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CHAPTER 1. INTRODUCTION 6

the deformation gradient tensor using the following two equations, respec-
tively:

Ep = %(FTF -1 (1.2)

1
Ep = (I = Fy Fino) (1.3)

in which Fj,, is the matrix inverse of ' (Eulerian form of F), F T is the ma-
trix transpose of F, and 7 is the 3 by 3 identity matrix. The strain tensor ¥
is a symmetric 3 by 3 matrix. The tensor FTF is known as Green’s defor-
mation tensor and its diagonal elements represent the magnitude squared,
in its deformed state, of a unit vector that is initially aligned with a coor-
dinate axis in the reference state. The non-diagonal components of Green’s
deformation tensor are the dot product of unit vectors from different axes
when they are deformed and thus provide a measure of the non-axial or
shear strains.

As this method produces a squared magnitude result, it is sometimes conve-
nient to express the normal strains in terms of percent length change, which
is given in the following Equation (1.4)

Ei,Lm = /2F;+1-1 (1.4)

where E; is the it normal strain.

Strain may also be defined as a change in length per unit length along a
specified axis and is given by Equations 1.5 and 1.6,

1, duy 5’&&5

B =305x; T ax,

) (1.5)

where¢,7 = 1, 2 or 3; uy, us, and ug are displacements along orthogonal axes
X1, Xq, and X3 , respectively. The above formula yields normal strains when
i = 4. This formula for strain is known as a small deformation approximation
and can also be written as follows {Equation 1.6):

Ep=F-1 (1.6)
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In cardiac MRI the strain tensor is usually aligned to a local coordinate
system (Augenstein and Young 2001, and Moore et al 2000). The axes of
this coordinate system are defined as the radial direction (from epicardium
to endocardium), the circumferential direction around the LV circumference
in a short axis image of the heart, and the longitudinal direction (aligned,
following the myocardium from the apex towards the base). E is mapped to
this coordinate system using a rotation matrix R in the following manner:

Epcr = RERT (1.7

Finally, as Z' is symmetric it can be decomposed into its principal mag-
nitudes and directions, called principal strains. The principal strain di-
rections are defined as the three mutually orthogonal axes where no shear
strain would occur. Principal strain magnitudes are calculated using the
eigenvalues of F and the principal strain directions are calculated from the
eigenvectors of £.

1.3.2 Strain verses strain rate

As some imaging modalities measure velocities as opposed to displacement,
it is important to distinguish between strain and strain rate. Strain rate
is the time derivative of strain and can be calculated from velocity. Strain
rate gives an instantaneous measure of deformation and, if measured at
high temporal resolution, will highlight short-lived deformation phenomena.
Strain can be calculated from strain rate using a time integral, but caution
must be exercised to ensure that the integration occurs over the same tissue.
A more common approach to calculating strain from velocity data is to
compute displacement trajectories by integrating the velocity fields as done
by Zhu et al (1997). Strain can then be calculated in the usual manner
using displacement measurement techniques.

1.3.3 Considerations when measuring intramyocardial strain

In all non-invasive kinematic imaging modalities a series of images are nor-
mally acquired, providing kinematic data about different axes of deforma-
tion. As the heart is moving continuously both due to the cardiac cycle and
breathing, it is important to consider that the series of images taken at dif-
ferent times may not be of the exact same tissue. This may not have serious
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implications for displacement or velocity measures, but in strain measures
a misalignment of one or two mm’s can have a drastic effect.

When measuring 3D strain, this problem is confounded further as true 3D
strain requires the deformation of four non-coplanar points to be fully for-
mulated (i.e. one cannot use points from the same imaging plane). There
are two ways to approach this problem: the first is to co-register the im-
ages, thus ensuring that the same portions of myocardium line up. This
becomes a very complicated procedure when imaging 3D strain as the entire
myocardial volume has to be imaged in order to accurately co-register the
data. However this is a trivial task when measuring 2D strain, as only 2D
co-registration is required.

The alternate method to overcome this problem is to acquire the different
images in parallel, as done by Reese et al (2002) who acquired two adjacent
image planes simultaneously for phase contrast velocity encoded data and
stimulated echo displacement encoded data, respectively. This method en-
sures that the data is aligned correctly as data for two adjacent planes is
acquired at the same time, thus ensuring no cardiac movement between the
image acquisitions.

1.4 Literature Review

1.4.1 3D Intramyocardial strain patterns in healthy and dis-
eased myocardium

Knowledge of the expected variations in myocardial strain is of key impor-
tance in the diagnosis of cardiac disease. Croisille et al (1999) reported
the use of strain measures to identify regions of viable and non-viable tis-
sue in ischemia. In left ventricular hypertrophy strains are reduced by up to
40% and characteristic strain patterns are associated with cardiomyopathies
(Richeck 2001).

Bogaert and Rademakers {2001} reported a high degree of regional non-
uniformity for intramyocardial strains as measured using tagged MRI. Ac-
curate strain measurements therefore require high spatial and temporal res-
olutions. Transmural strain variations have been reported with strains gen-
erally increasing from the epicardium towards the endocardium. The strain
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also generally increases from the apex towards the base (Bogaert and Rade-
makers 2001, Moore ef af 2000},

Moore et al (2000) calculated 3D strain based on tagged cardiac MRI im-
ages. When examining the strain circumferentially around the heart, they
reported significant variation amongst the different segments of the heart. A
mean circumferential strain of -0.24 was reported in the apical anterolateral
region as compared to the inferoseptal region where a mean value of -0.16
was found. They found radial strain to be greatest apically, anteriorly and
iaterally but the longitudinal strain, however, was found to be homogenous
in the circumferential direction.

Moore et al (2000) reported that the most positive principal strain is approx-
imately radial, the most negative principal strain lies in the circumferential
longitudinal direction forming a left-handed spiral from the apex to the base
when viewed from the base, and that the second principal strain also lies in
the circumferential longitudinal plane.

Variations in the timing of the intramyocardial strain patterns are also im-
portant not only when investigating the electrical conductivity of the heart,
but also in other pathological states such as ischemia where post-systolic
circumferential shortening has been reported {(Hatle and Sutherland 2000}.
Zwanenburg ef al {2004) reported timing variability in the healthy my-
ocardium, most importantly, early onset and late peak shortening in the
lateral wall.

1.4.2 Intramyocardial strain measurement techniques

Ultrasound and Magnetic Resonance Imaging (MRI) are the only two imag-
ing modalities that can measure intramyocardial mechanics of the heart
non-invasively. Both these techniques have been widely used in the mea-
surement of intramyocardial strain.

Ultrasound, which is inexpensive, accessible and portable, measures tissue
velocities using the Doppler Effect. This technique was first used to image
myocardial wall motion in 1961 {Yoshida ef al). Ultrasound produces either
two- or three-dimensional (2D or 3D) images but is cnly able to measure
velocities and strain rate in a single dimension down the ultrasound beam.
Ultrasound can image at a rate of up to 300 frames per second, which far
exceeds the temporal resolution achievable with MRI. Currently 3D displace-
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ments cannot be measured with ultrascund, although ongoing research in
speckle tracking (Voigt and Flachskampf 2004) may address this. Measuring
3D velocities with Doppler imaging is also complicated, as three sets of im-
ages {with the ultrasound beam oriented in three non-coplanar directions)
need to be acquired and co-registered. Images produced with echocardiog-
raphy suffer from a large amount of noise that introduces significant error
into velocity measures.

Several studies have reported the use of ultrasound to measure strains in 3D
{for example, Stoylen et al 2003, Edvardsen et al 2002). The most impor-
tant limitation associated with this technique is that true 3D strains are not
measured, but only single-dimensional strains in long axis and short axis
images, respectively, giving rise to strain distortion if the angle to the tissue
is not the same as the angle of the strain. Furthermore, for a high temporal
resolution, limited spatial resolution is achieved such that transmural vari-
ations in strain can not be detected. Edvasdsen et ol and Stylen ef al both
report the ability to identify infarcts.

Cardiac MRI has evolved since its inception in the early 1980’s to an imaging
modality that offers high anatomical clarity. Various MRI techniques have
been applied to measure intramyocardial strain {typically in 2D or 1D mea-
sures), these are MRI tagging, harmonic phase MRI (HARP), displacement
encoded MRI (DENSE), strain encoded MRI (SENC}, and phase contrast
{(PC) imaging.

MRI tagging has become the gold standard in non-invasive strain measure-
ments. The technique uses planes of hypomagnetization as markers to mea-
sure deformation and track the motion of the myocardium. This technigue
does not suffer from phase inhomogeneities as do other MRI technigues.
Tagging inherently measures 2D strain and in order to image full 3D strain
both short axis and long axis lmages must be acquired and co-registered
over the entire volume of the heart. Tagging limits the achievable spatial
resolution, since tag spacings greater than twice the pixel size are required
in order that tags may be clearly identified at the given pixel resolution.
Automatic detection of the tag lines is highly complex and often requires
significant and time consuming user input, which is further complicated by
tag fading.

Moore et al (2000} used tagged cardiac MRI images to compute 3D strain
and presented an estimate of the accuracy of the technique as a function of
temporal variability. The most negative principal strain was found to have
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with stimulated echoes (DENSE), first reported by Reese et al in 1996,
avoids the use of a band pass filter in isolating the harmonic peak and
provides greater flexibility in computing displacements.

DENSE (Aletras et al 1999a, Reese et al 1996) encodes the displacement of
the tissue onto the phase of the image. This results in the quantification of
displacement for each image pixel allowing high resolution kinematic data.
The displacement encoding is done in the image acquisition sequence as
opposed to post-processing as in HARP. The only report on using DENSE
to calculate 3D strain is by Reese et al {2002), where two adjacent slices
were imaged in parallel. The authors don’t give an indication of the errors
introduced into the strain calculation. Kim et al (2004) reported high spatial
resolution {2.7mm by 2.7mm) with a temporal resolution of 60ms in their
2D strain calculations using DENSE. Their results are consistent with those
reported by Moore et al (2000} with achieved strain resolutions sufficient to
observe transmural variations. Aletras et al (1999b) reported less than 3%
error in myocardial strain measurements using DENSE. One disadvantage
of DENSE is that only one encoding direction can be acquired in one heart
beat thus requiring longer acquisition times than low temporal resolution
PC MRIL

Although DENSE is able to accurately measure three-dimensional displace-
ments, measuring through plane strain requires DENSE data of two con-
secutive image planes. Calculating strain in this manner is no trivial task.
Strain encoded {SENC) MRI, first proposed by Osman et ol (2001), mea-
sures through plane strain without the need to acquire two consecutive image
planes. SENC is unique amongst the kinematic measurement sequences as it
uses the image magnitude to estimate the through plane strain by applying
tag planes parallel to the imaging plane. Garot et al {2004} showed that
the longitudinal strain measured using SENC at a high spatial resolution
{1.5 by 2.5mim) correlated well with that obtained with 3D tagging. They
reported longitudinal strain findings in patients with myoccardial infarction
consistent with those reported in the literature.

One limitation of SENC is that it only provides a 1D strain measure (mea-
sured from the tag frequency and spatial gradient of phase), so that a full
3D strain tensor cannot be formulated by extending a 2D strain imaging
technique to incorporate SENC. Furthermore, a priori knowledge of the
expected strain is required to ensure that saturation does not occur. The
primary advantage of this technique is that the post processing is fast and
simple.
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The only MRI kinematic measurement technique that does not use tagging
is phase contrast (PC) velocity encoding (Nayler ef o/ 1986). PC encodes
the tissue velocity onto tissue phase using a bipolar gradient. This tech-
nique measures three-dimensional velocity by obtaining three orthogonally
encoded images. Zhu et ol (1997) presented a method based on velocity
maps to measure intramyocardial 2D strain. The authors propose that the
method is capable of obtaining strain measures of high accuracy, but they
caution that the technique is currently limited to 2D strain, as 3D strain
would require imaging the entire myocardial volume.

Since PC imaging does not use tagging, it does not suffer from tag fading
as do all of the other MRI sequences mentioned. As such, an entire cardiac
cycle can be imaged with all images of the same quality. The technique also
vields a high spatial resolution with velocity measures at a voxel resolution.
However, since PC imaging does not inherently measure displacement, a
strain rate is computed. Strain rate is most useful when images are acquired
at a high temporal resolution, which is not the case in MRI.

The current project aims to combine SENC and DENSE MRI to develop
a technique that is clinically feasible to measure true high resolution 3D
intramyocardial strain with reasonable processing times and acceptable ac-
curacies.

1.4.3 Strain tensor visualization

When investigating pathélogy using strain quantification, it is of key impor-
tance to clearly and simply visualise this complex 3D measure. The strain
tensor consists of six independent measures which can be expressed as either
three normal strains with three shear components or as three eigenvalues and
three eigenvectors (principal strains). It is desirable to view all of this in-
formation in a manner that allows one to observe the interaction of all the
strain components. Wunsche et el (2004} suggest a few suitable techniques
in their recent review article.

The simplest manner of visualising the strain tensor in the myocardium is to
display each of the six components on separate colour maps. In this case it
is crucial that the strain tensor is aligned to the natural coordinate system
(radial, circumferential and longitudinal axes). The primary disadvantage of
this method is that all the data is disjoint with the shear strain not providing
much useful information. An alternate approach is to visualise each of the



CHAPTER 1. INTRODUCTION 14

three principal strains on a separate colour map and overlay, on each image,
the vectors defining the directions of the principal strains.

A method that attempts to visualise all the components of the tensor in
one image involves encoding the strain components onto an icon, called a
glyph. One commonly used glyph is a simple ellipsoid, where the axes of the
ellipsoid are defined by the eigenvectors and the length of the axis is related
to the eigenvalues. For instance, if all three eigenvalues were equal, a sphere
would be displayed. This concept was developed further by Ennis et al
{(2005) who give an indication of the similarity between the eigenvalues with
the roundness of the glyph along that particular axis. Again this method
produces a sphere when all eigenvalues are the same, but when the first is
greater, for instance, than the second and third that are still equal,the glyph
becomes prolate. When the first and second are equal but greater than the
third, the glyph becomes oblate. The glyph therefore becomes very circular
in the plane that encompasses two eigenvectors with two similar eigenval-
ues. The advantage of this second glyph technique is that it highlights the
differences between the eigenvalues more than the simple ellipsoid while still
displaying the vector directions. With these glyph techniques the magnitude
and sign of only one principal strain can be encoded onto the colour of the
glyph thus leaving the sign of the other two unresolved. The main problem
with glyph techniques is that they suffer from visual cluttering, particularly
when there are a large number of sample points,

When the entire volume of myocardium is imaged, the strain data can be
displayed using information about the principal strain vector fields. Stream-
lines is one such technique that attempts to give a continuous representation
of the vector field of one principal strain. A path is followed by the stream-
line through the vector field and displayed by a curving cylinder with the
colour representing the magnitude of the principal strain. Hyperstreamlines
encode the other two principal strains onto the roundness of the cylinder in a
gimilar manner to the ellipsoid glyphs mentioned above. The last technique
is called a Line Integral Convolution (LIC). This approach textures a sur-
face to depict the direction of one principal strain vector with the magnitude
depicted by image colour or texture.



Chapter 2

Theory

2.1 Magnetic resonance imaging theory

2.1.1 The MRI signal - classical description

Nuclear Magnetic Resonance (NMR), of which the first signals were detected
late in 1943, forms the basis for nuclear magnetic resonance imaging. The
name NMR imaging has been shortened in the medical field simply to Mag-
netic Resonance Tmaging (MRI) due to the unfavourable connotations with
nuclear radiation.

NMR relies on the fact that atoms with an odd number of protons and/or
neutrons in the nucleus exhibit a non-zero nuclear spin angular momentum,
I These nuclear spins act as magnetic dipole moments, g, that are originally
oriented randomly. When these atoms are placed in an external magnetic
field, Bg, (typically 1.5T or 3T in medical applications), they will interact
with it according to the nuclear Zeeman interaction

H=—up-Bg (2.1

The effect of this interaction is to cause the magnetic dipole moments to
precess about By at a resonant frequency wy,, termed the Larmor precession
frequency, given by:

Wy, = "/Bg (2.2)

15
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in which v is the gyromagnetic ratio. Typically, Bp ) is applied in the
z-direction, called the longitudinal direction. The net effect of all these
millions of precessing dipole moments is a net magnetization, M, parallel
to the applied field Bg.

In the human body the most prevalent atom is hydrogen (H), of which the
nucleus is also termed a proton. Both due to its high biological abundance of
63% and natural abundance of 99.985%, this is the nucleus most commonly
imaged with MRI. In a magnetic field of 1.57T, the resonance frequency of
'H is 63.86MHz.

The NMR phenomenon occurs when the nuclel in a large static magnetic
field, By, are exposed for a time ¢ to a time-dependent oscillating radiofre-
quency {rf) field, B, of the form

B¢ = 2Bycos{wt) (2.3)

that is applied perpendicular to Bg at a frequency w equal to their Larmor
precession frequency. This oscillating field Bys can be decomposed into two
counter rotating magnetic fields each with magnitude B;, where one rotates
clockwise about By with frequency w and the other counter clockwise with
the same frequency. If By << By, as is generally the case, the effect of a ro-
tating magnetic field on a magnetic moment is negligible unless its frequency
of ratation is of the order of the Larmor frequency, wy. The component of
B, that rotates in a direction opposite to that of the precessing dipole mo-
ments will therefore have no effect so that B,y can be thought of as being
comprised simply of a magnetic field By that is perpendicular to Bg and
rotating about it in the same direction and with a frequency equal to that
of the precessing magnetic dipole moments.

Transforming to coordinates ijk rotating with the same frequency as By,
causes the magnetic dipole moments to precess in the rotating reference
frame about an effective magnetic field Beg given by

Beg = (Bg — ‘:Y‘i’)/'c' + By (2.4)

in which the axis of rotation & points along the static external magnetic
field, B, and the unit vector 7 in the rotating reference frame is chosen
along Bi1. In the stationary reference frame this results in a tipping of
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the net magnetization M from the longitudinal axis towards the transverse
(i,4) plane through a spiralling motion. After the rf pulse is switched off,
the magnetization continues to precess about the longitudinal axis at the
Larmor frequency.

The duration of the rf pulse determines the flip angle. The 90- and 180-
degree pulses, respectively, are defined as the times for which B; must be
applied in order to rotate the magnetization through 90° or 180°, and are

given by
7
tz =
2 2vBy
and 7
ty = ——— 2.5
=5 (25)

After the application of a 90° pulse, the magnetization is entirely in the
transverse plane, whereas a 180° pulse will result in an M anti-parallel to
the external magnetic field.

Since the magnetization continues to precess about B at the Larmor pre-
cession frequency, after application of the rf pulse, an emf will be induced
in a receiver coil according to Faraday’s law. This emf is the MRI signal.
The magnetization loses its phase coherence over time due to the fact that
the local magnetic field experienced by each individual magnetic moment
is slightly different due to different neighbouring elements causing each mo-
ment to precess at a slightly different Larmor precession frequency. This
dephasing results in an exponentially decaying MRI signal termed the Free
Induction Decay (FID). In addition, the magnetization returns over time to
its equilibrium value parallel to the external magnetic field. This process is
called T1- or longitudinal relaxation. The time constant T2 refers to the
time when the MRI signal has decayed by 63% due to dephasing, and T1 is
defined as the time when the longitudinal magnetization has relaxed to 63%
of its maximum value.

2.1.2 MRI Image Formation

Since the frequency of precession is a function of the magnetic field, small
variations in the magnetic field can be used to spatially encode the MRI
signal. This is achieved through the use of linear gradient fields. Three
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mutually orthogonal gradients, termed the slice, frequency, and phase en-
coding gradients are turned on at different times during the pulse sequence
to achieve spatial encoding to produce an MRI image.

The slice encoding gradient is applied perpendicular to the imaging slice
during the rf pulse. This causes the resonance condition to be satisfied for
only a small band of frequencies so that only nuclei in this band of tissue
will be excited, i.e. flipped. The width of the imaging slice will depend on
the strength of the gradient field as well as the bandwidth of the rf pulse.

Frequency encoding is applied in one of the in plane directions during signal
acquisition causing the frequency of the signal to vary as a function of po-
sition along that axis. The frequencies in the signal are decomposed using
a Fourier transform. Phase encoding is applied perpendicular to frequency
encoding in the plane of the image after application of the rf pulse but be-
fore signal acquisition. The application of this gradient results in a linear
variation in spin frequency for the duration of the gradient so that higher
frequency spins acquire more phase than lower frequency spins. This pro-
cess is repeated for n different phase encoding gradients for an image with
matrix size m X n, where typically n < m and achieves spatial encoding in
the phase encoding direction. The phase - and frequency encoded data is
decomposed using a 2D Fourier transform to produce an MRI image.

It should be noted that by using three linear gradient fields (in z y or z) a
resultant linear gradient can be formed in any direction, so that MRI images
can be acquired in any desired plane.

2.1.3 K-space

K-space refers to the raw digitised MRI signal data that, when Fourier
transformed, produces the MR image. It is simply an array of numbers of
which each row contains the digitised magnitude and phase values for the
MRI signal for a single value of the phase encoding gradient. In normal 2D
image acquisition no phase encoding is applied in the slice select direction
{the X3-axis), so that k3 is zero and the k-space grid is two dimensional.
Typically, each row corresponds to a repetition of the sequence for a different
value of the phase encoding gradient. In 3D imaging, phase encoding is
applied in the slice select direction also resulting in a 3D k-space grid. The
order in which the k-space array is filled is intimately related to the pulse
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multiple lines of k-space from a single tissue excitation. This is done by ap-
plying a small phase encoding gradient at the end of each signal acquisition
stage, and alternating negative and positive frequency encoding gradients
during signal acquisition, which has the effect of filling multiple lines of k-
space in a zig-zag fashion. Figure 2.2 is a typical EPI readout sequence
demonstrating the alternating gradients to read multiple lines of k-space.
The number of lines that can be acquired after a single excitation of the
hydrogen nuclei is limited by the signal decay over time as well as the speed
at which readout can occur. The latter also depends on the maximum gradi-
ents achievable and maximum readout bandwidth. To resolve this problem
multiple lines of k-space are acquired over multiple excitations, this method
is called segmented EPI and is demonstrated in Figure 2.3 where three seg-

ments are acquired.
r{Excitation Pulse
rf !

S|y —

S8 et A

PE——,\—mmr————

ADC e H O e

Figure 2.2: EPI sequence diagram. RO is the gradient in the readout di-
rection, SS is the gradient in the slice select direction, PE is the gradient in
the phase encode direction and ADC is the Analog to digital converter for
the FID readout.

As an alternative to EPI, a spiral acquisition technique can be used which
traverses k-space in a spiral by using linearly increasing sinusoidal gradients
for both frequency and phase encoding that are 90 degrees out of phase.
Both EPI and spiral acquisition readout mechanisms introduce artefacts due
to the long readout times that experience T2 signal decay and off-resonance
effects.

The manner in which the tissue is excited may also be modified to reduce
the acquisition time. One mechanism of obtaining multiple echoes from one
excitation is to use 180° refocusing rf pulses, which can be repeated several
times without waiting for T1 relaxation. Alternatively, multiple excitations
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thus sinusoidaly modulating the longitudinal magnetization of the tissue.

A sinusoidal modulation pattern does not optimize tag contrast. For this
reason higher order SPAMM techniques that add more rf pulses with mag-
nitudes varied in a binomial pattern and with gradients applied between
them are often used. Another popular kernel for improved tag contrast is
the Delays Alternating with Nutations for tailored Excitations (DANTE)
introduced by Mosher and Smith {1990).

One of the disadvantages of tagging is that the tag lines fade over the car-
diac cycle due to T1 relaxation of the hypomagnetized tissue. For the 1-1
SPAMM sequence this has been addressed by a technique known as Com-
plementary Spatial Modulation of Magnetization {CSPAMM, Fischer et ol
1993). The procedure involves obtaining two sets of tagged images, the
first obtained in the same manner as above and the second with a negated
modulation pattern which suffers from the same tag fading resulting from
T1 relaxation as the first. A subtraction of these two images doubles the
amplitude variation of the tag pattern offering a substantial reduction in tag
fading.

A couple of novel techniques to achieve myocardial kinematic measurements
have evolved from MR tagging.

2.3 Displacement encoding with Stimulated Echoes
- DENSE

Displacement encoding using stimulated echoes {DENSE) (Reese et ol 1996,
Aletras et ol 19993} encodes tissue displacement onto image phase in the
same manner as phase contrast velocity encoding (PC) encodes velocity onto
phase. By using the stirnulated echo that results from the 1-1 SPAMM tag-
ging sequence images can be acquired at any time before the modulation
in longitudinal magnetization is lost due to T1 recovery of the hypomagne-
tized tissue. The encoding gradient in the 1-1 SPAMM kernel applies a uni-
form gradient of phase across the imaging volume in the encoding direction
which, prior to measurement, is unwound using a second encoding gradient
{unencoding) with a negated momentum that reverses the gradient of phase
accrual across the image. The application of this pair of gradients results
in zero phase accrual for tissue that experienced no displacement between
application of the gradienfs. For tissues that moved between application
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of the gradients the resulting phase change is proportional to displacement.
The timing of the DENSE sequence is illustrated in Figure 2.5.

Tagging " Read out
. Kemel .
: « Excitation |
. . Puise .
i I—U_] ‘/L/\/
; 7
, « unencode’
: © gradient .
BO N P YR | \
: 14 e
Tag Encodiqg’ : :
ss - f \_7///‘\
: Crusher - ;
Gradient | . f\
EE /L 8
/4

Figure 2.5: DENSE sequence diagram.

As in PC MRI, the displacement information is encoded in the phase image,
such that phase inhomogeneities need to be corrected. This is accomplished
in DENSE imaging with a phase reference scan whose phase is subtracted
from the phase of the encoded image. This results in tissue with zero dis-
placement having a zero phase.

Define image coordinates x = (x1,xz9) and transverse magnetization, M;;.
The transverse magnetization after encoding in the z; direction is given by

M e
Mi(x,t) = “2_35?3(@)8_ 74 o—iheda

+-A£ sin{aje” T o dke(Dxy+221)
2

+Mpsin(a)(1 — eTt ) ikeldrrtan) (2.7)

in which « is the flip angle of the excitation pulse; My is the thermal equi-
librium value of longitudinal magnetization; Ax; is the tissue displacement
that occurred in the z; direction between the tagging and measurement;
and ke is the displacement encoding moment {in ¢ycles per mm).

The first term in Equation 2.7 above describes the stimulated echo that has
a phase directly proportional to displacement. The other two terms are,
respectively, the complex conjugate echo and the T1 relaxation echo that
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echo is negated in the sine acquisition, addition of these two CSPAMM
images results in removal of the complex conjugate echo.

Although DENSE is able to accurately measure 3D displacement with high
spatial resolution, through plane strain measurements would require data
for two consecutive image planes. Strain encoded MRI (SENC) measures
through plane strain directly.

2.4 Strain encoded MRI - SENC

Strain encoded MRI applies tag planes parallel to the imaging plane, as
shown in Figure 2.7. Tagging effectively modulates the k-space image data
onto two image peaks, in this case along the k3 axis, one above and one helow
the centre of k-space. Strain causes a change in the tag frequency resulting
in a shift of the k-space peaks. Conventional 2D imaging acquires data in
the ki — ko plane, thus only sampling one k3 value. In order to establish the
location of these harmonic peaks, and hence the frequency of the tag planes,
images must be acquired for a number of different k3 encodings. SENC
proposes a technique whereby just two images at two different ks encoding
values are sufficient to estimate this peak. An estimate is formed using a
centre of mass estimate of the two encodings. This estimate suffers from a
linear error that is corrected. Osman et al {2001) reported a linear mapping
between the estimate and the actual frequency of v = 0.96u + 0.035 where
v is the actual frequency and u is the estimate.

If one of these k3 images is acquired at the same encoding as the tagging
was applied, the sequence is identical to DENSE imaging and the phase of
the image is a measure of displacement in the through-image plane direc-
tion. If the image is acquired with a ks encoding different from tagging,
a constant phase change is observed over the image. This means that the
spatial gradient of phase can be used to measure the relative displacement
perpendicular to the imaging plane of neighbouring points, relative to one
another, which is sufficient for use in strain calculations.

If x = {z1,29) are the coordinates of a point in the image plane and z3 is
the through plane position within a voxel, the tissue magnetization (M) as
a result of the tagging is defined by:

A/I(Xs z3, t) = 400<x1 t) + PH (X, t>€0‘5(¢(x> t) + ‘{;‘(X, t).’!:g) (28)
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Figure 2.8: Suggested bell shape profile of G.

A priori knowledge of the width of G is important in choosing suitable
encoding values to image. The slice thickness {width of g} is inversely pro-
portional to the frequency spread (width of G}, so that a thin slice results in
a large frequency spread. As mentioned previously, SENC acquires two im-
ages at different k3 encodings. Ideally these two images should lie within the
width of G for one of the peaks in order to ensure an accurate estimate for
the centre of mass. This is demonstrated in Figure 2.9 where the magnitude
of all three echoes are displayed along the k3 axis.

Stimulated echo

T1 Echo

2T

A% e
SENC Aguisitions

Figure 2.9: k3 spectrum of GG, demonstrating all three echoes arising from
tagging and the positions of SENC encodings.

Since SENC relies on the image intensity to estimate the post-deformation
tag frequency, it is important that images with a good signal-to-noise ratio
(SNR) are acquired. This can be achieved with a large slice thickness and
a large read out field of view (RoFOV) that result in large voxels and thus
increased signal.

SENC thus allows strain to be measured perpendicular to the imaging plane
without requiring adjacent planes to be imaged.
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2.5 Superquadratic glyphs

Due to the fact that 3D strain has six components that are expressed in a
3 x 3 symumetric tensor, its visualization is very complex. Ennis et ol (2005)
described a method to visualize tensor fields using superquadratic glyphs. A
glyph is a technique that uses an icon to express the three principal directions
and magnitudes of the tensor, eigenvectors and eigenvalues, respectively.
Eigenvectors describe the glyph orientation and eigenvalues describe the
lengths in that particular direction. The superquadratic glyph technique is
able to distinguish isotropic, transversely isotropic and orthotropic tensors.
Isotropic tensors have the same components in all rotated coordinate systems
(i.e. all the eigenvalues are equal), transversely isotropic tensors have the
same components if rotated about a specific axis {two eigenvalues are equal)
and orthotropic tensors have three specific axes of preferred orientation (ie.
all the eigenvalues are different).

The shapes of superquadratic glyphs range from discs and spheres to cubes
and prolates. The shape is determined by the following set of functions:

A — Ao o 2()\2 - /\3) 2X3

- Cp =  Cg= ——2 (211
SV vy WL el vy vary LSl Wy wory W)

Cr

where Cp , Cp and Cg are measures of the anisotropy between the three
eigenvalues {};} and sum to 1. The three eigenvalues are sorted in ascending
order, Ay > Ag > As. The shape of the glyph functions are defined by:

a={1-Cp)", 8= (1-CL)
cosP ()
p(0,¢) = | —sin*(f)sin’(¢)
cos®(0)sinP(¢)

a={1-Cy)", 8={(1-Cp)?
cos®(8)sinP(¢)
p(8,0) = | sin®(0)sin®(4)
cos?(¢)

CLzCp=

Cp < Cp= {2.12)

in which « and [ determine the overall superquadratic shape. This shape
function can be aligned to the eigenvectors and scaled in that axis by the
eigenvalue; v highlights the differences between the eigenvalues by adjusting






Chapter 3

Experimental apparatus and
techniques

This project develops a technique to measure and calculate 3D intramyocar-
dial strain and further provides 3D strain visualization tools. Images were
acquired using cine-DENSE and cine-SENC MRI. A cine-DENSE sequence
was adapted to perform both ¢ine-SENC and cine-DENSE acquisitions. Sim-
ulations were performed prior to implementation to explore the functional
accuracy of the method. These simulations are, however, described in a later
section to aid the continuity of this chapter.

3.1 MRI scanner and subjects

The combined cine-DENSE cine-SENC sequence was tested and optimized
on an Avanto 1.5 Tesla MRI scanner (Siemens Medical Systems, Erlangen,
Germany) located at the University of Virginia {UVA, Charlottesville, Vir-
ginia, United States of America). Pulse sequence programming was done
with the Siemens Integrated Development Environment for Applications
(IDEA) that uses Microsoft Visual C++. The Avanto scanner was run-
ning the VB11 software platform.

A total of six volunteers were scanned at UVA. All subjects gave written in-
formed consent in accordance with protocols approved by the UCT and UVA
human investigation committees. None of the volunteers had any known
cardiac pathology. The images required to optimally tune the cine-SENC

31
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sequence were acquired for five volunteers; strain measurements were per-
formed for four volunteers.

3.2 Sequence programming

The cine-DENSE sequence developed by the University of Virginia (Kim et
al 2004) was adapted as part of this project to obtain cine-SENC measure-
ments in order to compute 3D strain.

3.2.1 The cine-DENSE sequence

In this project, cine-DENSE was used to measure the two in plane compo-
nents of displacement. Cine-DENSE achieves fast imaging using a segmented
EPI readout trajectory over multiple cardiac phases. Displacement data for
one encoding axis is measured in one breathhold, consisting of a phase ref-
erence image followed by a CSPAMM pair., The CSPAMM pair serves to
double the signal magnitude and suppress the T'1 echo.

Each of the three images are acquired over multiple cardiac cycles (typically
5 heart beats per image). The tagging kernel is applied at end diastole for
each heart beat and is triggered by the QRS wave of the ECG readout.
Tagging can be achieved in any direction by applying the encoding gradi-
ent along either the readout, phase encode, or slice select directions, or a
combination of these. Due to short repetition times (TR) and the small rf
excitation angle, a dummy scan with duration equal to a single cardiac cycle
is performed at the start of each of the three image acquisitions to achieve
a steady state that serves to reduce EPI artefacts. This series of events is
illustrated in Figure 3.1.

After the tagging kernel a slice selective rf excitation pulse is applied at
the desired imaging time. This is followed by an unencoding gradient that
is opposite and equal to the tag encoding gradient. Therefore each ECG
trigger is followed by several rf excitations and their associated EPI readout
segments that are used in the reconstruction of images from different cardiac
phases. The sequence is illustrated in Figure 3.2,
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The special sequence dependent parameters are set in the sequence spe-
cial card in the protocol editor prior to each running of the sequence. The
interface of this special card to the sequence is initialised in the global fSE-
QInit function and parameter changes are handled through a set of global
functions.

The tagging kernel is encapsulated in the SBBLineTagDENSE class that
is run by the fSEQRunKernel where the final sequence preparation is per-
formed. The pre-readout excitation and gradients are encapsulated in the
SeqBuildBlockGREEPIKernel class that is also run after final preparation
in the fSEQRunKernel This class controls the EPIRead(ut class that per-
forms the actual rf signal acquisition and EPI trajectory traversal through
k-space. This structure is summarised in the class relationship diagram in
Figure 3.3.

Sequence
Global Functions

SeqgBuildBlock
GREEPIKernel

SBBLineTag | T
DENSE EPiReadQut

LocalSegloop

Figure 3.3: Cine-DENSE class structure diagram.

The general sequence flow is controlled in the fSEQRunKernel where the
type of image acquisition is set, for example a reference image or encoded
image and which type of CSPAMM image is to be acquired. In this struc-
ture, the encoding gradient is applied in the SBBLineTagDENSE kernel,
between the two 90° rf Pulses. The unencoding gradients are applied in the
SeqBuildBlockGREEPI kernel.

3.2.3 Modifications to achieve cine-SENC capability

Cine-SENC capability was added to the cine-DENSE sequence. The new
sequence was termed a cine-SENC-DENSE sequence. Four main areas re-
quired modification.

Firstly, the ability to choose between performing a DENSE acquisition or






CHAPTER 3. EXPERIMENTAL APPARATUS AND TECHNIQUES 36

reference image (if specified) followed by either two or three encoded images.

Finally, the unencoding gradient in the slice select direction was modified to
equal the value specified in the protocol editor {with step size increments for
successive images and negation if conjugation had been selected). As with
DENSE, this gradient was implemented simultanecusly with the slice select
refocusing gradient.

3.2.4 Tuning of the cine-SENC measurement

The parameters that required optimisation were the encoding and unencod-
ing gradients, the unencoding step size, and parameters that affect the SNR
and thus the SENC results, such as slice thickness {ST) and readout field of
view {RoFOV). EPI parameters required tuning also as certain combinations
produce artefacts that gave rise to significant signal loss through ghosting.

Phantom experiments were performed to investigate the relationship be-
tween ST and the frequency slice profile. The phantom comprised a plexi-
glass cylinder filled with agarose gel for which the T1 and T2 properties are
sirnilar to myocardium. Four experiments were performed using slice thick-
nesses of 8mm, 11lmm, 14mm and 16mm, respectively. In all cases a RoFOV
of 400mm was used. For this experiment the actual encoding value was in-
consequential, but the range of unencoding values and frequency resolution
were important. The table below lists the parameters used:

Table 3.1: Parameters used for phantom scans.

Slice Encoding | Minimum | Maximum | Unencoding
Thickness | (cyc/mm) | unencoding | unenceding | resolution
{mm) (cyc/mm) | {(cyc/mm) | {cyc/mm)
8 0.4 0.19 0.60 0.01
11 0.2 0.135 0.265 0.005
14 0.42 0.32 0.525 0.005
16 0.2 0.115 0.260 0.005

SNR in myocardium is less than SNR in the phantom. In order to relate SNR
of the phantom data to expected values in human subjects, SNR was calcu-
lated for a human volunteer and in a phantom using the identical encoding
technigue. This relationship was measured using the DENSE protocol with
an encoding gradient of 0.1cyc/mm. The reason for using DENSE is that in
SENC, encoding the myocardium through the image plane for human data
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results in intra voxel dephasing (the SENC effect) that will affect the SNR
results as the phantom will not experience dephasing and myocardium will.

Once the relationship between the width of the frequency slice profile and
ST is understood, the appropriate parameters for volunteer studies needed
to be determined. This process was initiated using the encoding moment
suggested by Osman et al (2001} of 0.4cyc/mm. The width of the frequency
slice profile should cover double the range of frequency change expected due
to longitudinal strain in normal myocardium (156%). The following formula
was used to calculate the strain from SENC images (Osman et al 2001):

W

in which W is the initial encoding frequency, w is the in plane component
of modulation at the imaging time, and v is the through plane frequency
of modulation at the imaging time. The above expression yields a required
frequency width of greater than 0.14cyc/mm (from first zero crossing to
the next) for an encoding gradient of 0.4cye/mm. The phantom studies
indicated that an 8mm slice thickness would produce the necessary frequency
spread.

Volunteer gscanning was an iterative process involving changing ST, RoFOV,
encoding and unencoding frequencies, as well as EPI readout parameters,
Five volunteers were scanned in this process. The parameters for each vol-
unteer are listed in Table 3.2. Volunteer 1 was scanned using both Rol'OV
of 360mm and 480mm. DENSE uses 360mm RoFOV whereas Osman et al
{2001) used 480mm in their SENC sequence. The effect of doubling the slice
thickness was explored during the scans on volunteer 2. Tor this volunteer
the encoding frequency was reduced to 0.2cyc/mm to reduce the frequency
shift from myocardial contraction as the doubled slice thickness halves the
frequency profile.

The third volunteer was scanned to investigate the effects of EPI echo train
length and segments on artefact generation in the image. EPI ghosting
can result in significant signal attenuation. Different combinations of echo
train length and segments were explored and the artefacts produced were
compared. For this volunteer the ST was also reduced to 1lmm so as to
increase the frequency spread.

The fourth volunteer was scanned using an echo train length of 15 with 15
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Table 3.2: Parameters used in ¢ine-SENC volunteer scans.
Encoding | ST | Unencodings RoFOV EPI Echo Train
(cye/mm) | (mm) | (cyc/mm) {cye/mm) | length (Segments)

1 04 8 0.4, 0.47 360 and 480 9(18)

0.2 16 | 02 0235 360 9(18)

3 0.2 11 0.2,0.24 480 9(18), 7(14),
5(10), %{9)

4 0.2 11 0.2,0.24 480 15{15)

50 015 16 | 0.15,0.185 480 9(18)

segments EPI configuration to further investigate appropriate EPI param-
eters, a slice thickness of 11mm, and an encoding frequency of 0.2cyc/mm.
The SNR was maximized for the last volunteer with a 16mm ST and 480mm
RoFOV. The encoding frequency was reduced to 0.15¢cyc/mm with unencod-
ing frequencies at 0.15cyc/mm and 0.185¢cye/mm.

3.2.5 Imaging Protocols

The kinematic data to formulate 3D strain were acquired over a 16mm
slice in five breathholds. The upper 8mm’s of the slice were imaged during
two breathholds with cos CSPAMM cine-DENSE, one encoded in the X
direction and one in Xy, where X; and X, are mutually orthogonal and lie
within the image plane. This was repeated in another two breathholds for
the lower 8mm’s of the slice. Cine-SENC data, consisting of a phase reference
and two encoded images, were acquired in the fifth and final breathhold.
These imaging planes are demonstrated in Figure 3.5.

The parameters used in the CSPAMM cine-DENSE and cine-SENC acqui-
sitions are listed in tables 3.3 and 3.4, respectively. The cine-DENSE pa-
rameters yield a voxel size of 2.8 x 2.8 x 8mm, whereas the cine-SENC voxel
size is 3.75 x 3.75 x 16mm.

3.3 Image processing and computation of strain

Post-processing algorithms were applied to both the cine-DENSE and cine-
SENC images prior to computation of 3D strain. Post processing of both
DICOM and raw data files were performed in a graphical user interface
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Table 3.3: Parameters for cine-DENSE.
Parameter | Value

Read out Field of View | 360mm
Percent Field of View Phase | 75%
Acquisition window | 800ms or less
TR | 22ms
Bandwidth | §00Hz
EPI Factor (train length) | 9
Segments | 18

Displacement encoding | 0.lcye/mm

rf Excitation angle | 15°

Table 3.4: Parameters for cine-SENC acquisition.
Parameter | Value
Readout Field of View | 480mm
Percent Field of View Phase | 75%
Slice Thickness (ST) | 16mm
Acquisition window | 800ms or less
TR | 22ms
Bandwidth | 800hz
EPI Factor (train length) | 9
Segments | 18
Encoding | 0.15¢cyc/mm
rf Excitation angle | 15°
SENC type | Reference
Initial Unencoding | 0.15¢cyc/mm
SENC unencode step size | 0.035cyc/mm
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all the other cine-DENSE data sets acquired was performed in order to align
each image set to the others. Cine-SENC images were aligned manually with
slider bars displayed beside the images, since cross-correlation techniques
would not work consistently for SENC images due to the low signal intensity
for the myocardium.

If the cine-SENC acquisition had a larger RoFOV it was scaled to obtain
the same pixel size as the cine-DENSE acquisitions. Resizing was performed
with a bilinear interpolation between complex neighbouring voxels to yield
a higher resolution cine-SENC image.

The GUI also allows the user to view the magnitude or phase data of any of
the acquired cine-DENSE or ¢ine-SENC images via two drop-down selection
boxes. It is important to view all of the images acquired in order to ensure
that they are aligned correctly.

The GUI provides the ability to manually contour the myocardium and
adjust these contours so that they fit for all images of all acquisitions. One
set of contours should fit all the different sets of images. The contouring
requires drawing of both endocardial and epicardial polygons. Vertices may
be moved or added to the contour to allow contour adjustment, which is
important when dealing with multiple data sets.

The cine-DENSE and cine-SENC post-processing functions as well as the
functions that perform the 3D intramyocardial strain calculation are called
from the GUIL The features of the GUI are illustrated in Figure 3.6.

3.3.2 Cine-DENSE Processing

Several post-processing procedures are performed on the complex cine-DENSE
images for each encoding direction and imaging plane. The first two pro-
cedures are performed online by the scanner's MR image reconstruction
(MRIR) computer and involve subtraction of the CSPAMM image pairs to
remove the T1 echo. This effectively doubles the magnitude of the encoded
data. Phase correction is achieved by subtracting the phase of the reference
image from the phase of the encoded image {post CSPAMM correction).

The remainder of the post processing was performed offline on a stand alone
computer using the Matlab functions provided in CineDenseAnalysis3D. For
calculating 3D strain from ¢ine-DENSE and c¢ine-SENC data only one fur-
ther post processing step was performed, this was spatial and temporal
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3.3.3 Cine-SENC processing

Fach myocardial voxel at each time frame of the ¢ine-SENC acquisition was
processed to calculate a vector describing the frequency and orientation of its
tag planes. The in plane and through plane components of the cine-SENC
vector were calculated using phase and magnitude data, respectively, A
Matlab function was written to process cine-SENC acquisitions with either
two or three unencoded images.

In the case where images were acquired for three unencoding frequencies,
the two images with the greatest signal magnitude for the same tissue were
selected, on a voxel by voxel basis, and processed in the same manner as
if images were acquired for two unencoding frequencies. A centre of mass
(COM) estimate was performed for the two identical voxels at different un-
encoding frequencies using the following formula:

_ W,|P1] + W3/ P2

|P1| + | P2| (3.2)

in which P1 and P2 are the values of the voxels for encoding frequencies
W, and Wy, respectively. Osman et aof (2001) reported a linear error in u
that could be removed using

v=a-u+b (3.3)

with a and b equal to 1.0368 and -0.01392, respectively. Optimal results were
achieved using @ and b equal to 0.96 and 0.004, respectively. This result (v)
is the tag frequency perpendicular to the imaging plane.

The spatial gradient of phase {A¢), which yields the tag frequency in the
imaging plane, was computed from the change in through plane displacement
between neighbouring voxels in the SENC images based on the principle that
displacement is encoded onto the phase of the image. For SENC images the
fact that the unencoding gradient is unequal to the encoding gradient simply
results in a phase offset that does not influence relative displacement mea-
surements. This change in displacement between neighbouring voxels was
recorded separately for each neighbour of a voxel, so that each combination
could be treated separately in computing the deformation gradient in the
strain calculation. The in plane tag frequency at the imaging time is then
given by
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we Do KL B0 ke

Vs = o ke Vi (3.4)

where ke is the SENC encoding frequency, V), is the voxel width and Axg is
the difference in z3 displacement between neighbouring voxels. Figure 3.7 is
a flow diagram of the processing performed on the cine-SENC images. The
resultant tag plane frequency vectors are normal to the tag plane and have
a magnitude equal to the tag frequency.

3 Unencodings {2 Unencoding%

P1 = img 1)
Yes P2 = img2{i)
Wa = utt1
Wb = uE2
No
P1 = img2(i)
P2 = imga(i)
Wa = uE2
Wb = UE3
I
¥
COM eslimate

}

Linear error
carrection

!

In-image plane tag
frequency

Finished veclor
calculation

Figure 3.7: Flow diagram of SENC post processing performed for each frame
and voxel.

3.3.4 Computation of Strain using DENSE and SENC MRI

This project proposes a combination of cine-DENSE and cine-SENC MRI
to compute 3D strain. Cine-SENC was used to measure through plane de-
formation due to the fact that it is robust against myocardial shifts between
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breathholds and demonstrates low measurement noise. 2D cine-DENSE im-
ages were acquired for two orthogonal in plane encoding directions for two
adjacent image planes in order to fully formulate the through plane shear
strains.

Strain was calculated using four voxels adjacent to a selected voxel in both
the higher and lower DENSE image planes, as well as these same five adja-
cent voxels from the SENC image, as illustrated in Figure 3.8. The proposed
method reconstructs the inverse deformation gradient Fip, using eight dif-
ferent combinations of these voxels. In Figure 3.8 voxel C is the voxel for
which strain is to be calculated and A, B, L. and R represent the voxel above,
below, to the left and to the right of C, respectively. A subscript b or [ de-
notes higher (h) or lower (I} DENSE image planes. The eight combinations
are [Ap Ry Cn Cil, [Ra, Ba Ch G, [Br Ly Cy, G}, [Ln Ar Cr Ci, (A Ry
Ch Cg}, Ry, B; Cp C;], [Bz Ly Cp G} L; Ay Cp Cif. A value for Fiy is
calculated for each of the eight combinations for which all the voxels fall
within the myocardial contours. The strain calculation is then performed
using an average of all the inverse deformation gradients.

Higher DENSE plane
Lower DENSE plane

SENC plane

Figure 3.8: Voxel neighbours used in combination SENC and DENSE strain
calculation.

The inverse deformation gradient {Fj,,) is calculated using
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where f—?j-is the partial derivative of the displacement in direction x; with
respect to axis X;. Terms with ¢ = 1 or 2 are calculated directly from the
DENSE displacement data and the partial derivatives of z3 in directions X,
and X, are calculated using the SENC spatial gradient of phase. The final
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term with 7,7 = 3 is calculated using the change in the through plane tag
frequency as computed from SENC.

Consider, for example, the calculation of Fip, for the set of voxels [Ay, Ry,
Cp, C)]. The first step is the formation of three non-coplanar vectors V 4,
Vg and Vo each originating from the centre of Cy, towards the centres of
Ay, Ry, and Cy, respectively. The calculation of these vectors at the imaging
time is trivial, with each vector lying parallel to one of the axes X1, Xs or X3,
respectively, and with magnitudes equal to the voxel separation (V 45 and
V g are 2.8mm long and V1 has a magnitude equal to the difference in slice
position between the higher and lower DENSE image planes, 8mm). The
calculation of these vectors at the start of the cardiac cycle, now V', Vi,
and Vi, is performed using both DENSE and SENC data. The difference
in X; and X» displacements between Cj, and the respective neighbouring
voxels, calculated using DENSE measurements, produces the X; and Xo
components for each vector.

The X3 components of these vectors are calculated using the SENC fre-
quency vectors that describe the orientation and frequency of the tag planes
for each voxel. This is based on the knowledge of how a plane (parallel to
the tag plane) deforms over the cardiac cycle. Consider each vector individ-
ually: if its head lies in a plane parallel to the tag plane then the equation
for that plane at the imaging time is given by:

axy + by +cxg = d (3.6)

In the above expression a, b and ¢ are the components of the SENC frequency
vector normal to the tag plane and scaled to unit length at the imaging time,
and d represents the perpendicular distance of the plane from an origin
centred at C),. The value of d is calculated by substituting the components
of the vector V into z1, 22 and zs. The equation for the plane through the
same vector head and parallel to the tag plane at the start of the cardiac
cycle is given by:

azy +breg+dxy=d (3.7)

in which ', ¥/, and ¢’ are the components of the unit vector normal to the tag
planes at the start of the cardiac cycle. In order to determine the distance
of this plane from the origin at C), d’ is computed using



CHAPTER 3. EXPERIMENTAL APPARATUS AND TECHNIQUES 47

;18]
where S is the frequency vector of the tag planes at the imaging time and
&' is the applied tag plane frequency vector at the start of the cardiac cycle.
Using the equation of a plane for each vector (V',,, V7, and V7)) at the
start of the cardiac cycle, the X3 components of each can now be determined
by solving for z3 after substituting known values for z; and 5.

Finy is then calculated using these three non-coplanar vectors as follows:

Fow= [V Vi, Vol/[Van Ve Vg (3.9)

This process was repeated for each combination of voxels that lie within
manually defined myocardial boundaries and the mean Fiy, was found. The
mean of Fi,, was determined before matrix inversion so as to reduce the
noise that would be propagated across the components of F.

The Lagrangian strain {£) was then computed using

1,
Ep = §(Ffz? -1 (3.10)
and the Eulerian strain {Eg) using the average Fip, as follows:

1
Ep= (I~ FE Finy) (3.11)

The final calculation performed on these strain measures was to rotate them
to the radial, circumferential and longitudinal (RCL) coordinate system.
The rotation tensor was calculated such that the first dimension of the strain
tensor represents the radial strain and is given by:

R=| sin(8) cos(6)

0 0

{cas(é’) —sin(8) O}
0 (3.12)
1

Where 8 is the angle between the X direction and the radial direction with
the radial direction defined by the vector joining the centroid of the surface
enclosed by the epicardial boundary to the position of the strain measure.
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3.3.5 2D Lagrangian strain calculation using cine-DENSE
temporal trajectories

Calculating strain directly from the temporal trajectories of tracked my-
ocardium provides several enhancements to the 2D data analysis process.
These enhancements include viewing the deformation of one unit of my-
ocardium over the cardiac cycle, i.e. displaying the strain on a Lagrangian
map of myocardium. The second advantage is that strain can be calculated
at any desired temporal resolution as the equations of displacement can be
evaluated at any desired time point before the last measurement. The tra-
jectories can also be evaluated at any desired spatial resolution, although it
should be noted that for both a temporal resolution greater than the number
of myocardial frames acquired and a spatial resolution greater than the pixel
resolution no additional information is added but simply more continuous
data. The difficulty when analyzing strain in different myocardial segments
is that the myocardium twists and contracts asymmetrically throughout the
heart cycle causing tissue to move into adjacent segments. This problem is
solved by using trajectories. The segments are defined at the start of the
cardiac cycle and then tracked through time.

The technique to calculate strain using the trajectories is trivial as the de-
formation information provided by the trajectories is inherently Lagrangian.
A Matlab function was written to calculate 2D strain directly from these
trajectories at any desired time poinf. Kach strain calculation was associ-
ated with a trajectory, and thus centred about that trajectory. The mask of
trajectories used to calculate the strain contains five trajectories (C, A, R,
B and L) whose arrangement of starting points are demonstrated in Figure
3.9

Vectors V4, Vg, Vg and V are formed by connecting, for the same point
in time, trajectory C to A, R, B and L, respectively. Two of these vectors
are illustrated in Figure 3.9B and C before and after deformation. A prime
('} is used to denote the same vector at a later time. The Lagrangian defor-
mation gradient F' is calculated four times, using each of the four different
combinations of non co-linear vectors ([V 4, Vg|, [V, Vg], [V, V] and
[V 4, Vi1). For example, using the vectors demonstrated in Figure 3.9B and
C, F is given by

F=[V)y Vil/[Va V] (3.13)
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Figure 3.9: A) Arrangement of trajectory starting points used in strain
calculation. B} Example of vectors joining trajectories at start of cardiac
cycle. C) Same vectors joining trajectories after deformation.

Lagrangian strain was computed from the average of all the deformation
gradients (F) in this formation which fell within the myocardial contours.

If the trajectories are computed for all three spatial dimensions, the accuracy
of the deformation gradient can be improved by calculating the deformed
vectors in 3D. It should be noted, however, that the vectors prior to defor-
mation should be left as 2D vectors as the third dimension of these vectors
will not affect the calculation of the 2D strain.

The above method for computing 2D strain is currently being used by re-
searchers at UCT and UVA. The effects of using 3D vectors rather than
2D vectors were investigated by analysing data where 3D displacements had
been calculated and plotting strain time curves of one myocardial segment
for both 2D and 3D vectors.

3.3.6 3D Lagrangian strain calculated using two adjacent
sets of cine-DENSE temporal trajectories

Although this technique suffers from the effects of respiratory miss-alignment
of myocardium between breathholds, it was computed to allow comparison
with the combined DENSE SENC technique. As this method calculates the
strain from 3D trajectories it offers the same potential advantages as the
previously mentioned trajectory based 2D strain calculation technique. A
function was written in Matlab to perform the strain calculation. Although
the function evaluates the strain at a fixed temporal resolution, it could be
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extended to evaluate strain at any chosen time point by using the temporal
equations of motion.

The Figure 3.10 demonstrates the two different combinations of trajectories
used to produce two separate strain fields. The reason for this arrangement
is to keep the in plane components of strain separate for each image plane.

Figure 3.10: Formation of trajectories used in 3D strain calculation. Fach
trajectory starts in the centre of the voxels shown. A and B are two different
formations used to calculate two strain fields.

Using trajectories that originate from centres of the voxels shown in Fig-
ure 3.10, vectors are created from C; in scenario A or (,, in scenario B
to the five adjacent voxels (Cp or Cy, A, R, B, and L). A 3D deformation
gradient is constructed using combinations of non co-linear in plane vector
pairs as described previously together with the added through plane vector.
The deformation gradient is calculated four times in each scenario and if a
trajectory is not contained in the myocardial boundaries, the deformation
gradient containing that trajectory was not computed.

For example, the deformation gradient for one group of trajectories in sce-
nario B whose vectors are V4, V p and V ¢y at the start of the cardiac cycle
and V', Vi and Vi, post deformation, is calculated using:

F=[Vy Vi V&l/[Va Vi Vg (3.14)
The average deformation gradient is used to calculate strain.

3.4 Error quantification simulation

The error in the strain tensor can be grouped into one of two areas, namely
myocardial position variability between breathholds and noise in the kine-
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the two furthest separated contours at a mid-ventricular short axis image
plane (perpendicular to long axis).

3.4.2 Simulation to estimate the error due to inter-breathhold
myocardial position variability

A simulation was performed to estimate the effect of obtaining strain mea-
surements from slightly offset measurement planes. The simulations were
performed in Matlab. A pseudo inverse deformation gradient was calculated
for the purpose of reconstructing measurements at specified imaging planes.
Pseudo deformation gradients were calculated using an optimization tool
to solve for a specified strain tensor. Twelve end systolic strain tensors,
formulated from the results published by Moore et al (2000) were used to
reconstruct deformation gradients. These are listed below and are orien-
tated in the radial (R}, circumferential {C) and longitudinal (L) coordinate
systems:

E = Strain and F = deformation gradient.

046 -0.01  0.03 1.378 —0.053 —0.016 ]
E=1|-001 -015 0.01 F=1| 0064 0833 0.017
0.03 001 -0.12 0.091 0.051 0.868 |

0.43 —0.02 0.08 ] T 1.355 —0.028  0Q.028 7

E= 1| ~-002 -013 0.03 F=| 0087 0855 0.040
0.08 003 —0.12 | | 0132 0.027 0.866 |

0.39 010 0.06 ] T 1.319  0.052  0.006

E = 010 -0.11 0.04 F=1| 0150 0.874 0.035
0.06 004 -0.12 | 0.114 0.045 0.875
T0.44  0.05 —0.05 7 [ 1.364  0.005 0.087

E = 0.05 -0.15 0.09 F=1 0105 0832 0.005
| —0.05  0.09 -0.11 | | 0.025 0.016 0.880 |
0.54 009 001 ] T 1427  0.030 —-0.047°

E = 0.09 —-0.18 0.03 Foe= 0.161  0.800  0.030
0.01 003 -0.11 | | 0.094 0.035 0.881

0.68 009 0.02 ] T 1.521  0.013 —0.052

E=1{ 009 -019 0.04 F=1] 0187 078  0.040
. 002 0.04 -0.15 | | 0.132  0.050  0.837 ]
053 005 005 1.424 —0.008 —-0.010

E= 0.05 —0.18 0.03 F=1| 0131 0806 0.037
0.05 0.03 -0.12 0.123  0.029 0871 |
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volunteer data. A tilt was added to the long axis in order to tilt the points
in the R- and C-axis out of the image plane with a normally distributed
angle and a standard deviation as inferred from the volunteer data. This
tilt was applied in a direction randomly chosen between 0 and 27 with a
linear distribution. It was assumed that the shift of the myocardium within
the image plane were corrected using 2D correlation of the images so that
no random displacement in the R-C plane was accounted for. The first set
of points for the first breathhold, however, had no random displacement or
tilt added to it, as this data set is imaged at the desired slice, with the other
data sets being acquired with inaccuracy about it.

These five sets of displaced points were mapped back to their positions at the
beginning of the cardiac cycle, using the inverse deformation gradient, and
the added random shifts and tilts were removed so as not to include them in
the DENSE or SENC measurement. The DENSE measurement was simply
the change in displacement in the R or C directions of the relevant points.
The in plane SENC measure was recalculated using the change in through
plane displacement between the central point and the two points in the R
and C-axes, multiplied by the encoding frequency (set at 0.15cyc/mm for
this exercise} and divided by the in plane point separation of 2.8mm. The
through plane SENC frequency was calculated as the change in separation
of the two vertically adjacent points multiplied by the encoding frequency
{0.15¢cyc/mm).

From the recalculated DENSE and SENC measures the deformation gradient
was recalculated using the method outlined previously for calculating strain
using a combination of both cine-DENSE and cine-SENC data.

This model of through plane slice variability was repeated 5000 times for
each of the 12 deformation gradients. The value of the input strain tensor
was scaled by the values [0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 and 1] for every
500 repetitions. The aim of scaling the strain tensor is to understand the
effect of the strain magnitude on the error. For each calculation of strain,
a measure of the strain error was determined by subtracting it from the
strain calculated from the input deformation gradient. For each set of 500
repetitions a root mean square (RMS) error was calculated.

This same model was used to estimate the error or noise introduced into
the calculation of a 3D strain tensor using 3D DENSE data. An extra
set of points was added to the model (ie. six sets of points) in order that
six DENSE measurements could be determined to include the effects of
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through plane variahility. The 3D strain tensor was recalculated in the
manner described above and the RMS error for each set of 500 repetitions
was determined.

3.4.3 Estimate of the strain error resulting from noise in the
kinematic measurements

An estimate was obtained of the noise introduced into the strain tensor
due to errors in the DENSE and SENC measurements in a similar way to
the methodology described previously to investigate the effects of through
plane myocardial position variability. The alm of the simulation was to add
expected noise to reconstructed measurement values and then recalculate
the strain. The purpose of this is to obtain an estimate of the strain error
using the proposed combination of DENSE and SENC MRIL

A measure of the cine-DENSE displacement error was necessary to perform
such a simulation. A data set where two CSPAMM acquisitions were per-
formed in the same breathhold with the same encoding had been previously
acquired at UVA for a healthy volunteer. This data set was acquired for
both the X; and X, encoding directions. The phase of one CSPAMM data
set was subtracted from the phase of the other and the resultant phase was
unwrapped using the CineDenseAnalysis3D software. The displacement was
calculated from this phase and a differential error was calculated for each
pixel with the pixels arranged as demonstrated in Figure 3.13, where the

Encoding Direction

Figure 3.13: Average differential displacement pixel arrangement.

displacement of C was subtracted from L and that of R from C. The av-
erage vields a differential displacement error. This was performed in the
encoding direction for both the X; and X5 data and the standard deviation
for the differential displacement of the myocardium was calculated from the
combination of the Xy and X, calculations. The reason for computing the
standard deviation of differential displacement rather than that of displace-
ment is that the component of the error common to neighbouring pixels is
removed.
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The four points illustrated in Figure 3.12 were deformed during the simula-
tion using one of twelve inverse deformation gradients as calculated in the
previous section (3.4.2). DENSE and SENC measures were reformulated
from the deformation of these points in a manner similar to that described
previously. Noise was first added to the through plane SENC measurement
by adding to its magnitude Gaussian distributed noise with a standard de-
viation of 1.5% of the encoding frequency. This value was based on the
1.5% RMS error reported by Osman et el (2001). Gaussian distributed ran-
dom noise was added to the in plane component of the SENC vector using
a standard deviation as calculated from the above differential displacement
measurement for DENSE error and scaled from mm to tag frequency by mul-
tiplying by the encoding frequency and dividing by the voxel width. This
magnitude of error was based on the fact that the in plane component of the
SENC vector is calculated from the change in phase between neighbouring
pixels with the phase being equivalent to a DENSE displacement measure.

Before noise was added to the DENSE measures, the X7 and X, components
of the three non-coplanar vectors, as used in the strain calculation, were
first determined. Gaussian distributed random noise, computed from the
differential displacements, was added to these values. The strain was then
calculated using the method described above.

This experiment was repeated 5000 times for each of the 12 deformation
gradients. The value of the input strain tensor was scaled by the values [0.1
0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 and 1] for every 500 repetitions. The error
in the recalculated strain tensor was calculated as the difference between
the strain tensor calculated from the input deformation gradient and the
recalculated strain tensor. An RMS error was calculated for each group of
500 simulations and from this the relationship between the strain error and
the magnitude of the strain was formulated.

To investigate the proportion of measured noise as a result of the DENSE
measures, this experiment was repeated with the standard deviation of all
cine-DENSE noise set to 0.

3.5 Deformation visualization techniques

Four visualization techniques were implemented, three of them visualized
the intramyocardial strain, and one visualized the deformation gradient.






Chapter 4

Results

4.1 Fine Tuning SENC Parameters

The aim of the tuning process was to find the appropriate SENC encoding
gradients, unencoding gradients and slice thickness. This process involved
investigating the relationships between slice thickness, the frequency profile
of the slice, and the SNR using both phantom and human data.

4.1.1 Results of phantom investigations

The phantom was encoded at a frequency ke and unencoded at several
different unencoding values about ke. Figure 4.1A is a plot of the signal
magnitude as a function of the difference between the unencoding gradient
and ke for an 8mm slice for selected cine imaging frames. As expected,
frame 18 has the lowest signal magnitude and shortest distance between its
first two minima with a separation of 0.11cyc/mm.

Figure 4.1B is a plot of the frequency profile for a slice thickness of 11mm
for the same cine imaging frames. Frame 18 again has the shortest distance
between its first two minima that are separated by 0.095¢y¢/mm.

Figure 4.1C shows the results for a 14mm slice thickness. The width between
the two minima of frame 18 is reduced to 0.06cyc/mm.

Figure 4.1D demonstrates the frequency profile for a 16mm slice thickness.
The separation of the first two minima for frame 18 is now 0.0585¢cyc/mm.

The smallest unencoding frequency imaged in this experiment was 0.115¢cye/mm

88
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Figure 4.1: Frequency profiles for slice with a slice thickness of 8mm (A},
11mm (B), 14mm (C) and 16mm (D). The pixel magnitude is plotted against
the difference between unencoding and encoding value. Profiles are shown
for cine frames, 1, 9 and 18. Each was encoded at (A} 0.4cyc/mm (B)
0.2cyc/mm {C) 0.4cyc/mm and (D) 0.2cyc/mm.
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{Figure 4.1D), which demonstrates that there is no observable interference
from the T1 echo at such a low frequency.

Variations of the shape of the frequency profile with cine phase include
decreased magnitude for later cine phases, shorter distances between the
first two minima, and wider side lobes.

The difference between the signal observed in a phantom compared to my-
ocardium was explored by scanning both the phantom and a healthy volun-
teer with the same DENSE encoding parameters. The SNR was calculated
using

MeanSignal

SNR = (4.1)

Tnoise

in which 0,46 18 the standard deviation of the background noise. In the
phantom the SNR was found to be 27.4 compared to a value of 16.7 for the
SNR of the myocardium.

4.1.2 Human SENC parameter optimization

When imaging a phantom different outcomes are obtained to that when
imaging myocardium. It was therefore necessary to image several volunteers
to understand the effects of different imaging parameters and select the set
of parameters that provide the most optimal images to demonstrate the
SENC effect. Volunteers were imaged according to the parameters listed in
Table 3.2.

Figure 4.2 shows images for an 8mm slice encoded at 0.4cyc/mm for two
different unencoding frequencies. Important observations are that these im-
ages have low signal quality and demonstrate significant ghosting of the my-
ocardium along the phase encode direction. Most importantly, it is observed
that by frame five the signal of the myocardium has completely dephased
for an unencoding gradient of 0.4cyc/mm and is not visible. Similarly, the
signal of the myocardium has completely dephased by frame 12 for the se-
ries unencoded at 0.47cyc/mm. Figure 4.3 shows the results of repeating
the exact same experiment with a readout FOV of 480mm. Although these
images demonstrate a distinct improvement in the signal quality, they still
suffer from the same myocardial ghosting along the phase encode direction.
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Again and most importantly, the signal from myocardium has completely
dephased in a number of frames for both image sets.

When imaging volunteer two, the encoding gradient was reduced to 0.2¢yc/mm
to allow a larger slice thickness for improved SNR. Figure 4.4 shows the im-
ages acquired for unencoding frequencies of 0.2¢yc/mm and 0.235¢yc/mm,
respectively. This series of images demonstrates an increase in image or
signal quality but substantial proportions of the myocardium still fade com-
pletely for several frames. For example, in frames 11 and 12 there are
portions of myocardium that do not appear in either image set.

EPI artefacts can cause significant signal attenuation due to portions of the
myocardial signal being lost in the ghost image. This is serious for SENC
imaging where the magnitude of the image is used to compute the kinematic
data. Two volunteers were imaged to find the optimal configuration of EPI
parameters. An encoding frequency of 0.2cye/mm and unencoding frequen-
cies of 0.2 and 0.24cyc/mm were used. The two EPI parameters that were
varied were the echo train length (ETL) and the number of segments. Im-
ages were obtained for the following configurations: ETL(Segments) 7(14),
5(10), 9(9), 9(18) and 15{15). Selected images, roughly at end systole, are
shown in Figure 4.5 where particular artefacts are highlighted with a white
box around them. The one configuration which demonstrates robustness
towards EPI artefact is the 9(9) configuration. However, due to the halved
number of segments, this configuration takes double the mumber of heart
beats to acquire as compared to a 9(18) configuration.

The EPI configurations of 7(14}, 5(10} and 9(18) all demonstrate significant
myocardial ghosting that can be present in multiple frames. The 15(15)
configuration, however, does not present such ghosting but instead greater
signal inhomogeneity and tissue distortion.

Thus if no reference image was to be acquired a 9(9) EPI configuration will
vield the best results. Since we would like to obtain the SENC measurement
and a phase reference image in a single breathhold, the 9{18) EPI configu-
ration was selected for this study. Typically, only the first few frames are
affected by the ghosting artefact.

After observing in Figure 4.4 that portions of the myocardium completely
fade from the image, it was decided to reduce the encoding gradient to
{.15cye/mm. Images acquired of volunteer five are shown in Figure 4.6. In
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phases. The calculation of the SENC vectors takes 2.5 seconds and the
strain calculation a further 21.2 seconds. The temporal resolution of both
¢cine-DENSE and cine-SENC is 44ms.

4.2.1 Colour map strain visualization

The normal and shear strains projected onto the radial, circumferential and
longitudinal axes are presented for volunteer three. Figures 4.7, 4.8 and
4.9 depict the normal strains in the circumferential, radial, and longitudinal
directions, respectively. Figure 4.10, Figure 4.11 and Figure 4.12 depict the
circumferential radial, radial longitudinal, and circumferential longitudinal
shear strains, respectively.

In Figure 4.7 a number of distinct outliers occur where a pixel of red appears
amongst blue pixels. Despite these outliers, the circumferential strain is
predominantly smooth. Removing these outliers from the calculation, the
mean strain for the end systolic frame (8) is -0.17 with a standard deviation
of 0.07. Circumferential shortening {squared) is demonstrated through the
cycle with a gradual increase from zero strain to a maximum strain at end
systole and then returning to a very low, but noisy strain at mid diastcle.
Clearly the noise levels increase as the cardiac ¢cycle progresses.

In Figure 4.8, the radial strain, or radial thickening squared, is demon-
strated. Non-uniform patterns of strain are observed for frames 4 to 11 with
some regions having very little strain compared to large strain in other ar-
eas. There is no common transmural variation. Some regions have larger
endocardial strain and others have larger epicardial strain. The increase in
noise levels in this data is observed in the large variability of the data. There
are two very large outliers in the end systolic frame (8) with strain values of
107 and 322, respectively, whereas the remainder of the strain values have
magnitudes < 1 . QOutliers depicting a radial strain greater than 0.8 were

removed providing a mean end systolic strain of 0.32 and standard deviation
of 0.19.

In Figure 4.9 the strain in the longitudinal axis {through the image plane)
is depicted. This strain measure is very smooth with very few outliers and
little visual noise. It should be noted that the range of the colour map has
been reduced in this figure to a range of -0.25 to +0.25 as strain through
the plane is significantly lower than the radial and circumferential normal
strains. After removing outliers with strains greater than zero, the mean end
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systolic strain was -0.10 with a standard deviation of 0.03. The progression of
longitudinal shortening {squared) through the cardiac cycle can be observed
with peak strains occurring in frames 8 and 9. It should be noted that in
the inferior wall (at the bottom right of the myocardium} the increase in
longitudinal strain is delayed and starts appearing only after frame 8 while
strain for other areas peaked at this frame.

Figure 4.10 depicts the circumferential radial shear strain that peaks in
frame 8. A negative, positive, negative, positive pattern {starting at the
septum in a clockwise traversal) is predominant through the cycle; this pat-
tern was observed in three of the four volunteers. The last few frames (15 to
18) exhibit a scatter of strain values with no clear regional pattern. A max-
imum end systolic shear strain of +0.35 was calculated (excluding outliers)
with a minimum of -(.36 (excluding outliers).

Figure 4.11 visualises the radial longitudinal shear strain. The peak shear
strain again occurs in frame 8. Although regional patterns of shear strain
are observed, these patterns are not the same throughout the cardiac cycle
or between volunteers. The maximum end systolic shear strain was 0.32
with a minimum of -0.2. For the volunteer data displayed below,regions of
shear strain greater than the background noise levels persist into frame 16.

Figure 4.12 displays the circumferential longitudinal shear strain and demon-
strates clearly regions of negative shear strain with one or two inconsistent
positive regions. A peak positive end systolic shear strain of .08 {(excluding
outliers) and a minimum end systolic shear strain of -0.22 (excluding out-
liers) were calculated. Regional patters of shear strain can be observed for
all frames.

Tables 4.1 and 4.2 list the mean and standard deviation, respectively, of
the normal strains at end systole for the four volunteers for whom images
required for strain calculation were acquired.

Table 4.1 Mean normal end systolic strain.

Volunteer 1

Volunteer 2

Volunteer 3

Volunteer 4

Radial
Circumferential
Longitudinal

0.40
-0.18
-0.07

0.32
-0.17
-0.11

0.32
-0.17
-0.10

0.32
-0.15
-0.06
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zero, cine-DENSE was identified as the predominant source of error for the
radial and circumferential components of the normal strain and the radial
circumferential shear strain. Cine-SENC was identified as the predominant
source of error for the longitudinal shear components and longitudinal nor-
mal strain. The longitudinal normal strain error is significantly less than
that of the other components due to the fact that this measure predom-
inantly arises from the SENC estimation of through plane tag frequency,
which boast a very small RMS error (1.5%). This results from the fact
that this measurement depends on the image magnitude rather than the
stimulated echo phase.

Interestingly, the simulation showed that the kinematic measurement error
for negative strain is inversely proportional to the magnitude of the strain,
and proportional to strain magnitude for positive strains. This results from
Lagrangian strains being calculated from Eulerian data. Consider, for ex-
ample, the simple formula for linear normal strain

T

E = _,tl -1 (5.1)

in which l_(; is a vector along the axis at the reference time and l_t) is the
same vector at the imaging time. For strains (E), calculated from Eulerian
data, the measured variable containing a measurement error is l_(;. The more
negative the strain the larger l_(; becomes, thus reducing the significance of
the error. The opposite is true for positive strains. Since the radial strain
has the largest positive magnitﬁde of all the strain components its associated
RMS error is the largest and most significant. '

The kinematic simulation technique produces an over estimate of the in
plane radial and circumferential strain errors. This results from these com-
ponents of strain being calculated from one cine-DENSE measurement plane
in the simulation, whereas these were computed from the average deforma-
tion of two cine-DENSE imaging planes in the actual strain calculation.
Furthermore, the error introduced into the deformation gradient for cine-
DENSE is an over estimate as in the differential displacement error cal-
culation the error is as a result of two CSPAMM measures whereas phase
errors arise from the phase reference and a single CSPAMM in a typical
cine-DENSE acquisition, where the phase reference is expected to have less
phase noise due to its magnitude being significantly larger.
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The error introduced into the through plane SENC measure is an under
estimate as the technique reported by Osman et al (2001) was a single
phase acquisition method. Increasing this expected error will affect the
normal strain in the longitudinal direction.

Errors arising from variations in the position of the myocardium between
breathholds are lower than those resulting from noise in the kinematic mea-
surements. Using DENSE alone to calculate a full 3D strain tensor yields the
largest error for the longitudinal components as a result of respiratory mis-
alignment. Combining DENSE and SENC reduces the error in the longitu-
dinal normal strain but offers no improvement for longitudinal shear strains.
It should be noted, however, that data for the variability in the myocardial
position between breathholds was acquired for only a single volunteer, thus
a comprehensive picture of myocardial motion between breathholds cannot
be formulated.

The simulation of strain calculated using 3D DENSE data shows significant
errors for longitudinal tensor components. These result from the deforma-
tion gradient components Fy 3, F2 3 and F3 3 (the third column of F) being
derived from the differences in displacement between voxels in two image
planes that were measured in different breathholds. The errors are not only
affected by the tilt of the image planes but also by the fact that the points
used to measure the differences in displacement may not be separated by
the expected amount, as the two image planes may have shifted closer to-
gether or further apart due to variations in position between breathholds.
This error is, however, limited by the large separation of the two DENSE
measurement planes (8mm). A larger separation results in these errors be-
- coming less significant as the difference in displacement increases. The same
reasoning applies for the error in the longitudinal shear strains for the tech-
nique that proposes a combination of DENSE and SENC MRI. In this case
Fy 3 and Fy 3 are calculated using the difference in displacement between the
higher and lower DENSE image planes.

The simulations show that the magnitude of the error is proportional to the
magnitude of the strain, which is different to the relationship for kinematic
measurement errors. The simulation did not account for shifts of the my-
ocardium within the image plane but assumed that these, if present, were
corrected by some form of cross-correlation between the images. A cross-
correlation would, however, only solve misalignment errors due to translation
and not changes in the rotation or shape of the myocardium. These rota-
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tions or changes in shape of the myocardium are not expected to be large
enough to have a significant effect on the calculation of strain.

The simulations performed demonstrate that the errors in the strain ten-
sor depend on the particular myocardial deformation, as highlighted by the
fact that different deformation gradients yield different RMS errors. The 12
deformation gradients used are sufficient to explain the effects of the range
of deformations expected in the heart. The simulations assumed that the
imaging axes were the radial, circumferential and longitudinal axes, which
they are not. For the actual imaging axes larger shear strains are expected
as these axes are not generally aligned with the principal strain directions.
Furthermore, the large radial strain will not typically be aligned to an imag-
ing axis, resulting in a reduced magnitude of the positive strain in each axis
and therefore also a reduction in the effects of iis error.

Since these simulations were not performed in the imaging coordinate sys-
tem, they have only investigated the noise levels in the radial circumferential,
radial longitudinal, and circumferential longitudinal shear strains, whereas
the shear strains measured will be between the imaging axes. This is of par-
ticular importance where the radial and circumferential axes do not line up
with the imaging axes as larger shear strains will be measured between the
imaging axes. These large shear strains can be observed in the plots of the
deforming cubes as they become significantly diamond shaped within the
image plane where these two coordinate systems do not line up. The most
vulnerable shear strains are the small through plane shear strains that have
magnitudes similar to those in the radial, circumferential and longitudinal
coordinate system due to the fact that the longitudinal axis lines up with
the through plane axis. The small magnitude of these shear strains in the
imaging coordinate system is demonstrated in the plots of the deforming
cubes that do not become significantly diamond shaped along these axes.

5.2 Discussion of kinematic measurement techniques

The two techniques that were used to perform kinematic measurements were
strain- and displacement encoded MRI (SENC and DENSE, respectively).
In this discussion I will focus on the strain encoded MRI technique as its
sequence development and tuning was central to this thesis. Cine-SENC
parameters were optimized using a phantom and human volunteer data.
The frequency profiles of slices for different slice thicknesses were explored
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using several different unencoding frequencies. These phantom experiments
demonstrate that the width of the frequency profile is inversely proportional
to the slice thickness, as would be expected from the Fourier transform
relationship.

The frequency profiles of the phantom are symmetric - a necessary require-
ment for a centre of mass estimation. It was found that the shape of the
frequency profile is different for different cine phases indicating that different
SENC linear correction parameters are appropriate for different cine phases.

For unencoding frequencies greater than 0.115cyc/mm the contribution to
the signal from the unmodulated T1 echo centred about &, = 0 is zero.
Therefore, no interference will be present for the unencoding frequency of
0.15¢cye/mm that was used in the SENC protocol.

Volunteer imaging demonstrated that the myocardium fades from the image
too fast for an encoding frequency of 0.4cyc/mm to be realised. In order to
reduce the rate at which the myocardium fades from the images, the width of
the frequency profile could be increased or the encoding frequency reduced.
However increasing the width of the frequency profile would reduce the slice
thickness to a value less than 8mm, which impacts directly on the SNR
of the images. A smaller encoding frequency was therefore preferred. The
encoding frequency was reduced to 0.15¢yc/mm, for which a slice thickness
of 16mm could be used. A tradeoff exists for SENC imaging between a high
encoding frequency and a large slice thickness as a high encoding frequency
provides a higher sensitivity to strain while a large slice thickness affords an
improvement in SNR but requires a lower encoding frequency.

In all the images for which the EPI echo train length (ETL) was double the
number of segments a significant myocardial ghost appears along the phase
encode direction near the edge of the image. For lower encoding frequencies
of 0.15cyc/mm the ghosting usually only appeared in the first three cine
frames. At higher encoding frequencies multiple ghosts appeared spread out
along the phase encode direction. This ghosting may result from through
through plane myocardial motion that could produce significant changes in
the image, resulting in phase encode errors.

Ghosting can cause a significant measurement error in SENC as it relies
on changes in myocardial signal magnitude and ghosting effectively reduces
regional myocardial signal. The EPI parameters that produce the fewest
artefacts are an ETL of 9 with 9 segments. Since this configuration halves
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the number of segments per heartbeat, the number of heartbeats required to
generate the image is doubled. Therefore, only two images can be acquired in
a single breathhold. One could choose to acquire two SENC encoded images
in one breathhold without a phase reference image. Care should be taken,
however, to double the repetition time {(TR) from that used for the DENSE
acquisitions that use a 9(18) EPI configuration in order to match the cine
image timings. Alternatively the SENC measurement could be performed
over two breathholds, each with a phase reference and one encoded image.
For this project fewer breathholds were preferred and a phase reference
image deemed necessary, whereas the presence of artefacts was not critical.
For these reasons a 9(18) ETL-segment combination was used.

The protocol chosen for cine-SENC used an encoding frequency of 0.15¢cyc/mm
and unencoding frequencies of 0.15cye/mm and 0. 185cyc/mm. The primary
reason for this encoding frequency was to enable a slice thickness of 16mm
for optimal SNR. Although a slice thickness of 16mm is large, it is justi-
fied in view of the fact that two adjacent 8mm planes of cine-DENSE are
acquired. Volunteer scanning shows that this combination of slice thick-
ness and encoding is appropriate as the myocardium dephases but does not
completely disappear from the image when unencoded at a frequency of
0.15¢cyc/mm. The value 0.185¢cyc/mm for the second unencoding frequency
was based on the assumption that the Eulerian longitudinal strain is not
expected to exceed 19%. Eulerian longitudinal strain is given by (Osman et
al 2001)

w
Ep = ———=—1 5.2
Vw?+ v? (5:2)
where W is the encoding frequency, v is the through pléne tag frequency
at the imaging time, and w is the in plane component of tag frequency
at the imaging time. A strain of 19% corresponds to a tag frequency of
0.185cyc/mm.

A larger readout FOV was used for cine-SENC than cine-DENSE in order to
improve the SNR of the images due to larger voxel/pixel sizes. By perform-
ing a bilinear interpolation the pixel sizes are artificially reduced té match
those of the cine-DENSE data. It should be noted, however, that this does
not improve the actual resolution of the data. At myocardial boundaries
bilinear interpolation interpolates phase and magnitude data from both my-
ocardial and non-myocardial signal which introduces errors. This problem
can be limited by using conservative myocardial contours and ensuring that



CHAPTER 5. DISCUSSION AND RECOMMENDATIONS 95

cine-SENC voxels for which this would occur are not included in the my-
ocardium.

A limitation of the SENC method in computing the through plane frequency
is that frequencies above and below the two unencoding values saturate the
measurement. This can be overcome in a number of ways, firstly by reducing
the encoding frequency such that the frequency shift is reduced, however
this reduces the sensitivity of the measure. Another option is to reduce the
slice thickness which will increase the width of the frequency profile and
thus allow the separation of the two unencoding frequencies to be increased.
This results in an increase in the range of measurable frequencies at the cost
of SNR. Finally, an extra unencoding frequency could be measured that will
effectively double the frequency range without any loss in sensitivity or SNR
at the cost of scan time or the phase reference image.

SENC estimates the through plane tagging frequency of myocardial tissue
using a centre of mass estimate of the signal magnitude for two different
unencoding frequencies. This centre of mass estimate requires a linear cor-
rection. This linear correction factor depends on the frequency profile of the
slice and is therefore variable as this profile changes. For the results shown
the magnitude of the complex signal was used in the centre of mass estimate
whereas Osman et al (2001) used the real component of the complex signal.
The difference between the magnitude and the real component of the signal
is shown in Figure 5.1. Since the real component assumes negative values
a wider range of frequencies can be measured. Figure 5.2 shows that using
the real component does not alter the shape and width of the complex fre-
quency profile in successive cine frames but only reduces its amplitude as
is also observed in the magnitude profile. One disadvantage of using the
real component of the profile is that since the phase of the myocardium is
continually changing due to displacement and inhomogeneities, the real and
imaginary contributions to the frequency profile are continually changing
and the profile may at times lie entirely in the imaginary domain. At posi-
tions where the magnitude of the signal is low the phase quality of the image
is also generally poor. As a result the magnitude of the signal rather than
the real component was used to compute an estimate of the frequency peak.

It is evident in Figure 5.1 that two positive side lobes occur beside each of
the first two minima for the frequency profile of the signal magnitude, so
that the signal for unencoding frequencies that lie outside the profile can
still be positive {unless they are zero). For such unencoding frequencies
the COM estimate will incorrectly be computed at a value in between the
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Figure 5.1: Frequency profile for the magnitude and real component of the
signal for an 8mm slice encoded at 0.4cyc/mm.
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two unencoding frequencies as opposed to simply saturating at the encoding
frequency nearer the actual tissue frequency as would occur when the real
profile is used. This is not a serious problem as large tag frequencies are not
expected.

The slice profile is clean and symmetric in the phantom, whereas in the
myocardium this is not necessarily the case due to the fact that the imaging
characteristics of the myocardium may change over the large 16mm slice.
This will not affect the estimate of the through plane tag frequency that is
based on the magnitude of the images.

It is evident from the differential displacement measurements that the cine-
DENSE phase measurements are very noisy. This is attributed to a number
of different reasons, amongst them firstly, the differences in the imaging
method and acquisition time for the phase reference image compared to the
encoded images. The phase reference image is a normal SPAMM image with
zero tag encoding so that its phase arises from all three echoes (stimulated,
T1 and complex conjugate echoes). Secondly, the low signal strength of
the stimulated echo that decreases exponentially over time, and increasing
phase noise due to spin-spin dephasing. ' ‘

5.3 Strain calculation and display

The colour maps of the three-dimensional intramyocardial Lagrangian strains
demonstrate distinct patterns for normal (radial, circumferential and longi-
tudinal) Lagrangian strain. The smoothness and uniformity of the strain cal-
culation for the circumferential and longitudinal strains demonstrate good
robustness against noise, The average end systolic circumferential strains
found in all the volunteers are in good agreement with the results of Moore
et al (2000) as all the average strain values lying within two standard devi-
ations of the mean end systolic circumferential strain reported. The calcu-
lated standard deviation of the circumferential strain (0.07 for volunteer 3)
demonstrates that the noise levels are lower than the strain magnitude and
lower than those predicted in the simulations.

The average longitudinal strain is less than-the reported value (p ; 0.0017).
The reported value is of the order of -0.16 with a standard deviation of the
order of 0.03 between volunteers (Moore et al 2000} whereas the average
longitudinal strain measured in this study is -0.09. This low longitudinal
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strain is likely to be as a result of an inappropriate choice of SENC COM
linear error correction parameters. One set of linear correction parameters
were optimised for all cine frames. It is evident from the phantom frequency
slice profiles that parameters should be chosen and optimised individually
for each cine frame.

The longitudinal strain is the least noisy measurement with each strain field
demonstrating a standard deviation of 0.03 (except for volunteer 4 of 0.04)
which is three times larger than the RMS error predicted by the kinematic
measurement noise simulation. This is attributed to the kinematic noise in
the SENC though plane frequency measure being under estimated. Despite
this component of the tensor being the least noisy, it also has the smallest
magnitude of the three normal strain components so that even this small
noise contribution is significant.

The standard deviation of the radial strain at end systole is large, half the
magnitude of the average radial strain reported by Bogaert and Rademakers
(2001). This is evident in colour maps of radial strain where regions of the
myocardium exhibit no strain and other regions have radial strains so large
(> 0.4) that the colour map is saturated. The simulations predicted large
errors for the radial strain. The average end-systolic radial strains all lie
within one standard deviation of the mean reported by Moore et al (2000),
however, they lie at the lower end of this range. The calculated standard
deviation of radial strain in each strain field of the four volunteers matches
the RMS error demonstrated in the simulations {they both demonstrate
measures in the order of 0.2 strain). |

The strain maps do not depict any distinct or circumferentially uniform
transmural strain patterns as expected. This could be due to the fact that
the myocardial contours were drawn particularly conservative in order to
ensure that they contained only myocardium for all five acquisitions across
breathholds. This applies to the two planes of cine-DENSE, where the lower
DENSE plane that is closer to the apex will have a smaller radius and thus
tighter contours. If these five sets of images are all contoured individu-
ally, sub-pixel resolution contour matching can be performed to account for
in plane myocardial rotations and small changes in the shape of the my-
ocardium. Less conservative contouring could then be applied.

In all four volunteers the longitudinal strain peaked two cine frames later in
the posterior free wall (indicated with circles in Figure 5.3) than in the re-
mainder of the myocardium and all other normal strain components {Figure
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strain calculated from these cine-DENSE based trajectories in two adjacent
planes did not provide accurate through plane strain.

In conclusion the ability to calculate 3D strain tensor fields in a singe slice
of myocardium has been demonstrated.
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