse biological effects of the
magnetic fields, RF energy deposition, acoustic noise, or
fetal exposure to GBCAs. While there is to date no indication
that CMR during pregnancy has produced deleterious effects
in humans, data is limited and additional investigations are
warranted to fully characterize the risks associated with
CMR in pregnant patients. Cardiac MRI can generally be
used on pregnant patients if other forms of diagnostic imag-
ing are inadequate or would require exposure to ionizing
radiation.

Because of the wide range of circumstances encountered
in the MRI suite, the descriptions that follow should not be
construed as recommendations that are appropriate for all
patients. The reader is encouraged to consult dedicated hand-
books or websites dedicated to MRI safety (e.g., www.mri-
safety.com) that provide more specific information regarding
specific safety concerns. The final decision to perform MRI
is frequently made by considering the potential benefit of
MRI relative to the associated risks.
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Patient Condition and Monitoring

As the indications for cardiovascular MRI expand, patients
with higher acuity of disease and increased dependence on
monitoring and intervention are referred for MRI. Patients
with cardiovascular disease are often referred for imaging in
the setting of arrhythmias, hypotension, myocardial isch-
emia, or congestive heart failure. Contrast administration,
prolonged supine imaging, and interaction with implantable
or temporary devices may lead to changes in patient condi-
tion during the MRI examination. Appropriate monitoring
with continuous electrocardiogram (ECG) telemetry, pulse
oximetry, non-invasive blood pressure, and a well-rehearsed
plan for monitoring of patient symptoms and treatment are
essential for all cardiac MRI studies. To perform MRI safely,
some devices may have to be disabled, and patient monitor-
ing is limited. To increase safety, steps need to be taken to
replace the disabled function.

Potential for Interaction with Implanted
Devices

Ferromagnetic materials in a magnetic field are subject to
force and torque. The potential for movement of an implanted
device in the MRI environment depends on the magnetic
field strength, ferromagnetic properties of the material, the
implant distance from the magnet bore, and the stability of
the implant [1].

The RF and pulsed-gradient magnetic fields in the MRI
environment may induce electrical currents in leads and
other ferromagnetic wires within the field. Implant length
(vs. the RF wavelength) and conformations such as loops
favor improved transition of energy to the implanted device.
RF pulses may also lead to implant heating and tissue dam-
age at the device-tissue interface.

Sophisticated electronic implants, such as those in neuro-
stimulators, pacemakers, and implantable cardioverter defi-
brillators (ICDs), have the potential for receiving
electromagnetic interference in the MRI environment, result-
ing in programming changes or loss of function.

Patient Screening

Given the potential risks listed, it is essential to conduct a
systematic review of the patient’s condition, implanted
devices, and safety for MRI. At our institution, all patients
are asked to review, answer, and sign a safety questionnaire
(Fig. 9.1). A time-out is the last step immediately before
starting the MRI to perform a final check to make sure the
correct patient undergoes the correct MRI procedure. The

latest data regarding the MRI safety of devices commonly
used in cardiovascular patients are reviewed here.

Devices with Potential for Interaction
with Magnetic Resonance Imaging

ECG Leads

Metallic telemetry leads used routinely for patient monitor-
ing can induce artifacts and may heat in the MRI environ-
ment, resulting in skin burns. Specially designed
non-ferromagnetic ECG leads and filtered monitoring sys-
tems have been designed for the MRI environment up to
1.5 T (e.g., S/5 MRI Monitor, Datex-Ohmeda, Finland;
http://www.gehealthcare.fi/kliiniset_jarjestelmat/hoitoal-
ueet/perioperatiivinenhoito/potilasvalvonta/fi_FI/
iMMMRI/_files/76784165497602959/default/
MRI_8004924.pdf). Such systems also offer continuous
SpO, monitoring, which in our experience is an invaluable
tool for monitoring of the cardiac rhythm, especially when
the ECG signal, despite filtering, becomes unreadable in the
setting of specific MRI pulse sequences.

Sternal Wires

Sternal wires used for closure after thoracotomy procedures
are typically made of stainless steel, which is minimally fer-
romagnetic. Animal studies have suggested the safety of
MRI in this setting [2]. Over the course of 15 years in a large
acute care hospital setting, one patient had chest discomfort
that was classified as “possibly” related to sternal wires; the
MRI in this case was discontinued, with resolution of symp-
toms and no further complications. However, sternal wires,
similar to any other metallic implant, typically induce sus-
ceptibility artifacts in the immediate area and may limit
imaging of the anterior right ventricle [3].

Epicardial Wires

Temporary epicardial pacing wires are routinely cut short at
the skin and left in place after cardiac surgery. There are
reports of safe performance of MRI in patients with such
retained temporary wires [4, 5]. Permanent epicardial pacing
leads and patches placed at cardiac surgery, however, have
more ferromagnetic materials and are prone to heating in the
MRI environment. Unlike endovascular leads, these devices
are not cooled by the blood pool, and in experimental models
up to 20 °C of heating has been observed [6]. For this reason,
at our institution, we do not scan patients with permanent
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epicardial leads and patches. Temporary epicardial wires are
removed prior to MRI whenever possible.

Prosthetic Valves, Annuloplasty Rings,
and Transcatheter Valves

Ex vivo studies of a variety of current prosthetic valves and
annuloplasty rings, including the mechanical St. Jude, Bjork-
Shiley, and Carbo-Medics and bioprosthetic (with metal
struts) such as the Hancock, have shown minimal torque and
heating (<0.8 °C) at 1.5 T and with specific absorption rates
limited to 1.1 W/kg [7-9]. Artifact size correlated with the

amount of metal in the device and was exaggerated on gradi-
ent echo pulse sequences.

Shellock also evaluated prosthetic valve and annuloplasty
ring safety at 3 T, revealing minor magnetic field interactions
[10]. Studies to determine the force required to cause partial
or total detachment of a heart valve prosthesis in patients with
degenerative valvular disease have found that forces signifi-
cantly higher than those induced at 4.7 T would be required to
pull a suture through the valve annulus tissue [11].

The only prosthetic valves previously thought to have
potential for experiencing enough force and torque to cause
clinically concerning problems were the Star-Edwards pre-
6000 series prostheses. Deflection measurements at 1.5 T
revealed forces similar to peak forces exerted by the beating

NIH Rad & IS MRI Contrast Information and Questionnaire

Your doctor requested an MRI scan that is performed with the administration of “MRI contrast” by

vein. MRI contrast is used to “enhance” the MRI pictures which can help to see the effects of certain
diseases and aid in making diagnoses. Although MRI contrast agents are extremely safe, as with any
medication, there is a potential for side effects or adverse reactions.

During the injection, it is not uncommon to have a metallic taste in your mouth of to feel warm or cold
at the site where the injection is performed. These are expected, and not considered adverse
reactions.

Minor adverse reactions, such as nausea and vomiting as well as allergic reactions, such as itching or
hives are possible during the injection.

Serious reactions rarely occur, however it is possible. A serious reaction can include shortness of
breath, asthmatic attacks, convulsions, shock, or even death. Life threatening reactions are
exceedingly rare. We estimate life threatening reactions will occur about 7 times per one million
injections.

The need for blood work prior to the administration of IV contrast media depends on many factors
such as age, a history of diabetes, and a history of kidney or liver failure or transplant. Your
technologies will review these potential risk factors prior to starting your exam.

You may refuse the contrast injection at any time, However please be aware that this may limit our
ability to answer the clinical questions being asked by your doctor. If you have any questions, please
ask to speak to the Radiology Nurse, Technologist, or Radiologist. They will be happy to answer your
questions.

Please check: Please check:

Yes No Unsure Yes No
O O O | have you had MRI contrast before? O O Diabetic
O O Dialysis
O O O Have you had a bad reaction to MRI contrast?| © O Kidney tumors
) O O Kidney or Liver disease
O O O ?
Have you had MRI contrast in the last 2 days? O O Abnormal Kidney function

Signature:
Patient/Parent/Guardiant:

(Circle one)

TIME-OUT: Tech 1 Tech 2 DATE:

Fig. 9.1 Sample patient safety questionnaire
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Fig. 9.1 (continued)

If you are a woman

Y N

O O Breast feeding

O O IUD, or pessary

O O Tissue Expanders (breast)
O O Pregnant (possibly pregnant)

g

Eye Implants

[ONONORE 4

o
]

th
N

r

OO OO <<

dentures

N

]

O History of or currently a welder

O Prior injury to the eye involving metal

O Bullet or shrapnel injury

O Tattoos or tattooed eye-liner

O Metal fragments in your body

O Dental braces, spacers, bridges, or

NIH Rad & IS MRI Safety Questionnaire

Implanted Medical Devices
No data in implant registry

Internal electrodes

Mechanical device

Prosthetic heart valve

Aneurysm clips or coils

Artificial limbs or joints

Radiation seeds or implants

Ear Implants (e.g. cochlear)

Prosthesis (breast or penile)

Pins, screws, or other fixation hardware
Stent, filter, or coil within the last 3 mos.

[cNoNoNoNoNoNoNoNONON
[eNoNoNoNoNoNoNoNoNON

MRI Conditional devices*

Y N
O Programmable shunt
O Deep brain stimulator
O Vagal nerve stimulator
O Pacemaker or pacer-wires
O Baclofen / medication pump
must be assessed before and/or after MRI procedure

*OO OO O

Devices which must be removed prior to MRI:

Y N

O O Insulin Pump

O O Hearing Aides(must be removed)

Y N
O O Body piercing/ jewelry metal clothing
O O Skin medication (transdermal) patch

Please explain any “yes”answers in detail:

PATIENT:

Signature:

Date:

MRI

TECHNOLOGIST: / have reviewed this document and
verbally interviewed the patient prior to performing the

Date:

Signature:

heart itself [7], leading to initial recommendations to exclude
patients with this device series from MRI procedures.
However, later studies revealed lower peak forces exerted
even on this prosthetic series, and cardiac MRI is considered
safe in these patients [12]. Mechanical valves do not appear
to be prone to induced lead currents [9].

Although there are no reports of patient injury in the MRI
environment caused by the presence of a heart valve, there
are theoretical concerns about MRI at 1.5 T and higher field
strengths. One such theoretical concern is the tendency of a
metallic object to develop an opposing magnetic field to that
through which it moves (the Lenz effect). Such a secondary
magnetic field may result in a resistive pressure to opening
and closing of a disk prosthesis within the valve [13]. Bjork-
Shiley convex/concave heart valves (Shiley, Irvine, CA) are
associated with an increased risk of mechanical failure
because of outlet strut fracture. These valves are associated

with large susceptibility artifacts under MRI, and such arti-
facts may increase in size in fractured valves [14].

Edwards et al. evaluated multiple heart valve prostheses
for MRI-related forces in static fields up to 4.7 T. Most were
found to be safe based on current criteria. However, valves
made of Elgiloy, a Ni-Co-Cr base paramagnetic engineering
material [15], such as the Carpentier-Edwards Physio Ring
were found to be prone to rotational forces at such high field
strengths [16].

Transcatheter-placed heart valves are sutureless and
therefore could be more susceptible to magnetically induced
valve dehiscence during MRI. Percutaneous aortic valves in
particular have the theoretical potential for coronary occlu-
sion with dislodgement. Limited initial reports have shown
cardiac MRI to be safe in patients with pulmonary and aortic
transcatheter-placed valves [17], though further studies are
warranted and specific guidelines should be followed, most
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frequently found at the company’s website. If MRI is deemed
necessary, a waiting period of 6-week post-implant to allow
firm fixation by tissue ingrowth is preferred, similar to rec-
ommendations for sutureless septal occluder devices.

Coronary Stents

In vitro studies have shown minimal heating of coronary
stents in the MRI environment [18]. Stent dislodgement,
even micro-dislodgement, is of theoretical concern because
of the potential for dissection, embolism, and thrombosis.
However, most stents are made of materials with little or no
ferromagnetism, such as stainless steel, nitinol, or titanium.
In vitro and in vivo studies of stent movement have shown
minimal movement caused by MRI [19, 20]. Despite manu-
facturer recommendations to wait 8 weeks after stent place-
ment prior to imaging, no adverse effects have been noted
because of MRI even in the acute post-stent period [21, 22].

A study of acute MRI after deployment of drug-eluting
coronary stents (Taxus, Boston Scientific, Natick, MA;
Cypher, Cordis, Johnson & Johnson, New Brunswick, NJ)
revealed no acute thrombosis and 9-month adverse events
comparable to that expected without MRI [23]. In vitro test-
ing of another drug-eluting stent (Endeavor, cobalt alloy,
Medtronic Vascular, Santa Rosa, CA) has also been per-
formed, revealing minor magnetic field interactions, heating
(+0.5 °C), and artifacts [24]. Electric resonating “active”
coronary stents designed to act as electric resonating circuits,
thus functioning as inductively coupled transmit coils to
allow high-resolution imaging of in-stent restenosis, have
been tested in vitro and in animal models [25]. However,
thus far, no studies have examined the safety profile of these
stents in clinical human cardiac MRI.

New stents are continuously developed, and each patient
should be individually evaluated whether cardiac MRI can
be performed safely. MRI should never be performed if there
is a suspicion that a stent is not positioned properly.

Non-coronary Stents

MRI of non-ferromagnetic nickel titanium aortic stents has
been safely performed in patients with minimal artifact
[26]. Ex vivo studies have revealed no deflection forces and
minimal heating, limited to 1.1 °C. Despite the recommen-
dation by some authorities to delay MRI for 6 weeks after
implant in the case of ferromagnetic large vessel stents
[27], safe imaging has been reported in the acute post-
implant period [28]. Similar to coronary stents, each patient
should be individually evaluated, since, to date, not all
stents have undergone MRI testing and new stents are con-
tinuously developed.

Coils

In vitro tests of non-ferromagnetic platinum microcoils have
revealed no coil migration and minimal susceptibility arti-
facts [29]. Three-dimensional time-of-flight MRI has been
performed for follow-up of patients with Guglielmi detach-
able coils within a week post-deployment for treatment of
intracranial aneurysms [30]. Substitution of digital subtrac-
tion angiography by MRI in this patient population was safe,
produced minimal artifact, and helped identify thromboem-
bolic events associated with balloon-assisted deployment
[31, 32]. Chronic studies have revealed that time-of-flight
MRI is not only safe but also may indeed be more sensitive
at identifying residual flow in coiled aneurysms than tradi-
tional plain radiographs and digital subtraction angiography
[33, 34]. In a case series of diffusion and perfusion MRI in
patients with ruptured and unruptured intracranial aneu-
rysms treated by intravascular coiling, no MRI-related com-
plications were reported, and stents and platinum coils added
negligible effects on the quality of images [35]. Multiple
coils have been evaluated at 3-Tesla, and though magnetic
field interactions are stronger than at 1.5 Tesla, similar to
other implants, fixation by tissue ingrowth is sufficient to
prevent dislocation [36]. Therefore, postponing MRI until at
least 6 weeks after implantation is prudent. If there is a clini-
cal indication for MRI in the acute setting, the diagnostic
benefits of MRI probably outweigh the risks of MRI.

Filters

Initial testing of Greenfield filters for deflection at 1.5 T
found large variations in the amount of deflection experi-
enced by each device [37]. However, in vivo studies showed
no evidence of migration [38]. Although the stainless steel
filters such as Tulip and Bird’s Nest filters cause extensive
signal voids, the susceptibility artifacts associated with most
filters appear to be minimal [39]. Imaging of the tantalum or
titanium alloy filters is associated with such minimal artifact
that even intraluminal tilting of the device, post-filter turbu-
lence, and thrombi trapped within the filters can be visual-
ized [40, 41]. A study comparing the sensitivity of MRI vs.
ultrasound to assess inferior vena cava patency in the setting
of Simon nitinol filters concluded that MRI is the superior
modality [42]. It is recommended to wait at least 6 weeks
after filter placement before MRI to allow firm tissue fixa-
tion. If clinically necessary, earlier MRI can be considered
on an individual base as long as there is no suspicion of a
non-properly positioned filter. Placement of vena cava filters
guided by MRI has been attempted; however, it is limited by
only passive visualization of the implanted device [43].
Techniques to improve real-time visualization of the vessel
and interventional instruments are under development [44].
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Septal Defect Closure Devices

An in vitro study to evaluate the safety of 12 different occlud-
ers used to treat patients with patent ductus arteriosus, atrial
septal defects, and ventricular septal defects in a 1.5-T sys-
tem was performed by Shellock and Morisoli. Occluders
made of 304 stainless steels were ferromagnetic and dis-
played deflection forces of 248-299 dynes, whereas those
made of MP35n were non-ferromagnetic. Artifacts were
variable depending on the type and amount of metal used to
construct the implant. The authors recommended a waiting
period of 6 weeks post-implant to allow tissue growth and a
stronger implant-tissue interface prior to MRI [45].

Real-time MRI guidance with the use of intravascular
antenna guidewires has been used to image atrial septal
defects and deploy Amplatzer Septal Occluders in swine
[46]. CardioSEAL Septal Repair and STARFlex Septal
Repair Implants have been tested for MRI compatibility at
3 T. Only minor translational attraction or torque was noted,
leading the authors to conclude that MRI even at 3 T could
be performed immediately post-implantation. Temperature
rises were limited to 0.5 °C, and artifacts were minimal [47].
However, if there is any doubt about the integrity of the fixa-
tion parts of a ferromagnetic septal closure device, no MRI
should be performed to prevent dislocation.

Vascular Access Ports and Catheters

Shellock and Shellock tested a variety of vascular access
catheters made of titanium, polysulfone, barium sulfate, or
silicone, such as the commonly used Vital-Port and Hickman
catheters, for MRI safety. Vascular access ports have been
assessed at 3 T, and no significant magnetic interaction was
noted. Interestingly, even nonmetallic vascular access ports
are seen on MRI because they contain silicone, and the sig-
nal should not be interpreted as an abnormality [48, 49].

Guidewires, Angiography,
and Electrophysiology Catheters

Guidewires are typically made from stainless steel or nitinol
(nickel/titanium alloy) and are prone to heating and lead cur-
rents in the MRI environment, even leading to iatrogenic
skin burns in one case report [S0]. However, the use of guide-
wires with RF decoupling to reduce heating may lead to suc-
cessful MRI-guided wire and catheter placement [51].
Angiography and electrophysiology catheters with any form
of internal or external conductive wire may be prone to heat-
ing or induced lead currents and are contraindicated in the
MRI environment. Patients with cardiovascular catheters
with internal or external conductive wires therefore should

not undergo MRI, unless specific testing of the hardware has
demonstrated otherwise. However, multifunctional electro-
physiology catheters that also act as long loop receivers,
allowing for catheter visualization, intracardiac electrogram
recording, and ablation during MRI, have been developed
and are currently under testing [52-54].

Swan-Ganz and Thermodilution Catheters

Swan-Ganz and thermodilution catheters contain long wires
made of paramagnetic or magnetic materials, and the tips are
not fixed. Therefore, they may be prone to movement,
heating, and induction of current and are not safe in the MRI
environment [27].

Implantable Monitors

The SJM Confirm (St. Jude Medical, Sylmar, CA) and
Reveal LINQ (Medtronic, Minneapolis, MN) are insertable
cardiac monitoring systems that can be activated by preset
heart rate limits or a patient trigger. These devices are con-
sidered MRI conditional. Specific MRI scanning for these
devices can be found at their respective manufacturer’s
website.

Temporary Pacemakers

To our knowledge, there are no studies assessing the safety
of temporary pacemakers in the MRI environment. Unlike
permanent devices, temporary pacemakers typically have
unfixed leads and are more prone to movement. Furthermore,
the leads are longer and may be more prone to induction of
lead currents. Finally, the electronic platform of external
temporary pacemakers is less sophisticated and has less fil-
tering compared to modern implantable pacemakers.
Therefore, such devices are likely more susceptible to elec-
tromagnetic interference.

Permanent Pacemakers and Implantable
Cardioverter Defibrillators

Because of underlying structural heart disease and accompa-
nying conduction system disease or risk of ventricular
arrhythmia, a significant proportion of patients referred for
cardiac MRI have permanent pacemakers and implantable
defibrillators [55-57]. It has been estimated that a patient
with a pacemaker or implanted defibrillator has a 50-75%
likelihood of having a clinically indicated MRI over the life-
time of their device [58]. The potential for movement of the
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device [59], programming changes, asynchronous pacing,
activation of tachyarrhythmia therapies, inhibition of demand
pacing [60], and induced lead currents leading to heating and
cardiac stimulation [61] has led to concerns from device
manufacturers [62—-64] and MRI authorities [65, 66] regard-
ing the performance of MRI procedures in cardiac implant-
able device recipients. For these reasons, a pacemaker
historically has been considered a contraindication for MRI.

However, several case series have reported the safety of
MRI in the setting of pacemakers [67-71]. A small case
series has also reported neurological MRI in the setting of
selected implantable cardioverter defibrillator systems
(ICDs) [72]. Overall, safety has been reported, but acute
changes in battery voltage, lead thresholds, and program-
ming can be seen. More recent pacemakers have decreased
ferromagnetic components and more streamlined electronic
wiring and are less prone to interactions with the MRI mag-
netic field. The first pacemaker labeled as “MR conditional”
became available in 2011 (Revo MRI SureScan by
Medtronic). According to the 2013 ESC guidelines on car-
diac pacing and cardiac resynchronization therapy, patients
with these pacemakers can undergo MRI following strict
guidelines and manufacturer’s instructions [73]. The US
Food and Drug Administration (FDA) has currently approved
two major groups of MRI conditional devices for safe human
MRI scan (SureScan group of devices by Medtronic and
ProMRI group by Biotronik).

At our institution, we have developed a protocol regard-
ing the management of “MRI conditional” pacemakers that
are FDA approved. This protocol is listed below:

A. Scheduling of the exam:

1. MRI should be performed six or more weeks post
device implantation.

2. MRI exam should only be performed on anatomical
areas approved by the device manufacturer
guidelines.

3. Obtain cardiology consult:

(a) Identify the exact make and model of the device
and leads implanted.

(b) Confirm device six or
implantation.

(c) Contact vendor as necessary to verify the patients’
pacing system.

(d) If required, perform and evaluate screening x-ray
to confirm appropriate device and device position.

4. Contact radiology MRI chief technologist/MRI phy-
sician leads.

(a) Confirm the device MRI safety with the manufac-
turer manual.

(b) Confirm anatomic coverage.

(c) Discuss scheduling considerations
availability.

more weeks post

and staff

(d) Assist with scheduling options on 1.5 T scanner.

5. Schedule MRI examination. Order must include the
following information:

(a) Body part to be examined.

(b) Precise device type/model number.

(c) Statement that cardiology consult has been
obtained.

B. Performance of the MRI scan:

1. Interface with manufacturer representative to pro-
gram the device to MRI safe program mode before
the scan.

2. A certified health care provider will be present during
the entire scan (e.g., online training for SureScan
devices: http://www.medtronic.com/mrisurescan-us/
radiologytutorial.html).

3. MRI is performed during normal business hours, so
that the code team is expected to be available (i.e.,
availability in MRI expected to be less than 2 min.)

4. MRI technologist:

(a) Confirm device type.

(b) Perform standard MRI safety screening.

(c) Insure that manufacturer-specific conditions are
met (correct slew rate and SAR).

(d) Perform the exam on 1.5 T scanners.

(e) Continuous monitoring of the patient during the
exam is mandatory; verbal contact, ECG monitor-
ing, and pulse oximetry.

(f) Discontinue scan/remove patient from scan room
in the case of patient distress, loss of verbal con-
tact, ECG monitoring, or pulse oximetry.

(g) Radiology or other physician staff needs to be
physically present in the department.

C. On completion of scan, consult with cardiology if repro-
gramming of the device following completion of the scan
is necessary.

Steps detailed above are related to FDA-approved devices
only and not all the conditional devices. MRI scanning of
devices that are not FDA approved or under conditions that
are not FDA approved is not covered by this policy and is not
to be electively performed.

Non-FDA-Approved Devices For specialized centers
with the staff expertise in electrophysiology, a number of
centers have developed approaches to performing MRI
scans in patients with non-FDA-approved pacemakers and
ICDs. An outline at our institution with programming steps
to reduce the risk of inappropriate pacemaker inhibition or
activation or inappropriate activation of tachyarrhythmia
functions is shown in Fig. 9.2 [74]. Note that extensive
device experience is required to safely evaluate non-FDA-
approved devices, and on-site programming capability is
required.
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Fig. 9.2 Safety protocol for
MRI of patients with
non-FDA-approved
permanent pacemakers and
implantable defibrillators
[74]. Reprinted from Nazarian
et al. [[74]], http://circ.
ahajournals.org/
content/114/12/1277 with
permission from Wolters
Kluwer Health
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Devices should be programmed to minimize inappropri-
ate activation or inhibition of brady-/tachyarrhythmia thera-
pies, and MRI sequences should be used with a specific
absorption rate (SAR) of maximum 2.0 W/kg. It is important
to note, however, that because of poor correlation of heating
at different specific absorption rates across different scanners
even within those of the same manufacturer, the specific
absorption rates from the authors’ results should not be
directly applied to other MRI systems [75].

In general, ICDs tend to be more problematic than con-
ventional pacemakers as they contain more ferromagnetic
components and electrodes placed inside the myocardium.
Strict adherence to manufacturer guidelines therefore
remains essential when scanning these patients, as potential
problems are still reported [76, 77].

Neurostimulation Systems

In vitro studies of a chronic deep brain stimulation system
(Soletra model 7426, Medtronic) at 1.5 T have revealed tem-
perature rises as high as 25 °C depending on the type of RF
coil used, positioning of the electrodes, and the specific
absorption rate of sequences [66, 78]. Such excessive heat-
ing was thought to be avoidable by using send/receive head
RF coils and limiting the SAR of sequences to 2.4 W/kg
using a 1.5-T/64-mHz Vision MR imaging system (Siemens
Medical Systems, Iselin, NJ) [79]. Another in vitro study
using a 1.5-T Sonata MRI system (Siemens Medical
Systems) to scan bilateral neurostimulation systems (Soletra
7246, 7495, and 3389, Medtronic) revealed temperature rises
limited to 2.1 °C [80]. Criteria to permit MRI up to 3 T are
further defined by recent studies, including MRI-guided
neurostimulator placement to increase placement accuracy
and reduced intervention time [81-83].

Note should be made that a study has revealed poor cor-
relation of heating at different SAR across different scanners
even within those of the same manufacturer, and therefore
the results of the previous studies should not be applied to
other MRI systems [75]. Importantly, several reports of
injury during MRI of patients with neurostimulation systems
exist in the literature, and experts advise judicious use of
MRI, only when clinically warranted, following the specific
guidelines of the manufacturer, using send/receive head RF
coils, and limiting the SAR to 0.4 W/kg [78, 84-86]. Note
that limiting SAR in combination with send/receive RF coils
is not currently approved for all MRI scanners in conjunction
with deep brain stimulators.

Intra-aortic Balloon Pumps

An animal study assessed the recovery of left ventricular
function after myocardial infarction with and without bal-

loon counterpulsation via MRI. During this study, the intra-
aortic balloon pump was paused during the scan. Although
MRI safety was not the primary outcome assessed; no
untoward side effects of MRI in this setting were reported
[86]. More studies are needed to assess the safety of MRI in
the setting of intra-aortic balloon counterpulsation prior to
human studies with MRI.

Ventricular Assist Devices

Ventricular assist devices have high metal content, compli-
cated circuitry, and in some cases magnetic field dependence
for appropriate function. There is no literature regarding
MRI in patients with implanted assist devices. Because of
the issues listed and high potential for catastrophic device
failure, MRI is an absolute contraindication in patients with
current ventricular assist devices.

Orthopedic Implants

Most orthopedic implants have been reported to be non-fer-
romagnetic or weakly ferromagnetic and therefore are safe
for undergoing MRI at 1.5 T [87]. The Perfix interference
screw (Instrument Macar, Okemos, MI) used for anterior
cruciate ligament reconstruction is the only hardware found
to be highly ferromagnetic. However, the strength of the sur-
rounding tissue provides sufficient retentive force to provide
for safe imaging of patients with these implants. Some non-
ferromagnetic hardware, especially cervical and external
fixation systems, show significant heating due to their shape
and the formation of conductive loops, especially at 3 T [88].
Shellock tested a variety of orthopedic implants at 3 T and
found low torque measurements for most devices except for
the bone fusion stimulator. However, this device is also likely
safe for imaging given its typical position in the patient with
respect to the static magnetic field of MRI and retentive
strength of the subcutaneous and granulation tissue [10].

Image Artifacts

The presence of ferromagnetic materials can cause variations
in the surrounding magnetic field, resulting in image distor-
tion, signal voids or bright areas, and poor fat suppression,
especially at 3 T [89]. Susceptibility artifacts appear to be
most pronounced on inversion recovery and steady-state free
precession sequences.

In our experience, artifacts on inversion recovery pre-
pared delayed cardiac MRI show high signal intensity and
can mimic areas of delayed enhancement, which would oth-
erwise indicate myocardial scar. Correlation of suspect areas
on different pulse sequences can help avoid misidentification
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of artifact. Using imaging planes perpendicular to the plane
of the device generator, shortening of the echo time, and
using spin echo and fast spin-echo sequences appear to
reduce the qualitative extent of artifact.

Risks Associated with the Use of Gadolinium-
Based Contrast Agents

Pharmacokinetics of Gadolinium-Based
Contrast Agents: Relation with Kidney
Function

GBCAs are administrated intravenously with rapid equili-
bration in the extracellular fluid space which consists of the
intravascular and interstitial compartments. Six out of nine
currently clinically approved GBCAs (gadopentetate
dimeglumine [Magnevist], gadodiamide [Omniscan], gado-
versetamide  [OptiMARK], gadoterate  dimeglumine
[Dotarem], gadobutrol [Gadovist], and gadoteridol
[Prohance]) only distribute in the extracellular fluid space.
These agents are almost exclusively eliminated by the kid-
neys with a half-life time in the blood of 1.5 h in patients
with normal kidney function [90-94].

Gadobenate dimeglumine [Multihance] and gadoxetate
disodium [Eovist in the USA, Primovist in Europe] are spe-
cifically used for imaging of the hepatobiliary system. They
are taken up by hepatocytes and partially cleared by the hepa-
tobiliary system (2-4% for gadobenate dimeglumine and
50% for gadoxetate disodium), with renal excretion for the
remainder [95]. Gadofosveset trisodium [Ablavar in the USA,
not approved in Europe] is a blood pool agent used for MRI
angiography. Gadofosveset reversibly binds serum albumin
which limits its distribution mainly to the intravascular space.
Like other GBCAs it is mainly renally excreted [96].

Given the central role of renal excretion, the clearance rate
of GBCAs is strongly correlated with kidney function. Chronic
kidney disease (CKD) is divided into five stages based on the
glomerular filtration rate (GFR), and GBCA half-life increases
exponentially with more severe stages of CKD [97]:

GFR (mL/
Stage min/1.73m?)
Stage 1 | Normal kidney function but urine or other | >90
abnormalities point to kidney disease
Stage 2 | Mildly reduced kidney function, urine, or | 60-89
other abnormalities point to kidney
disease
Stage 3 | Moderately reduced kidney function 30-59
Stage 4 | Severely reduced kidney function 15-29
Stage 5 | Very severe or end-stage kidney failure/ <15 (or
dialysis dialysis)

Delayed elimination of GBCAs in patients with renal
insufficiency has important consequences. One possible side
effect is the dissociation of the GBCA molecule in a free

gadolinium ion (Gd**) and ligand. Free gadolinium had poor
solubility, precipitates in the interstitial tissue, and is
extremely toxic. Another side effect is the slow diffusion of
the contrast agent into different deep compartments. Several
reports have shown enhancement of the cerebrospinal fluid
space on MRI 1-2 days after GBCA administration in
patients with renal failure [98, 99]. Possible health risks
associated with free gadolinium diffusion include nephro-
genic systemic fibrosis (NSF) and recent observations of
gadolinium deposition in the brain which are discussed
below.

To prevent these adverse health effects, renal function
should be assessed in all patients before GBCA administra-
tion. The creatinine clearance rate is the golden standard to
assess kidney function before MRI and shows good correla-
tion with the blood half-life of GBCAs. However, its assess-
ment requires blood sampling and is time-consuming. An
alternative approach is the use of the “Choyke question-
naire,” originally developed in 1998 to prevent iodinated
contrast agent-induced nephropathy [100, 101]. A com-
pletely negative response to this six-question patient survey
(history of (1) preexisting renal disease, (2) proteinuria, (3)
prior kidney surgery, (4) hypertension, (5) gout, or (6) diabe-
tes) can identify patients with normal creatinine levels with a
sensitivity of 94%.

Immediate Adverse Reactions

The first GBCA was approved for clinical use in 1988 (gado-
pentetate dimeglumine, Magnevist, Bayer Healthcare
Pharmaceuticals, Wayne, NJ), and >200 million doses have
been administered worldwide since then. GBCAs are well
tolerated by the vast majority of patients, and the frequency
of immediate adverse reactions in GBCAs is lower than in
iodinated contrast agents [102, 103]. Contrary to iodinated
contrast agents, the risk of reaction is not related to the osmo-
lality of GBCAs as the low doses used make the osmolar
load very small. The frequency of all acute adverse effects
after clinical GBCA injection (0.1-0.2 mmol/kg) ranges
from 0.07% to 2.4%. Most of these adverse effects are mild
and non-allergic, including nausea, dizziness, headache, and
local paresthesia. Allergic reactions are extremely rare with
an estimated frequency of 0.004-0.079%. Urticaria and rash
are the most common allergic reactions, while severe, life-
threatening anaphylactic reactions are exceedingly rare
(0.001-0.01%).

Risk factors for allergic reactions to GBCAs are female
sex, asthma, and various allergies, including previous aller-
gic reaction to iodinated contrast agents. The recurrence rate
of hypersensitivity reactions in patients with previous reac-
tion to GBCAs is estimated at 30%, and appropriate premed-
ication should be considered in patients with a previous
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allergic reaction [104]. The treatment of immediate adverse
reactions to GBBAs is similar to that for adverse reactions to
iodinated contrast agents. Guidelines for treatment of adverse
reactions to iodinated and gadolinium-based contrast agents
can be found on the websites of the American College of
Radiology and the European Society of Urogenital Radiology
(www.ACR.com and www.ESUR.org).

Late Adverse Reactions

Nephrogenic Systemic Fibrosis

Nephrogenic systemic fibrosis (NSF) is a potentially fatal
disorder first identified in 1997 and reported in 2000 [105].
NSF is characterized by progressive tissue fibrosis, predomi-
nately involving the skin but also affecting internal organs
such as the heart, lungs, liver, and muscles. In 2006, an asso-
ciation between gadodiamide (Omniscan, GE Healthcare,
Piscataway, NJ) and NSF was proposed [106].

Free gadolinium ions (Gd**) have been shown to stimu-
late the expression of profibrotic cytokines and growth fac-
tors in vitro and in vivo [107]. Therefore, the dissociation of
free gadolinium ions from the chelate GBCA molecule is
generally accepted to be the primary etiology of NSF. The
stability of GBCAs is dependent on their molecular struc-
ture with two major determining factors: linear versus mac-
rocyclic and ionic versus nonionic structure. Macrocyclic
agents are more stable than linear ones, while ionic agents
are more stable than nonionic ones. Thus, ionic macrocyclic
GBCAs are least likely to release free gadolinium which
may induce NSF, followed by nonionic macrocyclic, ionic
linear, and nonionic linear GBCAs, respectively. In an
in vitro stability study in human serum, nonionic linear
GBCAs showed 20% dissociation, while ionic linear
GBCAs demonstrated only 1.1-1.9% gadolinium release.
All three macrocyclic GBCAs showed no detectable free
gadolinium dissociation [108]. Consequently, the least sta-
ble GBCA (gadodiamide) is associated with the most cases
of NSF in the current literature. Reduced kidney function is
another important risk factor for NSF, as the slower renal
excretion of GBCAs in these patients allows more time for
gadolinium dissociation [109, 110].

The American College of Radiology 2013 Manual on
Contrast Media classifies GBCAs in three groups based on
the association with NSF [111]:

e Group 1| agents (gadodiamide, gadopentetate dimeglu-
mine, and gadoversetamide) are the least stable and are
associated with the majority of NSF cases.

e Group 2 agents (gadobenate dimeglumine, gadobutrol,
gadoterate meglumine, and gadoteridol) are associated
with few, if any, unconfounded cases of NSF. (Gadoterate
meglumine is a relatively newer contrast agent; it is a

macrocyclic agent and will likely also be classified as a
Group 2 agent.)

e Group 3 agents (gadofosveset trisodium and gadoxetate
disodium) only recently appeared on the market with only
limited data for these agents, though to date, no, if any,
cases of NSF have been associated with these agents.

GBCAs can be used at label doses, only if the added diag-
nostic information is essential and not obtainable with non-
contrast-enhanced MRI. The use of group 1 agents in patients
with GFR < 40 mL/min/1.73m? is not recommended by the
American College of Radiology. The US Food and Drug
Administration (FDA) has indicated these group 1 agents are
contraindicated for GFR < 30 mL/min/1.73m?. Both the
American College of Radiology and the European Society
for Urogenital Radiology have published guidelines for the
use of GBCAs in patients at risk for NSF[111, 112]. Cautious
use of GBCAs in patients with reduced kidney function and
a shift to more stable agents have resulted in no confirmed
cases of NSF since 2009.

Multiple treatment modalities have been attempted in NSF
patients with limited benefit, including physical therapy, ultra-
violet A phototherapy, imatinib mesylate, sirolimus, and extra-
corporeal photopheresis. None of these therapies have been as
effective as spontaneous restoration of kidney function or
renal transplantation in NSF symptom reduction [113-117].
For patients who are eligible, early transplantation should be
considered to halt or reverse the progression of NSF.

Gadofosveset has a specific label indication in the United
States for MR angiography for evaluation of aortoiliac occlu-
sive disease in adults with known or suspected peripheral
vascular disease. MRI of the heart is considered off-label use
of gadolinium contrast agents. The use of these agents is sup-
ported by a large number of literature studies, often at doses
that exceed that used of other parts of the body [118].

Gadolinium Deposition in the Brain

The first reports of increased signal intensity in the dentate
nucleus and globus pallidus on unenhanced T1 brain images
in patients who received multiple doses of linear GBCAs
were published in 2014 [119]. Autopsy studies provided
pathologic confirmation that the T1 shortening is the result
of gadolinium deposition with a dose-response relationship
with higher gadolinium deposition in patients who received
more doses of linear GBCAs [120, 121]. Interestingly, there
was no association with renal function nor administration of
macrocyclic GBCAs. Similar to NSF, it is presumed that dis-
sociation of gadolinium from the chelate molecule leads to
gadolinium deposition in the brain.

To date, the available information does not identify any
adverse health effects of brain gadolinium deposition (http://
www.fda.gov/downloads/Drugs/DrugSafety/UCM455390.
pdf). However, there is sufficient evidence to critically
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review GBCA administration policy. In our institution, a set
of recommendations has been adopted: (1) strictly follow
FDA label indications and dosing schemes for GBCA admin-
istration; (2) only use GBCAs when clinically indicated or
when specified in a research protocol; (3) consider using a
macrocyclic GBCA rather than a linear agent; and (4) for
patients with document adverse reactions to macrocyclic
agents, linear agents can be used [122]. The choice of GBCA
should be individualized at each institution, based on spe-
cific indications and experience. Further research is war-
ranted to evaluate the hazardous effects, if any, of brain
gadolinium deposition.

Cardiac MRI and Pregnancy

Present data have not conclusively documented any adverse
effects of MRI on the developing human fetus. Nevertheless,
it is recommended to screen all females of reproductive age
for pregnancy before MRI. According to the 2013 ACR guid-
ance document on MR safe practices, MRI can be performed
during pregnancy if the diagnostic information cannot be
obtained by other nonionizing methods (e.g., ultrasonogra-
phy), the diagnosis will affect the patient care or fetus during
the pregnancy, and the referring physician believes that it is
not feasible to wait until the patient is no longer pregnant
[123]. The ACR does not give special consideration to the
first trimester of pregnancy, though many institutions still
discourage MRI during the first trimester as some animal
studies have shown deleterious effects during this phase of
pregnancy [65, 124].

GBCAs should not routinely be administered to preg-
nant patients. To date, there is no evidence of teratogenesis
or mutagenesis after fetal exposure to GBCAs during preg-
nancy [125, 126]. However, at least some of the GBCAs
readily pass through the placental barrier. After fetal renal
clearance, these agents may remain in the amniotic fluid,
potentially allowing for release of toxic-free gadolinium
ions. Even though a recent study suggests that the fetal con-
centration of GBCAs may be lower than previously thought,
the risk of GBCA administration remains unknown, and
GBCAs should only be administered if their usage is abso-
lutely necessary and the potential benefits outweigh the
risks to the fetus [127]. The dose of the GBCA should be as
low as possible with a preference for a stable (macrocyclic)
agent.

Premedication is indicated in a pregnant patient with a
previous allergic reaction to GBCAs. Most schemes consist
of an HI antihistamine (diphenhydramine) and a steroid
(prednisone or methylprednisolone). Diphenhydramine is
classified in FDA category B (animal reproduction studies
have failed to demonstrate a risk to the fetus, and there are
no adequate and well-controlled studies in pregnant

women), while prednisone and methylprednisolone are
considered FDA category C (animal reproduction studies
have shown an adverse effect on the fetus, and there are no
adequate and well-controlled studies in humans, but poten-
tial benefits may warrant the use of the drug in pregnant
women despite potential risks). Steroids may lead to fetal
adrenal suppression, and methylprednisolone slightly
increases risk for cleft lip in the fetus if used before
10 weeks of gestation [128].

Excretion of GBCA in breast milk is minimal, and available
data suggest that interruption of breastfeeding is not necessary
after maternal GBCA administration [111, 129]. However, if
the patient is concerned, breastfeeding may be interrupted for
12-24 h to allow for excretion of the contrast agent.

Summary The diagnostic benefits of cardiovascular MRI are of criti-
cal importance in the management of an ever-increasing number of
patients with cardiovascular disease. Patients with higher morbidity are
referred for MRI, raising specific safety concerns. Although techniques
for safe imaging in the setting of certain devices have been developed,
the potential for catastrophic complications still exists and dictates a
high degree of vigilance for safe imaging. The reader is encouraged to
consult websites that provide more specific information regarding indi-
vidual devices and safe administration of GBCAs (e.g., www.mrisafety.
com and www.ACR.org). The final decision to perform cardiac MRI
should be made on an individual basis considering the potential benefit
of MRI relative to the associated risks.
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