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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

M. Akgakaya

Department of Medicine (Cardiovascular Division), Beth Israel
Deaconess Medical Center and Harvard Medical School,
Boston, MA, USA

Department of Electrical and Computer Engineering, University of
Minnesota, Minneapolis, MN, USA

Center for Magnetic Resonance Research, University of
Minnesota, Minneapolis, MN, USA
e-mail: akcakaya@umn.edu

M. Tang - R. Nezafat (><)

Department of Medicine (Cardiovascular Division), Beth Israel
Deaconess Medical Center and Harvard Medical School,
Boston, MA, USA

e-mail: rnezafat @bidmc.harvard.edu

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

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/(2z) = 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
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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
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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(B, + 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;) =y-(Bo + 2G)
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Fig. 1.6 Due to the non-zero
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slice thickness, nuclei within
the same slice experience
different gradient strengths,
resulting in a variation of the
spins within the slice that may
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“rephasing” gradient is G,
applied following the slice
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RF pulse

/'\

N\

the opposite magnitude and
half the duration of the slice
selection gradient, enforcing

& slice >

-~

the phases of the spins to
match the phases of the spins
before the application of any
gradients

RF pulse

Gz

.

/

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/2a(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



1 Cardiac Magnetic Resonance Imaging Physics 7

Frequency Encoding

a b

/\/\/ 0=y(By+ By) =7(By + xGy)
>t &
' \/ \/ \/ \/ oS &N KON

Time

Signal

Aw

Resonant
Frequency

Fourier Tranform

lower <-------

Gradient
- By Field

Signal
--> higher

Fixed
Bo Magnet

Field
J |

Frequency X Spatial Coordinate

Magnetic Field
Strength

0—A® , Wy +A®

lower <-----

Fig. 1.7 When the gradient in the x-direction is turned on during the — becomes a superposition of these frequencies. Thus, frequency encod-
readout, the protons precess at different frequencies based on their spa-  ing essentially allows for localization of protons in the x-direction
tial location in the x-direction. The signal that is being readout then
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Fig. 1.8 The spatial encoding in the y-direction is achieved by phase =~ When G, is turned off, the precession returns to its original frequency,
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quency encoding. After the slice selection, all the protons in the slice  reflected as differences in phase. The amount of phase shift depends on
are precessing at frequency. When the y gradient, G,, is turned on, pro-  the strength of the gradient, G,, as well as its duration

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

—_———— - ~ —
M/W\/\N

/\/‘\/\/\/\/\/\/\

B YAVAVAVAVSLS

Phase Encoding Direction

R AVAVAVAVAYA S
I AVAVAVAVE S

/\/\/\/\/\/\M
e N N N N

Frequency Encoding Direction

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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Pulse Sequence
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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 specify 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 ¢ 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
reversal for refocusing the
protons. The use of gradients
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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, o
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 7, 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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