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Abstract

Early diagnosis and localisation of myocardial perfusion defects is an important step in the treatment
of coronary artery disease. Thus far, coronary angiography is the conventional standard investigation
for patients with known or suspected coronary artery disease and it provides information about the
presence and location of coronary stenoses. In recent years, the development of myocardial perfusion
CMR has extended the role of MR in the evaluation of ischaemic heart disease beyond the situations
where there have already been gross myocardial changes such as acute infarction or scarring. The
ability to non-invasively evaluate cardiac perfusion abnormalities before pathologic effects occur, or
as follow-up to therapy, is important to the management of patients with coronary artery disease.
Whilst limited multi-slice 2D CMR perfusion studies are gaining increased clinical usage for
quantifying gross ischaemic burden, research is now directed towards complete 3D coverage of the
myocardium for accurate localisation of the extent of possible defects.

In 3D myocardial perfusion imaging, a complete volumetric data set has to be acquired for each
cardiac cycle in order to study the first pass of the contrast bolus. This normally requires a relatively
large acquisition window within each cardiac cycle to ensure a comprehensive coverage of the
myocardium and reasonably high resolution of the images. With multi-slice imaging, long axis cardiac
motion during this large acquisition window can cause the myocardium imaged in different cross-
sections to be mis-registered, i.e., some part of the myocardium may be imaged more than twice
whereas other parts may be missed out completely. This type of mis-registration is difficult to correct
for by using post-processing techniques. The purpose of this thesis is to investigate techniques for
tracking through plane motion during 3D myocardial perfusion imaging, and a novel technique for
extracting intrinsic relationships between 3D cardiac deformation due to respiration and multiple 1D
real-time measurable surface intensity traces is developed. Despite the fact that these surface intensity
traces can be strongly coupled with each other but poorly correlated with respiratory induced cardiac
deformation, we demonstrate how they can be used to accurately predict cardiac motion through the
extraction of latent variables of both the input and output of the model. The proposed method allows
cross-modality reconstruction of patient specific models for dense motion field prediction, which after
initial modelling can be use in real-time prospective motion tracking or correction.

In CMR, new imaging sequences have significantly reduced the acquisition window whilst
maintaining the desired spatial resolution. Further improvements in perfusion imaging will require the
application of parallel imaging techniques or making full use of the information content of the k-space
data. With this thesis, we have proposed RR-UNFOLD and RR-RIGR for significantly reducing the
amount of data that is required to reconstruct the perfusion image series. The methods use prospective
diaphragmatic navigator echoes to ensure UNFOLD and RIGR are carried out on a series of images
that are spatially registered. An adaptive real-time re-binning algorithm is developed for the creation
of static image sub-series related to different levels of respiratory motion. Issues concerning temporal
smoothing of tracer kinetic signals and residual motion artefact are discussed, and we have provided a
critical comparison of the relative merit and potential pitfalls of the two techniques. In addition to the
technical and theoretical descriptions of the new methods developed, we have also provided in this
thesis a detailed literature review of the current state-of-the-art in myocardial perfusion imaging and
some of the key technical challenges involved. Issues conceming the basic background of myocardial
ischaemia and its functional significance are discussed. Practical solutions to motion tracking during
imaging, predictive motion modelling, tracer kinetic modelling, RR-UNFOLD and RR-RIGR are
discussed, all with validation using patient and normal subject data to demonstrate both the strength
and potential clinical value of the proposed techniques.
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above diagram we see the locations of the planes both before (dark) and after (light) the
relocation due to the results of the tracking. Large displacement can be seen, particularly

during phase 2 of the three-phase cine SEqUENCE. ...........ccccciinriinicnie 107

Figure 4-11 The absolute difference in measured regional error of three slices acquired
during one cardiac cycle for five subjects. The apical slice was acquired first within the
cardiac cycle and the basal slice last. The resulting error without motion tracking is shown

and is generally greatest during the mid phase of the cardiac cycle. ...........cccovnniiineiinnnn 108

Figure 4-12 Using a special test pulse sequence shows the effectiveness of slice tracking for
two subjects above. Signals form the myocardium should remain uniform and enhanced if
the imaging planes are accurately tracked over time. This can clearly be seen for the tracked

sequence while on the untracked the correct tissue is not imaged during phase 2 and 3..... 109

Figure 4-13 An example of the effect of cardiac contraction on the imaging of multi-slice
short axis planes. Image (a) shows three tags across the VLA of the LV, and (b) shows their
deformation after 202 ms. The most basal of the three slices is shown after 202 ms without

tracking (c) and with tracking (d). .......ccccoverervriiciiiencin e s 110

Figure 5-1 An example of the extent of respiratory induced cardiac motion. Three views of
the heart are shown along three orthogonal axes. For each view (Volume A) is end-
expiration and (Volume B) is end-inspiration at the same stage of the cardiac cycle. Also
shown is the location of the myocardium at the two extremes (Myocardium). Large
translation and deformation of the shape of the LV is observed. This displacement can be as

IMUCK @S I51Muccvviiiiiiiieiiiieiieieeeetieeerseteeiesesissesessasssssssssssssssessssasssressasasessnssseetaessesnssssssesassssans 114

Figure 5-2 A diagrammatic representation of the proposed predictive motion modelling
scheme. Initial 2D/3D imaging is used along with real-time measurable inputs to create a
motion model that can be used as the input to the imaging system for achieving real-time

IMOLION AAAPLALION.........ccmieiiiiiiieiitntetne st e st sae s s et seseterssesisasaeboreshsresbsbesban s b sbebessrnnes 117

Figure 5-3 An example data set illustrating the basic concept of PLSR. The input data has
two variables x; and x, and these are plotted against the output variable y. The solid circles
show the primary mode of variation in X while the open circles show the secondary mode of
variation. After applying PCA on X, it is found that the solid circles represent around 99% of

the variation. The graph shows that although the solid circles represent the majority of the
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variation within X they do not help to describe the variation in Y. In fact the variation
present in the open circles, while only representing 1% of the variation in X, is the only

useful information in describing the variation in Y. .......ccccevreviinverniiniicnniinnnenienessenneneens 121

Figure 5-4 A systematic representation of the intrinsic relationship between the p intensities
used as an indicator and the g displacements as the response used in the learning and
predication. This relationship is shown in terms of the matrices X and Y for m frames of a
sequence. C is the coefficient matrix which when combined with the input X is able to
predict the response matrix Y, E represents noise and higher order terms that are not

accounted for in the above relationship. ........cccoceoveivirereeiinrc e 122

Figure 5-5 A schematic diagram of the PLSR method used for deformation modelling and
prediction. In this example, multiple measurements of surface intensity distributions are used
as the input, from which latent variables factors are extracted. A similar process is also
applied to the observed output data, in this case the deformation vectors of the heart derived
from the control vertices of the free-form image registration algorithm. A model that
establishes the intrinsic correlation between T and U is then derived. At the prediction stage,
3D myocardial deformation is directly predicted from the intensity patterns measured at the

chest wall, which can be performed in real-time. ..........cccocevrvenrerneneniinnneninssesresnseenn: 124
Figure 5-6 A pseudo code representation of the NIPALS algorithm. .........cccocvvceirnnnnnnnences 124

Figure 5-7 A schematic diagram showing the image acquisition and reconstruction
procedure for the 3D imaging method with retrospective respiratory gating used in this
study. ECG gating was used to acquire data at the same phase (early diastole) of the cardiac
cycle. Prior to image data acquisition, a navigator echo was used to locate the position of the
dome of the diaphragm. The figure shows the over-sampling of one data segment twenty
times and the corresponding navigator locations. The full 3D acquisition requires a total of
28 data segments (14 slices x 2 segments per slice). Over-sampling the data by a factor of 20
ensured that 3D datasets could be reconstructed at a number of positions through the

FESPITALOTY CYCLB....iiviiiiiiiiirniiiiinsiinit sttt et rserse e st eesssaeats b bssnabsebsaasan b e shaasoots 126

Figure 5-8 A visual representation of the motion of the heart due to respiration. The solid
surface of each 3D reconstruction represents the endocardial surface at end-expiration and
the meshed surface delineates the endocardial border due to respiration corresponding to
diaphragm displacements of S5, 15, and 25 mm, respectively. The corresponding mid-

ventricular short axis slice of each 3D volume is shown on the top row of the figure. ....... 128
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Figure 5-9 2D deformation vectors of a mid-ventricular slice at the same phase of different
cardiac cycles with varying levels of respiration motion, and an associated intensity trace
measured at the surface of the chest. (a) The deformation vectors corresponding to cardiac
cycles 6, 11, and 23, as marked by the dashed lines on (c) and (b) the deformation vectors
corresponding to cardiac cycles 8, 12, and 18, as marked by the solid lines on (c). These
images highlight the potential inconsistencies of using single movement traces of the chest
wall to predict respiratory induced cardiac deformation as in (a) the associated cardiac
deformation is different despite the fact that the intensity patterns measured at the chest wall
are identical. For (b), however, there is a much closer correlation between the deformation

VECLOTS AN SUTTACE LTACES. 1.vvvieveveeiveerriertieeeereesesstiesseeesesessnssessessssssssesssrrosssssssresseessrsessaosss 129

Figure 5-10 Subtraction error for PLSR by using a single chest trace compared to using all
the 16 chest traces measured. Results were calculated as the mean square error of voxel
intensity values (ranging from 0-255) for the selected region containing the heart. A value of

1.00 indicates the same result as using all 16 traces. ...........cceceververcrvueiesnercreeeneereserseereneeens 130

Figure 5-11 Subtraction error relative to the registration result for MLR and PLSR when
different numbers of input traces are used. The graph shows the error range corresponding to

different permutations of a given number Of traces. .......c.ccoeveveeirrrrinicinnenrenese oo 131

Figure 5-12 Deformation patterns of layer 3, 5 and 7 of the final 9x9x9 grid of a subject
studied. For each image, the vectors were calculated from the PLSR coefficient matrix by
keeping the first three principal components. Each row of this image represents the in-plane
deformation captured by the 1st, 2nd, or 3rd principal component, where the motion vectors
were amplified by 10 times for the 2nd and 3rd rows of each image as the corresponding
vectors were much smaller than those captured by the first principal component. For each

layer, the columns show the mean £ standard deviation of the in-plane deformation. ........ 132

Figure 5-13 An example of the results derived from the proposed 3D motion prediction
method. Images (al) and (a2) represent the mid-ventricular slices of a subject at different
phases of the respiratory cycle with the corresponding subtraction result shown in (a3). The
3D rendition shown in (a4) highlights the amount of cardiac motion and deformation
involved, where the solid and meshed surfaces represent the endocardial border of (al) and
(a2), respectively. The second row shows the result of using direct 3D free-form image
registration to the two 3D image volumes with (b2) representing the final warped mid-
ventricular slice. Images (b3) and (b4) show the residual error by image subtraction and 3D

rendering. The third row illustrates the same result as that of the second row but with PLSR
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motion prediction, demonstrating the ability of the proposed technique in accurate 3D

MOLION PrEAICHION. ....viiteeitiiieiee et ste ettt e treres e e s e s besbecevsessasssesseansessnssiesassrassssonsess 134

Figure 5-14 The overall residual error and standard deviation of the proposed motion
prediction technique for all the 10 subjects studied by using the leave-one-out test. The
analysis cover the entire respiration range and the corresponding 3D image registration
results are provided as a reference. Results were calculated as the mean square error of voxel

intensity values (ranging from 0-255) for the selected region covering the heart. .............. 135

Figure 5-15 The subtraction error after sequential removal of traces used for learning and
prediction relative to the use of all 16 traces. The best and worst case is shown with all
possible error values for the different number of traces shaded in between. Results were
calculated as the mean square error of voxel intensity values (ranging from 0-255) for the
selected region containing the heart. A value of 1 indicates no improvement due to

TEGASITALION. c..cuiiiiiiictiie i e seette e ste s e e e st e srtabe s e s s sraesasssessensesaensesuessesoneresotsstastessarsesassntes 136

Figure 6-1 The Cartesian sampling function on the left gives a PSF shown in the middle
after inverse Fourier transform. This replicates the imaged object (in this case a circle) as
shown on the right. Two points are shown P, and P,. P, originating from the Oth peak of the
PSF and P; from the Ist peak of the PSF...........ccocovcieicicnnsneenen 141

Figure 6-2 By increasing the distance between the lines in the sampling function, the
distance between the peaks of the PSF is reduced in an inversely proportional manner. This
leads to the reconstruction of the imaged object overlapping in the under-sampled direction.
The points Py and P, now lie in the same position in the spatial image domain due to the two

replicas of the imaged object sharing some of the same pixels in the image domain.......... 141

Figure 6-3 The images above show the effect described previously in sub-sampling the
information in k-space. As shown, the k-space coverage in (a) is sufficient to produce image
(b) without noticeable artefact due to wrap around. By reducing the sampling density by a
factor of two in (c), the resulting constructed image has the image data overlapping from

above and below in (d) producing significant artefact and error. ..........cccoevvviieviiineneiennns 142

Figure 6-4 By shifting the sampling function in the phase encode direction through time
(from dashed to full for instance) a phase ramp in the PSF is produced. This phase shift is

passed on to the image domain so as points Py and P; may once again be distinguished.... 143
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Figure 6-5 A shift in the phase encode direction of half a line results in a 7 phase shift for

each of the secondary peeks in the PSF. The point P, is now 7 degrees out of phase with the

Figure 6-6 When applying the sampling function shown in Figure 6-5 to a stationary image
sequence, it has the effect of producing two spikes in the temporal frequency domain, the DC
component centred on 0 and the oscillating component at the Nyquist frequency. These two

components may be easily separated to distinguish points Pgand P,. .........ccccoeverinenee. 144

Figure 6-7 A schematic illustration showing the basic effect due to sub-sampling of the
Cartesian space. (a) and (b) are two sequential acquisitions through time with the
corresponding even and odd k-space information shown on the left. The sampling function
has been shifted in the phase encode direction by half a line. This leads to a 7 phase shift in
the PSF for the secondary peaks. The result is shown with the resulting pixel intensities in
regions C and D alternating between the magnitude of +a and -a, where all lower case
variables are complex. When reconstructed, overlapping pixels such as those in E and F that
alternate between the magnitude of 2a and 0 are created in the image domain. In this simple
case, the complete reconstruction of the object is obtained by summing the two images either

in the frequency domain or in the image dOmain..............ccoveeeeveenienenrercnienrernnrereenisserensens 144

Figure 6-8 With full sampling the temporal spectra for two points in image space are shown.
(a) represents dynamic information, while (b) represents a static or more slowly varying
point. Through under sampling in k-space the PSF moves closer and these two points are
represented by the same pixel in image space (c). Through the temporal phase shift in the
sampling pattern used with UNFOLD (b) has been shifted to the edge of the spectra,
allowing the information from pixel (a) and (b) to be distinguished in post processing with

temporal fIltETING. .....coveiiiniiiiii e e 145

Figure 6-9 With full sampling the temporal spectra for two points, (a) and (b), in image
space are shown both containing significant dynamic information resulting in broad temporal
spectra. Through under sampling in k-space, the PSF moves closer and these two points are
represented by the same pixel in image space (c). Even though the sampling pattern is able to
shift the information for pixel (b) to the edge of the temporal spectra, it is not sufficient to

successfully distinguish the two points (a) and (b). ......c.ccevvvviiviinncninniiininnnn, 146

Figure 6-10 A synthetic (above) and real (below) stationary image sequence sub-sampled in
k-space by a factor of two with UNFOLD applied. The right column shows the
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corresponding results when one of the image frames is translated by 5 pixels in the phase

ENCOAE QITECHION. ....veivieeiriieiiereceeieeee et ee e e eeeeeeees e atsesseststeseseesssssbtesesssnssressssssnssteseeranes 147

Figure 6-11 A single frame from an under sampled static image series with up to (a) 0, (b) 5,
(c) 10 and (d) 15 pixels of random motion applied in the phase encode direction to each of

the frames before applying 2 x UNFOLD. .......ccccoooiierniiiniininnnnnnenisessnnnenes 148

Figure 6-12 The effect of shear distortion on UNFOLD. On the left, two synthetic images
reconstructed from complete k-space information are shown. On the right the same objects

are reconstructed from k-space data under-sampled by 2 in the phase encode direction..... 149

Figure 6-13 Seven frames of a synthetic image series. All images are identical except for the
central frame that has undergone shear distortion before being converted to k-space. The left
column shows the result of full k-space image reconstruction, whereas the middle and right

columns show the results of 2 x UNFOLD without and with distortion correction., ........... 150

Figure 6-14 A central reconstruction of a circle is shown with overlapping PSF replicas due
to sub sampling of the k-space data. In (a), a circle is shown on a rectangular background
with the arrow showing the spatial difference in location between neighbouring replicas of
the same point on the imaged object. In (b) the imaged object has undergone a shear
transformation and in (c) the resultant image has undergone the reverse shear transformation

10 COITECt the CENMIal TEPLICA. .....coveeerireeerirtrrrirreereserresteesressenesnebesre st e e sassrassneasessensans 151

Figure 6-15 A schematic diagram showing the algorithm used for the binning and odd/even
alternation used for RR-UNFOLD...........ccuiviiniieneneeniensneeesesssesesessessassessessesinessens 154

Figure 6-16 A sample navigator trace with a respiratory window of 5 mm for each of the
bins used for RR-UNFOLD. A new bin is created in real-time at the first instance of a
navigator edge being located within the specified window and from there, each further
instance of a navigator edge within the required bin alternates the acquisition of odd (O) and
even (E) k-space encoding steps. When a new bin is created, the first image is always chosen

to be in sequence, in terms of odd/even k-line coverage, with the previous image regardless

Of TESPITALOTY POSILION. ...ceviviiiririiiiiiiieenereseaesentessese e saesesesssesesesssssnsessrsssssserssssensasssusrsses 155

Figure 6-17 A schematic diagram showing all the processing steps involved in pre-

processing the k-space data within each bin before UNFOLD reconstruction is applied.... 157

Figure 6-18 The sequence timing diagram used for the acquisition of the patient data. The

top figure shows the time in microseconds since the last R wave on the horizontal axis, the
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figure below shows the detail during the acquisition of the navigator, application of the

saturation pulse and the start of the image data acqQuiSition. ...........c.ccccecrevvneniiininnnnnnn, 160

Figure 6-19 The average diaphragmatic respiratory navigator histogram for all 10 patients
during the 120 cardiac cycle pre-scan, and 50 cardiac cycle perfusion scan. Diaphragmatic
respiratory positions are normalised between O (end inspiratory) and 1 (end expiratory) with

0.1 DN WIAENS. ....oe vt stes s e sre e e ssresstesstasssasessaesassssasssenbesastaestesastesssessasesensesans 161

Figure 6-20 Example diaphragmatic respiratory navigator histograms for three patients
during the 120 cardiac cycle pre-scan and 50 cardiac cycle perfusion scan. Diaphragmatic
respiratory positions are measured in mm with 2 mm bin widths, smaller values represent end

inspiration and greater values end eXpiration. ...........cccvvveniieeisiinresiniinneiee e 162

Figure 6-21 The ratio of subtraction errors between RR-UNFOLD and conventional
UNFOLD for the patients with no pre-scan binning (a) and binning based on a preliminary
pre-scan (b) studied when different respiratory window sizes/number of bins are selected. In
both figures, the same k-space data with extra central lines were used for RR-UNFOLD and
conventional UNFOLD techniques. The subtraction error is the sum of mean square pixel
subtraction errors for the whole sequence. The solid curve demonstrates the mean error ratio
for all 10 subjects and the vertical bars indicate the standard deviation amongst subjects. An
error ratio of less than 1.0 indicates an improved artefact suppression of the RR-UNFOLD
technique against normal UNFOLD. ... 163

Figure 6-22 An example of the image artefact introduced by different reconstruction
techniques, showing original fully encoded images — first column, conventional UNFOLD
reconstructed images — second column, difference between the original and UNFOLD
reconstructed images — third column, RR-UNFOLD reconstructed images (prior to tracer
intensity correction) — fourth column, and the difference between the original and RR-
UNFOLD reconstructed images — fifth column, respectively. For both UNFOLD and RR-
UNFOLD, a two-fold reduction in phase encoding steps was used.............coierriirinininnen 164

Figure 6-23 ROI signal intensity curves showing the effectiveness of signal intensity
correction by the introduction of extra central k-space encoding lines for RR-UNFOLD. The
three intensity curves of each figure show the signal derived from images with and without
central k-space encoding measured within the blood pool and myocardium, respectively,

compared to those from the original fully encoded perfusion image sequence. .................. 165

Figure 6-24 The ratio of subtraction errors between RR-UNFOLD and conventional
UNFOLD for the normal subjects (a) and patients (b) studied when different respiratory
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window sizes are used for each bin. In both figures, the same k-space data with extra central
lines were used for RR-UNFOLD and conventional UNFOLD techniques. The subtraction
error is the sum of mean square pixel subtraction errors for the whole sequence. The solid
curve demonstrates the mean error ratio for all 10 subjects and the vertical bars indicate the
standard deviation amongst subjects. An error ratio of less than 1.0 indicates an improved

artefact suppression of the RR-UNFOLD technique. .........ccceceverevereererurirereerererereseseenssenns 166

Figure 6-25 The reduction in error (mean and standard deviation of the 10 patients studied)
represented as a ratio of RR-UNFOLD against normal UNFOLD when different numbers of

eXtra CeNtral K-liNES ATE USEU. .........eevvveririiriireriesiessreersrsissesssresestessssessseesserissrsssssssnsessasosns 168

Figure 6-26 Four frames from a perfusion sequence of a patient showing the image artefact
introduced by using different reconstruction techniques, showing original fully encoded
images — first column, conventional UNFOLD reconstructed images — second column,
conventional UNFOLD with extra central k-lines — third column, RR-UNFOLD
reconstructed images (prior to tracer intensity correction) ~ fourth column, and RR-
UNFOLD - fifth column, respectively. Rows (a)-(d) show the results for different time

frames and the corresponding subtraction errors compared to the original fully encoded

Figure 6-27 Perfusion index for normalised slope from Fermi deconvolution curve fitting
calculated for 6 mid-ventricular segments of a patient demonstrating the effect of RR-
UNFOLD and conventional UNFOLD for myocardial perfusion quantification. Relative
values between reduced k-space reconstructions and the original data are shown for
UNFOLD and RR-UNFOLD, where 1.0 indicates no change in perfusion index. With
UNFOLD, the derived perfusion index has an error range of 25%-71%, whereas for RR-
UNFOLD the error range is kept within 14%..........ccccoievviiinieeninnencennnesesesrensenesreeressneseens 170

Figure 6-28 The relative error in perfusion index after applying the same processing steps as
in Figure 6-27 to all the 10 patients studied by using the UNFOLD and RR-UNFOLD
techniques, respectively. The mean absolute perfusion index errors and minimum/maximum

absolute perfusion index errors are shown for each patient..............ccevcvereennniereernescerenens 170

Figure 6-29 The ratio of subtraction errors between RR-UNFOLD and conventional
UNFOLD for the normal subjects (a) and patients (b) studied when different numbers of bins
are selected following an initial pre-scan. The first of the two methods divides the respiratory
range evenly while the second selects bins to divide the histogram distribution from the pre

SCAN EVENY ...t eteer e st e e seeebecrraessaseesnesesansasassnssaabessastosnassvasssessostenerrsrnssensans 172
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Figure 7-1 Two images from a synthetic myocardial perfusion sequence. The reference
image is an image from late in the sequence and the dynamic image as the contrast agent
enters the myocardial tissue. In the dynamic image a transmural defect is shown in the
infero-septal wall (pointed by the arrow). The graphs show the pixel intensity values for the
line shown down the image in the phase encode direction. The most notable difference
between the reference and dynamic image in the graph is enhancement of the blood pool of

the LV and hypo-enhancement of the transmural perfusion defect (phase encode line ~70).

Figure 7-2 Reconstruction of the dynamic image from Figure 7-1 by using only 16 of the
128 phase encode lines. The top graph and image show a simple Fourier transform of the
central 16 lines, the middle graph and image show the replacement of the central 16 lines of
the dynamic image into the remaining lines of the reference image from Figure 7-1. The
bottom graph and image show reconstruction using the RIGR technique from the central 16
lines of the dynamic image with basis functions derived from the reference image. While
significant artefact is shown throughout the image with all three reconstructions, the RIGR
technique provides visibly clearer myocardial borders. For display purposes, the images on

the right have been cropped and this region is shown as dotted lines on the graphs on the left

Figure 7-3 Reconstruction of the dynamic image from Figure 7-1 by using only 32 of the
128 phase encode lines. The top graph and image show a simple Fourier transform of the
central 32 lines, the middle graph and image show the replacement of the central 32 lines of
the dynamic image into the remaining lines of the reference image from Figure 7-1. The
bottom graph and image show reconstruction using the RIGR technique from the central 32
lines of the dynamic image with basis functions derived from the reference image. While all
three techniques are able to distinguish the transmural defect, RIGR provides visibly sharper
edges to the LV blood pool with significantly less artefact. For purposes, display the images

on the right have been cropped and this region is shown as dotted lines on the graphs on the

Figure 7-4 Two images from a synthetic myocardial perfusion sequence. The reference
image is an image from late in the sequence and the dynamic image as the contrast agent
enters the myocardial tissue. In the dynamic image a subendocardial defect is shown in the
antero-lateral wall (pointed by the arrow). The graphs show the pixel intensity values for the
line shown across the image in the phase encode direction. The most notable difference

between the reference and dynamic image in the graph is the enhancement of the blood pool
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of the LV and hypo-enhancement of the subendocardial perfusion defect (phase encode line
B ) ettt et a et a e e h ke Rt et ettt sen et e et ae b re s e rn 184

Figure 7-5 Reconstruction of the dynamic image from Figure 7-4 by using only 16 of the
128 phase encode lines. The top graph and image show a simple Fourier transform of the
central 16 lines, the middle graph and image show the replacement of the central 16 lines of
the dynamic image into the remaining lines of the reference image from Figure 7-4. The
bottom graph and image show reconstruction using the RIGR technique from the central 16
lines of the dynamic image with basis functions derived from the reference image. For
display purposes, the images on the right have been cropped and this region is shown as

dotted lines on the graphs on the left...........cccovvieierirneiieneerie s seeseeseeesseeees 185

Figure 7-6 Reconstruction of the dynamic image from Figure 7-4 by using only 32 of the
128 phase encode lines. The top graph and image show a simple Fourier transform of the
central 32 lines, the middle graph and image show the replacement of the central 32 lines of
the dynamic image into the remaining lines of the reference image from Figure 7-4. The
bottom graph and image show reconstruction using the RIGR technique from the central 32
lines of the dynamic image with basis functions derived from the reference image. It is clear
that the RIGR technique provides a clearer endocardial border in the LV with fewer artefacts
in the blood pool than the keyhole technique and is also able to distinguish the
subendocardial defect from the dynamic image in Figure 7-4. For display purposes, the
images on the right have been cropped and this region is shown as dotted lines on the graphs
ON e TEfL. .ottt eae s e s se s 186

Figure 7-7 The effect of small detail in the reference image on the reconstruction quality of
the keyhole and RIGR methods. Series 1,2 and 3 are identical but for the contrast of the
subendocardial defect in the reference image. With RIGR, due to the way that the basis
functions are derived, when the high-resolution details are not clearly present in the
reference image, significant blurring can be observed. This is evident from the above figure
in the clarity of the small subendocardial border reconstructed. Depending on the size of the

k-space used, the RIGR method is generally suitable for depicting small dynamic regions.

Figure 7-8 Seven frames from a first pass myocardial perfusion sequence acquired during
free breathing. Each frame is shown with the value of the diaphragmatic respiratory
navigator acquired directly preceding the image acquisition. The fully encoded

reconstruction with 112 phase encode lines and the RIGR reconstruction using only 28
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dynamic phase encodings are shown side by side with the direct subtraction image showing

resulting artefact. At the bottom, the static reference image (frame 50) is also shown. ...... 190

Figure 7-9 For a single subject shown in Figure 7-8, the diaphragmatic respiratory navigator
reading, and the subtraction error result from a fully encoded image sequence is shown for

€ACh CArdiac CYCIE. .....couiiiieiciiircctcer et se s sne b as s 191

Figure 7-10 Seven frames from a first pass myocardial perfusion sequence acquired during
free breathing. Each frame is shown with the central value of the respiratory bin used for
reconstruction of the image. The fully encoded reconstruction with 112 phase encode lines
and the RR-RIGR reconstruction using only 28 dynamic phase encodings are shown side by
side. The RR-RIGR image is reconstructed with the static data from the final frame within its
respiratory bin, not necessarily frame 50. Frame 20 and 26 use frame 50 for reconstruction
resulting in exactly the same reconstruction as in Figure 7-8. It is clear that significantly
fewer artefacts are created using this technique as shown in frames 29, 32, 35 and 38. This is

further highlighted by the difference images on the right...........ccovvviininnnninnn, 192

Figure 7-11 Mean square subtraction error is shown for each frame of the myocardial
perfusion sequence reconstructed with the RIGR technique using 28/112 dynamic phase
encode lines. Two variations of this are shown, the method without binning uses the final
frame (50) as a static reference image for the calculation of the required basis functions for
the generalised series reconstruction. With RR binning, the data is separated into 5 mm bins

and the final image from each of these bins is used as a static reference image.................. 193

Figure 7-12 Seven frames from a first pass myocardial perfusion sequence acquired during
free breathing (subject 1). The fully encoded reconstruction with 112 phase encode lines is
shown on the left. A reconstruction using RR-UNFOLD with 56 lines and 6 extra central
phase encode lines is shown together with the subtraction difference image from the full
reconstruction. Also shown is a RR-RIGR reconstruction using only 56 dynamic phase
encodings. From the subtraction images the difference in the artefact created by the two

tECRNIQUES 1S CIRAT. .....oueeieieciiiiieiiiiit et sisar st trae e e s besesb et s e s b s b aassas 194

Figure 7-13 Mean square subtraction error is shown for each frame of the myocardial
perfusion sequence reconstructed with the RR-UNFOLD and RR-RIGR using approximately
half of the phase encode lines. It is clear that the error created differs between the two

LECHMIQUES. ..oviiiniiiieiiirieecessrre e s s nereesesn e sesst st saeseesesesssa bt sbsatsrtsuesbtaresssbsbsstsrsstass 195

Figure 7-14 Eight frames from a first pass myocardial perfusion sequence acquired during

free breathing (subject 2). The fully encoded reconstruction with 112 phase encode lines is
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shown on the left. A reconstruction using RR-UNFOLD with 56 lines and 6 extra central
phase encode lines is shown together with the subtraction difference image from the full
reconstruction. Also shown is a RR-RIGR reconstruction using only 56 dynamic phase

ENCOMINES. coviviiiiiriiiiii ittt sttt et st b sb s a b e s ebebsshbsbese s o Rt sabeb e R as b et eaterbens 196

Figure 7-15 Mean square subtraction error is shown for each frame of the myocardial
perfusion sequence reconstructed with the RR-UNFOLD and RR-RIGR using approximately
half of the phase encode lines. In this case the error created from the RR-RIGR technique is
clearly less than from the RR-UNFOLD technique............cccoovuieivvmicinminninenninnninennnininnes 197

Figure 8-1 The basic perfusion model. The time intensity signal from the blood pool of the
LV (b) is combined with the curve for the tissue impulse response (r) to give the time
intensity signal from the myocardium. The blood pool signal is considered as the input to the
system and the myocardial signal the output. The impulse response has a small time delay

representing the time taken for the agent carrier to travel to the entrance of the coronary

Figure 8-2 The Fermi function. This represents the impulse response of the washout

properties of the contrast agent through the myocardium. The value of 7, represents the

delay due to the time taken for the bolus of contrast agent to pass from the blood pool of the
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region. Corresponding signal-time measurements are graphically shown in (d) with the blood
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Chapter 1 : Introduction

Early diagnosis and localisation of myocardial perfusion defect is an important step in the
treatment of Coronary Artery Disease (CAD). Thus far, coronary angiography is the
conventional standard investigation for patients with known or suspected CAD and it
provides information about the presence and location of coronary stenoses. For prognostic
evaluation, as well as monitoring the efficacy of interventional measures of these patients,
myocardial perfusion imaging plays an important role in establishing the ischaemic burden
and the viability of ischaemic myocardium. Single Photon Emission Computed Tomography
(SPECT) with thallium-201 or technetium-99m labelled compounds is the most widely used
imaging modality for assessing regional myocardial perfusion. The technique, however, is
affected by attenuation artefact from soft tissue and has relatively poor spatial resolution.
Although it is possible to overcome these problems by the use of Positron Emission
Tomography (PET) with "N labelled ammonia or 'O labelled water, the method is more
expensive and not widely available [1,2]. The main strength of PET is its ability to
accurately quantify perfusion in addition to other metabolic activities. Perfusion studies are
performed through the administration of a radionuclide tracer that decays with the emission
of a positron. The main limitation of this method is blurring caused by cardiac contraction
and respiratory induced distortion, thus limiting the transmural sensitivity of the technique
[3,4]. In addition, the radionuclide tracers emit a significant radiation burden to the patient.
As an alternative, echocardiography can also be used for perfusion quantification, with
which the blood flow through the myocardium is determined by the use of sonicated micro

bubbles as a contrast agent. This method, however, is only recently applied to myocardial
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perfusion imaging and the improvement in Signal-to-Noise Ratio (SNR) is a significant

hurdle to overcome before the technique can be routinely applied [5,6].

In recent years, the development of myocardial perfusion Cardiovascular Magnetic
Resonance (CMR) has extended the role of Magnetic Resonance (MR) in the evaluation of
ischaemic heart disease beyond the situations where there have already been gross
myocardial changes such as acute infarction or scarring. The ability to non-invasively
evaluate cardiac perfusion abnormalities before pathologic effects occur, or as follow-up to
therapy, is important to the management of patients with CAD. Early reperfusion of
ischaemic myocardium has been shown to have a positive reversal effect on the ischaemic
myocardium, which reduces mortality and morbidity. Differentiation of ischaemic but viable
myocardium from infarcted regions requires detailed global quantitative assessment and
modelling of myocardial perfusion characteristics. CMR allows for the acquisition of images
of the myocardium with relatively high spatial resolution, thus allowing the transmural
extent of myocardial ischaemia to be determined. Thus far, the common technique used for
assessing myocardial perfusion based on first pass techniques with CMR is fast gradient
echo (turboFLASH) [7,8,9], other techniques include TrueFISP [10], and Echo-Planar
Imaging (EP]) sequences [11,12]. Quantitative results have been achieved in animal studies
with intravascular agents (polylysine-Gd-DTPA) as a macromolecular blood pool marker
[13] and conventional extracellular agents (Gd-DTPA) for human studies [7,14-16]). Whilst
limited multi-slice 2D CMR perfusion studies are gaining increased clinical usage for
quantifying gross ischaemic burden, research is now directed towards complete 3D coverage
of the myocardium for accurate localisation of the extent of possible defects. The aim of this
thesis is to address major technical issues concerning accurate myocardial perfusion
quantification with motion modelling, rapid image acquisition and tracer kinetic modelling.

The work reported in this thesis involves extensive phantom and in vivo clinical validation.

In Chapter 2, the clinical background of myocardial perfusion imaging is provided. It gives
an overview of the basic pathophysiology of myocardial infarction and the development of
imaging techniques, MRI in particular, for quantifying myocardial perfusion abnormalities.
In this chapter, we describe the basic cause of CAD and the outcome of ischaemia and
myocardial infarction. For providing a better understanding of the complexity of myocardial
perfusion, we summarise the linkage between myocardial territory and coronary blood
supply, and the importance of collateral circulation. In this chapter, we have also provided a
relatively comprehensive comparison of the relative strength and potential pitfalls of
different imaging techniques for quantifying myocardial perfusion, highlighting the potential

of CMR perfusion and the technical challenges we have to overcome.
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One of the pre-requisites of accurate myocardial perfusion imaging is to ensure a
comprehensive coverage of the Left Ventricle (LV). In order to track the transit of the
contrast bolus, it is required that the entire volume of interest be imaged within each cardiac
cycle, preferably during a short acquisition window of 200-300 ms. In practice, this is a
challenging task and compromises are usually made favouring SNR over myocardial
coverage, or spatial resolution over temporal resolution. With many of the faster imaging
sequences already approaching established limits of neuromuscular stimulation and Radio
Frequency (RF) heating, further improvements in perfusion imaging will have to rely on
exploiting the full information content of the k-space data. In Chapter 3, we review some of
the commonly used k-space acquisition techniques that have been developed over the years.
They include Keyhole imaging, Block Regional Interpolation Scheme for k-space (BRISK),
temporal filtering methods for reduced field-of-view imaging, locally focussed imaging, and
Broad-use Linear Acquisition Speed-up Techniques (BLAST). In this chapter, we have also
described the basic concept of parallel imaging techniques including SiMultaneous
Acquisition of Spatial Harmonics (SMASH) and SENSitivity Encoding for fast MRI
(SENSE), and outlined their potential value in myocardial perfusion imaging.

Differentiation of ischaemic but viable myocardium from infarcted regions requires detailed
global quantitative assessment and modelling of myocardial perfusion characteristics. This
requires the development of a spatially and temporally registered imaging strategy for
complete 3D coverage of the myocardium. In 3D myocardial perfusion imaging, a complete
volumetric coverage can involve a large data acquisition window within each cardiac cycle.
When using multi-slice imaging, cardiac motion during this large acquisition window can
cause the myocardium imaged in different image planes to be mis-registered, i.e., some part
of the myocardium may be imaged twice whereas other parts may be missed out completely.
This type of mis-registration is difficult to correct for by using post-processing techniques. In
Chapter 4, we examine in detail the effect of cardiac motion and respiratory induced cardiac
distortion to myocardial perfusion quantification. In practice, the effect of respiratory motion
is particularly problematic to CMR and we discuss some of the current state-of-the-art
techniques in respiratory motion management. We describe the normal patterns observed in
free-breathing respiratory motion, and issues related to respiratory drift and hysteresis. In
this chapter, we review some of the major techniques used for respiratory adapted imaging
including the design of diaphragmatic navigator echoes and different phase encode
reordering techniques. We also provide a motion decoupling strategy to ensure during
myocardial perfusion imaging the same material is covered by each of the imaging slices,

which greatly simplifies subsequent quantitative perfusion analysis.
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In Chapter 5, one of the most significant contributions of this thesis is introduced. It
describes a novel predictive motion-modelling technique that uses multiple surface traces to
derive a free form motion model of cardiac deformation due to respiration. The predictive
motion modelling method developed is designed for extracting intrinsic relationships
between 3D cardiac deformation due to respiration and multiple 1D real time measurable
surface intensity traces. The strength of this approach is that it does not require interleaved
acquisition of navigators, and thus significantly simplifies the pulse sequence design.
Furthermore, it makes the technique easily transportable to other imaging modalities. For
myocardial perfusion, it will allow cross modality comparison of transmural Myocardial
Blood Flow (MBF) distributions, particularly with 3D PET. The problem with using surface
measured signals, however, is that they are strongly coupled with each other but poorly
correlated with respiratory induced cardiac deformation. Numerically, this can create
significant problems for recovering the inherent model that explains the causality between
respiratory motion and surface deformations. In this chapter, a new technique of predictive
cardiac motion modelling and correction based on Partial Least Squares Regression (PLSR)
has been developed. The key steps of the method involve initial subject specific modelling of
cardiac deformation with 2D/3D imaging of the anatomical structure combined with in situ
real-time measurable inputs. Registration based on Free-Form Deformation (FFD) or finite
element modelling is used to recover the underlying spatio-temporal deformation of the
anatomical structure. The causality between tissue deformation and real-time measurable
signals, such as surface deformation, is then extracted through the use of PLSR. At the
prediction stage, real-time measurable inputs are used to predict cardiac deformations
without the need for further 2D/3D imaging so that adaptive imaging can be performed in

real-time to track the anatomical regions of interest.

In order to further increase the scan efficiency of myocardial perfusion imaging, Chapter 6
introduces a novel respiratory reordering scheme to reduce motion artefact with the use of
the already established Unaliasing by Fourier-encoding the Overlaps Using the Temporal
Dimension (UNFOLD) technique. The principle of UNFOLD is based on temporal filtering
to resolve spatial aliasing within the Field Of View (FOV) caused by a reduction in the
density of k-space sampling. The method assumes that the dynamic structure under
consideration is slowly varying throughout the imaging series, and therefore can be
represented by a narrow range of low frequency components in the temporal frequency
domain. Unfortunately, due to respiration, significant motion and wraparound artefact can be
introduced to myocardial perfusion imaging. The method developed in this chapter performs
prospective respiratory reordering during data acquisition so that multiple synchronised

sequences can be obtained. Issues related to dynamic bin allocation and UNFOLD
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reconstruction are discussed, and the proposed technique has been validated with both

patient and normal subject data.

From detailed numerical analysis, it was apparent that with UNFOLD, a certain amount of
temporal smoothing is involved despite the use of continuous sampling of the central k-space
data. To assess this problem, we compare in Chapter 7 the use of Reduced-encoding Imaging
by Generalised-series Reconstruction (RIGR) as an alternative to UNFOLD. RIGR attempts
to minimise the total number of spatial encodings required for acquiring the dynamic image
data sets. The suitability of the method to the imaging task as with other reduced encoding
methods for dynamic imaging is based on the assumption that during the acquisition of
dynamic image data, the high-resolution data remains static. The high-resolution static image
is therefore built into a set of basis functions of generalised series constrained to the low-
resolution dynamic images. The dynamic images can then be reconstructed with relatively
few extra phase encoding steps. In this chapter, we describe the use of RIGR combined with
prospective respiratory reordering for handling cardiac motion. The technique is similar in
spirit to that described in Chapter 6, and our emphasis is placed on the comparison of relative
merit and potential pitfall of the RIGR approach, particularly in the localisation of small

endocardial defects.

To outline the clinical value of the techniques proposed, particularly the use of tracer kinetic
modelling, we provide in Chapter 8 detailed quantitative analysis results involved in this
thesis. In this chapter, we also outline some of the clinical background of extracellular versus
intravascular contrast agent, tracer kinetics and compartment modelling, as well as the main
issues related to perfusion quantification. We provide detailed quantitative analysis of three
patients with comparative results from X-ray coronary angiography and SPECT, outlining
the clinical value of the proposed CMR technique. To further assess the reproducibility of
the method, results from a further study involving seven normal volunteers and nine patients
with CADs are also provided. We conclude in Chapter 9 some of the remaining issues that
need to be addressed in future research in CMR perfusion imaging, particularly the accurate

measurement of the arterial input function for perfusion quantification.

Most parts of this thesis are published in peer-reviewed academic journals and conference

proceedings/presentations. They include:
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Chapter 2 : The Clinical Background of

Myocardial Perfusion Imaging

2.1 Introduction

CAD is the leading cause of death in the developed world. Statistics published by the
American Heart Association [17] for 2001 show that in the United States, 64.4 million
Americans had one or more forms of cardiovascular disease. Amongst them, 13.2 million are
diagnosed with coronary heart disease (CAD), 7.8m having had a myocardial infarction.
Cardiovascular disease claimed 931,108 lives in America, nearly 40 percent of all fatalities.
The totals for other cases of mortality are: Cancer 553,768, Accidents 101,537, Alzheimer’s
disease 53,852, and HIV (AIDS) 14,175.

For many years, researchers have been investigating ways of improving the diagnosis and
treatment of CAD. Earlier diagnosis has the potential to prevent irreversible damage or
possible death. Thus far, coronary angiography is the gold standard test for the diagnosis of
CAD, providing information on the presence and location of coronary stenoses. For
prognostic evaluation of these patients, as well as monitoring the efficacy of interventional
measures, myocardial perfusion imaging plays an important role in establishing the
ischaemic burden and myocardial viability. SPECT with thallium-201 or technetium-99m
labelled compounds is the most widely used imaging modality for assessing regional
myocardial perfusion. Its importance in clinical practice is evident, with approximately 7
million examinations yearly in the USA alone. The technique, however, is affected by

attenuation artefact from soft tissue and has relatively poor spatial resolution. Although it is
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possible to overcome some of these problems by the use of PET with "N labelled ammonia
or O labelled water, this method is more expensive and not widely available. Furthermore,
both techniques involve ionising radiation. With recent advances in ultra-fast MR imaging,
. the potential of using contrast enhanced MRI to assess myocardial perfusion has been
increasingly recognised. The purpose of this chapter is to provide an overview of the basic
pathophysiology of myocardial infarction and the development of imaging techniques, MRI

in particular, for the quantification of myocardial perfusion abnormalities.

2.1.1 The basic structure of the heart and its function

The heart is a complex organ that maintains a supply of oxygenated blood flowing
throughout the body and is similar in size to a clenched fist. The heart muscle, termed
myocardium, is where the pumping force originates. But the heart could not function without
the valves, coronary arteries and the conductive properties of the tissues. From a basic
anatomical perspective, the heart is divided into four chambers including the two atria and
two ventricles, as shown in Figure 2-1. The left and right sides of the heart are separated by
the septum. The right atrium receives oxygen-depleted blood from the body via the superior
and inferior venae cavae, which is then transferred to the right ventricle (RV) and pumped
into the pulmonary artery. From here, the blood is circulated through the lungs and re-
oxygenated. The left atrium receives the returning oxygen-rich blood from the pulmonary
veins. It is transferred to the LV through the mitral valve and then pumped via the aorta and
branching arteries throughout the body. The LV has stronger and thicker muscle as it is must
exert greater pressure to pump the blood around the body than the RV to the lungs.

Cardiac muscle fibres differ from other muscle fibres within the human body in both size and
structure. The fibres consist of elongated cells with central nuclei and branching attachments,
making up three quarters of the volume and one third of all cells within the myocardium. The
cells are relatively small, typically measuring around 110 zm long and 15 im wide. Cardiac
myocytes join with one another end to end through intercalated discs that provide structural
as well as electrical coupling between cells. This mass of interconnected myocytes can in

theory be treated as a single muscle cell or a functional syncytium.
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Figure 2-1 The basic anatomy of the heart and relative position of the left and right ventricles. The
coronary arteries running along the epicardial surface provide vital blood supply to the myocardium in
order to maintain its function.

Cardiac myocytes also have unique characteristics in the activation of their contraction.
Whereas muscle fibres generally require neuronal stimulation, cardiac myocytes are
activated by cardiac pacemaker cells without neuronal activation. This produces a regular
activation of contraction and the relatively long action potentials (200-350 ms) avoid
additional stimuli creating contraction out of synchrony with the cardiac cycle. Critically,
cardiac myocytes are unable to regenerate by division so when damaged by disease or injury,
permanent loss of function occurs. In principle, it is the contractile proteins within cardiac
muscle cells that activate contraction. Through a cross-bridge mechanism, linking myosin
and actin filaments, an energy-dependent process is activated by calcium. Three proteins
troponin C, troponin T and troponin I are involved. An increase in cytosolic calcium causes
troponin C to bind with calcium, and a “pull” effect (contraction) is produced. Conversely, a
lowering of cytosolic calcium concentration causes the release of calcium from troponin C,

resulting in cardiac muscle relaxation [18].

In order to contract, a constant blood supply from the coronary arteries is essential. The
myocardium has a dedicated blood supply, the coronary arteries arising from the aorta just
above the aortic valve. The Right Coronary Artery (RCA) supplies the RV and the Left
CircumfleX (LCX) and Left Anterior Descending (LAD) supplies blood to the LV and
septum. These divide into vessels with a smaller diameter and better coverage supplying the
entire myocardium at capillary level. An illustration of the coronary tree is shown in Figure

2-2. Contraction will be impaired when the blood supply to the myocardium is inhibited such
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as by coronary heart disease. The supply of oxygen to the myocardium is predominately via
coronary blood flow. The level of which is determined by a number of factors including
systemic blood pressure, and anatomical factors such as the calibre of the coronary arteries
and arteriolar bed. The myocardium has a high density of capillaries able to provide
sufficient levels of oxygen to the myocardial tissue. At rest the demand for oxygen and the
time available for its supply allow the coronary arteries to provide sufficient oxygen for
myocardial contraction. As the workload of the heart increases the combination of a greater
demand for oxygen and a reduction in relative time spent in diastole (during which MBF to
the LV is at its greatest), due to an increased frequency of cardiac contraction, the coronary
arteries must respond to their demand. Regulation of coronary flow via dilation and
contraction of the coronary arteries occurs in response to oxygen demand. Reduced coronary
flow can cause reduced blood supply to certain areas of the myocardium and when the
myocardial oxygen supply-demand relationship decreases to a critical level, myocardial

ischaemia occurs.
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Figure 2-2 A schematic diagram of the coronary tree, showing the relative position of the major
coronary arteries, based on a figure used by the AHA [19].

2.1.2 Coronary artery disease (CAD)

CAD results in the narrowing and eventual occlusion of coronary arteries due to atheroma,
caused by the deposition of cholesterol and lipids within the arterial walls. Atherosclerosis is
the process involving the deposition of fatty substances, cholesterol, calcium and other
materials on the inner lining of typically large and medium sized arteries. Atherosclerosis

can affect any blood vessel, beginning at an early age and developing over years, and
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eventually causes the artery to narrow and stiffen. These plaques in time may rupture, and a
process called thrombosis occurs causing blood clots that may further impair blood flow or
break off and affect blood flow further along the coronary tree. The process of thrombosis
may occlude the vessel resulting in a myocardial infarction or “heart attack”. The causes and
pathogenesis of atherosclerosis are so far not completely understood. CAD occurs to some
degree as a natural result of aging. There are several known "risk factors” that may result in
its development at a younger age. Some of these risk factors may be modified, and some
cannot. Factors such as a family history of CAD in a first-degree relative at a younger age
are known to affect the likelihood of early onset. Aging itself, and the female menopause are
also influential. Risk factors that may be modified include smoking, diabetes, high

cholesterol, blood pressure, weight and lifestyle.

In general, a mild narrowing of the coronary artery will not usually cause any symptoms. If
the vessel becomes narrowed by around half or more, there can be a reduction in blood flow
during periods of activity when the demand for blood supply are greater. When the vessel is
narrowed by around 90% or more there is the potential for a lack of blood supply at rest.
When the vessel becomes 100% closed, a heart attack ("myocardial infarction") may occur.
On the other hand, if the vessel closes gradually, the muscle may obtain flow from other
vessels through collateral flow. Typically, mild blockages will permit an adequate blood
supply to the myocardial territory served by the artery. With moderate blockages, there may
be insufficient blood flow under increased demand such as exercise. In these cases, one may
experience chest discomfort (angina) due to inadequate blood flow. Permanent muscle
damage does not occur following anginal symptoms in isolation, and may in fact train the
myocardium for a decreased blood supply by inducing subcellular changes. In fact, the
majority of ruptures that lead to infarction are of plaques that do not cause stenosis. Stenotic

plaques have a thick fibrous cap, which possibly act as a protection against rupture.

2.1.3 Ischaemia and myocardial infarction

Ischaemia is a shortage of oxygen resulting in cellular dysfunction, which can have both
short and long term effects. A short period of ischaemia, lasting only several minutes, is
usually reversible. A long-term period (30-40 min) of ischaemia, however, can lead to
permanent myocardial injury and cell death. In certain cases, persistent severe ischaemia
may not necessarily result in myocardial infarction but can cause marked contractile
abnormalities. Despite the restoration of perfusion to these areas of the myocardium,
abnormalities may persist for days or even weeks before normal functionality is restored.
This is referred to as myocardial stunning. Hibernating myocardium refers to a more chronic

myocardial oxygen deficiency. The function of the myocardium is reduced which mirrors the
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available oxygen supply. This can form a new state of equilibrium without resulting in
necrosis. Restoration of coronary flow to this region of tissue can lead to the return of normal
functionality. Many people have no symptoms despite having a substantial blockage. They
can still be shown to have insufficient blood supply with exercise or stress tests, but simply
don't experience a symptom of angina as others do. This is termed "asymptomatic

ischaemia".

Myocardial infarction is the death or irreversible injury of myocardial tissue (necrosis),
resulting from an occlusion of coronary flow and thereby a localised deprivation of oxygen.
The characteristic symptom of myocardial infarction is severe and persistent angina (chest
pain). The time taken for an infarct to develop varies depending on that myocardium’s
current perfusion characteristics. It has been shown that when there is little collateral flow
and high oxygen uptake within the myocardium this time period can be as short as 20-60
minutes. This may be extended to between 2 and 6 hours in situations where the collateral
flow is high and the myocardial oxygen uptake is low [20]. In general, myocardial infarction
occurs initially within the subendocardium, as it lies furthest away from the epicardial
arteries. This, together with transmural metabolic differences, is thought to explain the
pattern seen in the progression of myocardial infarction, developing from the

subendocardium to the subepicardium in a manner described as an advancing wave front.

The consequence of myocardial infarction is the altered function of the heart. With time the
necrotic myocardium is infiltrated by fibroblasts; cells that form a scar tissue with the
myocardium. This results in remodelling of the myocardium. Ventricular remodelling is a
significant factor in the process resulting in heart dysfunction and eventually failure.
Molecular changes occur in the remodelling of both the structure and function of the heart,
resulting in compensatory myocyte hypertrophy or left ventricular dilation. The ventricle
becomes dilated and more spherical, and by Laplace’s law there is an increase in wall stress,
increasing the workload on the myocytes. With ventricular dilation, cardio-myocytes operate
with less efficiency since the same amount of contractile force generates less pressure, and
thus flow. Therefore, even normal myocytes can suffer from increased work due to
decreased efficiency. This can result in fatigue, which may lead to functional and structural
failure [18].

Prolonged severe ischaemia may eventually lead to cell death. The manner of death and the
processes involved are an important element in both the diagnosis and treatment of
myocardial infarction. While it was previously believed that all cell death took place via

necrosis, it is now known that this is not the case. Necrosis may be described and classified
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into two different types. The first of these is called coagulation necrosis. This is commonly
found in the centre of a developing infarct, and characterised by a swollen and indistinct
appearance. Amorphous dense bodies form within mitochondria inhibiting the production of
ATP within the cell, resulting in a critical energy deficit. Blebs and holes appear within
muscle cell membranes. Due to increased membrane permeability intracellular enzymes and
proteins escape into the extracellular space. These enzymes and proteins may be used as
clinical markers in detecting myocardial infarction. Contraction band necrosis is found near
the border of the infarct. The main feature of which is hypo contraction of the contractile

elements.

Apoptosis results in cell death through a different process. A genetically programmed series
of biochemical events leads to the shrinkage of the cell. While intracellular degeneration
takes place the, sarcolemma remains intact. The nucleus is split into fragments, with little
damage to the mitochondria taking place. Phagocytes, in a waste clearing process called
phagocytosis, absorb these fragments, termed apoptotic bodies. Genes control apoptosis,
either promoting or suppressing its activation. There are a number of reasons why the body
deliberately activates the death of cells, such as aging. The genes that control its activation
are believed to be present in a variety of tissues and many act as a form of tumour
suppression. The exact conditions under which apoptosis take place are unclear. It is known
that necrosis takes place after a period of prolonged severe ischaemia. There is evidence that
apoptosis takes place during longer sustained periods of ischaemia exceeding 2 to 3 hours,
and also during reperfusion after shorter periods of ischaemia [21]. The two differing modes
of cell death are significant as the diagnosis and possible treatment of cell death will no
doubt differ.

At a microscopic level, as an infarct progresses cardio-myocytes die rapidly and contractions
stops within one minute. However, adjacent living cells rhythmically tug at the ends of the
paralysed fibres. This results in thinning at the site of infarction [22]. Electron microscopy
shows that ischaemic damage in contractile cells will form transverse contraction bands of
hyper-contracted sarcomeres. Therefore, wavy fibres are an initial sign of infarction, prior to
the occurrence of necrosis [23]. When flow is obstructed through an artery, it will develop
alternative routes in and/or around ischaemic tissue. At the start of infarction, all infarcts are
of a reddish hue, because the dead tissue is soaked with blood. Its capillaries and other
vessels tend to be paralysed or over-dilated. This will evoke an acute inflammatory reaction
within hours, spearheaded by a wave of polymorphonuclear phagocytes. The capillaries
connected with the infarcted tissue may be sealed off by thrombosis. About one day later, the

infarction turns white, as the red blood cells haemolyse and haemoglobin diffuses away. The
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final result is a fibrous scar formed over the following weeks. Ultimately the time course of

these changes is determined by the flow, collateral supply and the myocardium itself.

To say that a certain area of myocardium is viable indicates that whatever its current
contractile status, function will improve if blood flow is improved. This means that cells
within the area are alive. The ability to distinguish between myocardium that has the
potential to regain normal function, and tissue which is permanently scarred and unable to
regain full functionality, is a major challenge in cardiac medicine. The identification of
reversible dysfunction is essential in the early management of heart failure, and has the
potential to reduce both morbidity and mortality in this condition. There are a number of
different strategies for imaging viable myocardium based on myocardial perfusion
techniques. These are gaining clinical recognition in that they provide both a qualitative and

quantitative assessment of the dynamic behaviour of the heart.

2.1.4 Myocardial territory linked to coronary blood supply

Clinically, to link coronary blood supply to a particular myocardial territory, it is useful to
use a standardised representation. The epicardial coronary arteries consist of the left
coronary artery and RCA. The left main stem is the common origin of the two major left
sided coronary vessels, the LAD and LCX. The right coronary descends and becomes the
posterior descending artery. Anatomically, these main arteries lie in the atria-ventricular
grooves that separate the heart chambers. The left main and its branches usually provide
most of the blood supply to the LV. In the LV, the anterior wall is adjacent to the chest wall,
the septal divides the LV and RV, the posterior (inferior) at the back and lateral away from
the RV. The LAD supplies anterior septum, anterior wall and in most cases apex possibly
right around to the most apical portion of the posterior and lateral walls, whereas the LCX
supplies the lateral wall. The RCA, which runs down the groove between the LV and RV,
supplies blood to most of the RV and a portion of the inferior wall. Each of these arteries
branch into smaller vessels to penetrate the heart muscle. Each individual person has a

unique coronary artery tree. The number and placement of branches can vary greatly.

Figure 2-3 illustrates the standard 17-segment model for the LV as proposed by AHA [24].
The model divides the entire ventricle into 4 major cross-sections along the long axis starting
from the base to the apex of the LV. Within each cross-section, the short axis cross section of
the LV is further divided into approximately equal volume segments. In relation to the
coronary structure mentioned above, the LAD normally supplies regions 1, 2, 7, 8, 13, 14
and 17 and can also supply 6, 12, 15, and 16 depending on the subject. The LCX generally
supplies 5, 6, 11, 12, and 16, while the RCA 3, 4,9, 10 and 15 and also sometimes region 2.
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Anatomical variability in the regions of myocardial territory supplied by the different
coronaries is normal amongst different subjects. The inferior wall is essentially supplied by
the dominant vessel, defined as which ever gives off the posterior descending artery this is
either the RCA (2/3 of the population) or LCX (the remaining 1/3). Some people have

virtually no RCA or LCX and supply is dominated by whichever is present.

Short axis basal Short axis mid ventricular Short axis apex

anterior
. L »

Figure 2-3 A schematic representation of the 17-segment model defined by the AHA.

2.1.5 Collateral circulation

To understand the basic pathophysiology of myocardial perfusion it is also important to
understand collateral perfusion. Coronary artery branches may interconnect through arteries
called intra-coronary collaterals. Collateral circulations are alternate routes of blood supply
to the major feeding artery. When a collateral vessel in the heart enlarges, blood flows from
one coronary artery to an adjacent one or further downstream on the same artery.
Experiments show that in dogs, a sufficient coronary constriction would stimulate collateral
growth over 4-5 days that prevents myocardial infarction when the constricted artery is

completely blocked. This "detour" around a blockage restores the blood flow to part of the
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vessel. In this case, ischaemia and contractile dysfunction only appear after the collateral
flow to the myocardium is curtailed. Thus, collateral circulation is helpful in protecting the

myocardial muscle from dying if the normal blood supply is cut off [25].

This alternative route of supply of blood to the myocardium introduces a further delay in first
pass myocardial perfusion and must be considered in the analysis of myocardial perfusion
reserve. However, with high spatial and temporal resolution MR images, these effects can be
quantified [26]. Recently development of new model independent deconvolution techniques
aim to cope with this delay [27]. Fuchs et al [28] recently carried out a pig experimental
study, showing that bone marrow cells injected trans-endocardially will enhance collateral
perfusion and myocardial function in ischaemic myocardium. This result correlates the
conclusion by Rajanayagam et al [29], who in 2000 carried out a dog study and found that
administration of basic fibroblast growth factor by the intra-coronary route, an intervention

that is feasible in patients, improves collateral development in dogs.
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Figure 2-4 A schematic illustration of collateral circulation with a healthy artery supplying a
neighbouring ischaemic region, adapted from [27].

2.1.6  Diagnosis and prognosis

The prognosis of CAD is highly variable, and depends on many factors. The key issue is
how well the heart muscle is functioning and how many vessels are diseased and to what
degree. The long-term prognosis is influenced by many factors, including a history of
smoking and management of blood pressure and cholesterol, which may include diet and
exercise programs. Clinically, the diagnosis of CAD is complicated and generally not limited
to a single test. The choice of test is often dependent upon a number of factors, particularly
the severity of the symptoms and the likelihood of CAD being present. ElectroCardioGraphy

(ECG) is the most commonly used technique for recording the electrical activity of the heart,
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which can detect abnormal heartbeats, some areas of damage, heart enlargement and if stress
(exercise) ECG is performed inadequate blood flow can be detected. The limitation of the
technique, however, has long been recognised. It was found that the diagnostic abilities of
exercise ECG were limited. The occurrence of false negative responses for patients with
clinically suspected coronary disease is high, and false positive responses frequent in
asymptomatic patients (particularly females) leading to unnecessary further tests. An ECG
cannot assess myocardial viability, only the likely presence of ischaemic heart disease and
possible hypertrophy; however, it is neither very specific nor sensitive. It was further found
that surface exercise ECG has limitations in localising ischaemia to specific areas of the
myocardium. This led to research into alternative methods of assessing myocardial

ischaemia and viability, particularly non-invasive imaging techniques.

The treatment of CAD in severe cases may require an operation to either bypass or open an
artery and improve blood flow. This is usually done to ease severe chest pain, or to clear
major or multiple blockages in blood vessels that are causing angina. Two commonly used

procedures are coronary angioplasty and coronary artery bypass grafting:

e Coronary angioplasty. In this procedure, a fine tube or catheter is threaded into an
artery and then a wire into the narrowed coronary vessel. A balloon is then passed
over this wire through the narrowing. The balloon is inflated to open and stretch the
artery, improving blood flow. The balloon is then deflated, and the catheter
removed, often a stent is inserted to keep the artery open after angioplasty. In about
15% of those who have angioplasty, the blood vessel becomes narrowed again
within 6 months and may undergo a repeat procedure.

o Coronary artery bypass graft operation. The procedure uses a piece of vein taken
from the leg, or of an artery taken from the chest or wrist. This graft is then attached
to the coronary artery below the narrowed area and the aorta above, thus making a
bypass around the blockage. Sometimes, more than one bypass is needed. Bypass
surgery may be indicated for various reasons including anatomy that is not suitable

for angioplasty or where a valve is also required

Other procedures that may be used to remove narrowing in the coronary arteries include
atherectomy where the plaque is burred or shaved off by using a rotary drill bit, and laser
atherectomy. The described procedures relieve the symptoms of CAD but do not cure the
disease. Lifestyle changes must still be followed and any necessary medications must

continue to be taken.
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2.2 Perfusion imaging: what is available?

Myocardial perfusion imaging is becoming a valuable method in the evaluation of CAD.
Perfusion imaging provides several important haemodynamic parameters; including blood
flow, volume, and mean transit time, which is the average time it takes a tracer molecule to
pass through the target tissue. When the coronary artery narrows due to cardiac disease, the
related perfusion image uptake will differ from normal. If this narrowing is severe enough,
the corresponding perfusion images will show significant abnormality. However, when the
narrowing is slight, the corresponding variation in perfusion uptake will be difficult to detect.
In order to detect a stenosis at an early stage, perfusion images under pharmacological
vasodilatation or physical stress are performed. Induction of hyperaemia or maximal
vasodilation is to increase the divergence between areas supplied by normal flow and those
supplied by stenosed arteries. Imaging methods may be used to detect and distinguish
between different aspects of coronary heart disease, including ischaemia, myocardial

viability and the detection of scar tissue.

For the accurate assessment of sub endocardial perfusion defects, a resolution of at least 2-
3mm is required across the myocardium. In clinical practice, SPECT typically has a
resolution of ~10 mm which is then interpolated to a higher resolution. PET has a similar
resolution, generally at around ~4-8 mm. EBCT, on the other hand, can achieve a much
higher resolution of 0.7-1.5 mm, whereas contrast echo is around 1-2 mm. MRI is able to
achieve an in plane resolution of ~2 mm (typically with a 128 x 128 matrix size). When
slices are acquired in the short axis of the LV, it is sufficient to assess sub-endocardial

perfusion defects.

2.2.1 Single-Photon Emission Computerised Tomography (SPECT)

With SPECT, images are formed from gamma and X-ray photons emitted from radioactive
tracers. The system uses the principle of mechanical collimation where a lead collimator
with an array of holes is used to allow photons travelling in a preferential direction to
interact with a scintillation crystal. A lead septa is used to block other photons whose
direction of travel is not in the preferential direction. The photons with this directionality are
recorded at multiple locations around the organ being imaged and subsequently
reconstructed using filtered back projection. By using a rotating gamma camera, SPECT can
take images from between 32 to 64 views with a large FOV, i.e. 180- to 360-degree. After
image processing, the myocardium can be assessed in different imaging planes including the
short, horizontal and vertical axes. In addition to myocardial perfusion, SPECT can also

provide information about regional wall motion, thickening and the ejection fraction of the
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LV when gated with the ECG. An example set of SPECT images at both rest and stress is

shown in Figure 2-5.

The use of SPECT for myocardial perfusion quantification has a long clinical history. Early
studies in the 1980s have assessed the capabilities for predicting cardiac events after
uncomplicated myocardial infarction by comparing pre-discharge exercise thallium-201
scintigraphy with coronary angiography [30]. The results indicated that sub maximal
exercise 201T1 scintigraphy could distinguish between high and low risk groups after
uncomplicated acute myocardial infarction before hospital discharge. A large multi-centre
study investigated risk stratification and survival after myocardial infarction [31]. It was
found that there is a progressive increase in cardiac mortality during one year as the ejection
fraction fell below 40%. A study involving 1,600 patients analysed the incremental
prognostic power of the clinical history, exercise electrocardiography and myocardial
perfusion scintigraphy in suspected CAD [32]. A strategic model was subsequently
developed that stratified individual patient risk for subsequent coronary events, at one third
of the cost of performing both stress tests in all patients. Kaul ez al [33] studied the
prognostic utility of the exercise thallium-201 test in ambulatory patients with chest pain, in
comparison with cardiac catheterisation. The number of diseased vessels was found to be the
single most important determinant of future events, but it was found that the combination of
non-invasive measures with exercise thallium-201 was equally powerful. More recently
Machecourt et al [34] studied the prognostic value of thallium-201 SPECT myocardial
perfusion imaging according to the extent of a myocardial defect. It was found that for
patients with stable angina, normal thallium SPECT was able to indicate those patients at
low risk. It was also found that the extent and severity of the myocardial defect is an
important prognostic factor, providing additional information compared with other clinical
variables and exercise ECG. A similar study by Hachamovitch er al [35] looked at the
incremental prognostic value of myocardial perfusion SPECT for the prediction of cardiac
death. SPECT was found to provide incremental prognostic information toward the
identification of cardiac death. Additionally, it was concluded that patients with mildly
abnormal scans after exercise stress are at low risk for cardiac death but intermediate risk of
nonfatal myocardial infarction and thus may benefit from a non-invasive strategy. For
patients who are unable to exercise, Vernai et al [36] investigated the diagnosis of CAD by
controlled coronary vasodilatation with adenosine and thallium-201 scintigraphy. In general,
more reproducible results have been found using pharmacological stress in comparison with

exercise, and the technique is now widely used.
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stress

Figure 2-5 An example of a single photon emission computed tomography myocardial perfusion
image. Three short axis and two long axis views are shown at rest above and corresponding images
during stress below.

While the value of SPECT for the management of patients with CAD is well recognised, it is
still limited by image artefacts [37,38]. One of the most common artefacts seen in SPECT is
a consequence of the non-uniform reduction of photon activity caused by soft tissue motion.
This attenuation artefact can cause apparent perfusion defects in the resulting images. False
positive perfusion evaluations may result in further diagnostic studies, potentially increasing
the risk to the patient, healthcare time and expenditure. Methods to circumvent this drawback
include cardiac gated SPECT where end diastolic images have been found to display more
ischaemic defects than standard summed images [39]. The problems with this method arise
from the low count obtained from gated imaging, limiting the analysis of rest and stress
perfusion in a single day #mTc-sestamibi injection protocol, when performed over 2 days
where high doses of radionuclide can be used for both rest and stress this problem can be
significantly reduced. However, the time involved for the patient, carer and hospital
department is not insignificant. Advances in camera instrumentation and software
development, however, offer the potential to correct non-uniform photon attenuation. A
method that involves the acquisition of transmission data and construction of an attenuation
map to correct for non-uniform photon attenuation [40] was recently assessed with a large-
scale clinical trial [41], and found to significantly improve the normalcy rate without a
decline in overall sensitivity. However, this technique is not 100% reliable, the limited
resolution and lack of temporal information (as SPECT is not a first pass technique) restrict

the diagnostic capabilities.

2.2.2 Positron Emission Tomography (PET)

PET systems create images based on the principle of electronic collimation. Positrons (or

positive electron antiparticles) emitted from these short-lived radionuclides interact with
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electrons within a few millimetres and are annihilated with conversion of mass into energy in
the form of two photons. These photons are emitted at a 180-degree angle from one another.
The electro-magnetic radiation is measured externally, allowing spatial and quantitative
information about the location and quantity of the positron emitter to be obtained. The
distribution of this positron emission can be measured as a function of time. The main
strength of the technique is its ability to accurately quantify perfusion and other metabolic
activities. However, the technique involves radiation hazards and the spatial and temporal
resolution is limited. PET is currently the standard, and most accepted determinant of
myocardial viability. Perfusion scans are combined with an assessment of the fuel substrate
uptake. To this end, a tracer called Fluorodeoxyglucose (FDG) is commonly used, which
allows an assessment of regional glucose metabolism. In non-viable necrotic myocardium,
fuel substrate uptake is diminished along with myocardial perfusion. In viable tissue,
although the perfusion is diminished the fuel substrate uptake is not diminished, sometimes
being even enhanced, leading to “flow-metabolism” mismatch, which is easy to identify.
Figure 2-6 shows an example PET myocardial perfusion image, which demonstrates viable

myocardium identified by preserved glucose uptake.

18F-2-fluoro-2-deoxy-D-glucose
ior infarct (viable)

) |

0.45 pmol/g/min

Figure 2-6 An example PET myocardial perfusion image showing viable myocardium identified by
preserved glucose uptake (with permission from Camici [42]). The use of PET allows quantitative
analysis of FDG uptake suggesting the viability of the tissue in question. A cut of point of 0.25
umol/g/min is routinely used.

An assessment by Huang et al [1] looked at the in vivo quantitative measurement of MBF

with °O water and positron computed tomography in comparison with quantitative in vitro
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microspheres, with results correlating well over the sample flow range. Bergman et al {43]
subsequently extended this technique for completely non-invasive measurement of blood
flow. This involved a parameter estimation procedure whereby the effects of limited
tomographic spatial resolution and cardiac motion were compensated for within the
operational flow model. The method was also validated with microspheres in dogs, and its
success permits measurement of absolute MBF in humans with °O labelled water. A similar
study using '*O labelled water for the measurement of absolute blood flow addressed the
issue of quantification in relation to the partial volume effect [44]. The partial volume effect
is a phenomenon caused by a voxel representing the average of all signals emitted from its
volume. With limited resolution this leads to a single voxel representing more than one tissue
type, thus causing blurring at tissue boundaries. The technique was based on a new model
involving the concept of tissue fraction, defined as the fraction of the tissue mass in the
volume of the region of interest. The results were consistent with coronary angiographic
findings. An alternative method of tracer administration for the quantification of MBF works
through inhalation of '*O labelled carbon dioxide [45]. This tracer has previously been used

for labelling the blood pool in '*O water scans.

The modelling of tracer kinetics can be carried out through the modification of a single tissue
compartment model for the measurement of MBF [3]. For assessment in humans, it was
found that models containing components for blood flow, fraction of water exchanging tissue
and spill over arterial blood volume, provided the most accurate and reproducible results. A
variety of different tracers are available. A direct comparison of ’N ammonia and °O water
as tracers for the quantification of MBF, with quantification of regional blood flow by
microspheres was performed [2]. The study was carried out on dogs with appropriate
compartment models and the correction for two in vivo tracers. Both tracers were found to
show good correlation with microspheres over a wide range of flow values. The '*O water
values showed slightly better correlation with microspheres. Nitzsche et al [4] performed a
similar study on humans in 1996, finding similar results from the two tracer agents in this
study, although doubts arose over the seemingly similar heterogeneity of myocardial
segments with the '°O technique therefore putting weight behind the N tracer. lida et al
[46] performed a comparison of O water bolus injection with slow infusion and 'O carbon
dioxide slow inhalation for assessing MBF. The results concluded that the '*O water bolus
injection was able to provide the most accurate results for MBF and perfusable tissue

fraction.

To generate myocardial images directly from the dynamic '>O water scan, Hermansen ez al

[47] proposed a technique that does not need '°O carbon monoxide blood pool scan, which is
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normally required for defining the region of interest. The new technique iteratively
reconstructs the images by means of a linear dimensional reduction of the dynamic
sinograms. No significant difference was found between the MBF values measured from
regions of interest within the traditional method and that measured from the factor images. A
comparison of administration protocols revealed the acceptability of the intravenous
administration of O labelled water as opposed to the more invasive arterial cannulation
[48]. The development of a four-parameter protocol was required and the model proved
effective in resolving issues related to the signal from the septum, both with fitting and the

over estimation of the tissue fraction in the septum seen with °O carbon inhalation.

2.2.3 Echocardiography

Ultrasonography is a well-established imaging technique in cardiology, which makes use of
high frequency sound waves rather than ionising radiation. An ultrasound transducer
generates sound waves, which are propagated through the body tissue. The sound waves
travel at varying speeds due to the different tissue types, and are reflected back by tissue
interfaces. The transducer also has the ability to receive the echoes of the sound waves and it

is these that are used to create the images.

Figure 2-7 The graph shows the signal recovery curve of the septal region pointed to by the arrow,
and the x and y axes represent time in ms since the annihilation of the myocardium and video intensity
respectively.

The use of echocardiography for myocardial perfusion is relatively new. Kaul et al [49]

performed a preliminary assessment of regional MBF with contrast two-dimensional
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echocardiography. Microbubbles were used as the contrast agent in dogs with artificial
occlusions in the coronary arteries. The study indicates that the measurement of the transit
time of microbubbles through the myocardium can accurately reflect regional MBF.
Previous studies have also investigated myocardial perfusion immediately after thrombolysis
to provide an indication of the recovery of left ventricular function in patients with anterior
myocardial infarction [50). Myocardial contrast echocardiography was performed before and
immediately after reflow (when coronary blood supply to the myocardium is restored) with
an intra-coronary injection of microbubbles. It has also been shown that angio-graphically
successful reflow may not represent successful myocardial reperfusion in patients with acute
myocardial infarction, whereas residual contrast defect in the risk area immediately after
reflow are a predictor of poor functional recovery of the post-ischaemic myocardium.
Subsequent animal studies have further investigated the characterisation of spatial patterns of
flow within the re-perfused myocardium [51]. In patients, Ragosta et al have investigated the
microvascular integrity as an indicator for myo-cellular viability with recent myocardial
infarction [52]. This result was significant as it demonstrated a link between microvascular
patency and myocardial cellular viability after acute myocardial infarction in humans. Meza
et al have studied the effectiveness of combining dobutamine echocardiography and
myocardial contrast echocardiography in differentiating post-ischaemic from infarcted
myocardium [53]. To assess the accuracy of myocardial contrast echocardiography with the
more widely used SPECT approach, Kaul et al [54] studied the relative merit of the method
compared to Tc-99m sestamibi SPECT. The location and physiological relevance of
abnormalities was found to be similar to that provided by SPECT, demonstrating the clinical
potential of myocardial contrast echocardiography in the non-invasive assessment of
myocardial perfusion in humans. A similar study compared myocardial contrast
echocardiography with NC100100 and Tc-99m sestamibi SPECT for the detection of resting

myocardial perfusion abnormalities in patients with myocardial infarction [55].

Recent studies in myocardial contrast echocardiography are now aiming to quantify MBF
through the destruction of microbubbles administered with a constant rate venous infusion
[56]. The microbubbles are destroyed by a high-energy ultrasound burst and their myocardial
reappearance rate at steady state gives a measure of mean myocardial microbubble velocity.
This combined with concentration measured at steady state will then give a measure of MBF.
The texture and intensity of opacification of myocardial segments during myocardial contrast
echocardiography have also been investigated [57]). The study was carried out on canine
models and defects in opacification confirmed the presence of infarcted tissue. It is
suggested that the texture of infarcted but also opacified myocardium may assist in the

determination of segmental viability after reperfusion.
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Recent advances in microbubble design and detection have made low power real-time
intravenous myocardial contrast echocardiography feasible [5]. By using this technique,
microbubble replenishment rate and peak intensity after bubble destruction by high-energy
ultrasound have proven to provide reliable parameters of regional microcirculatory flow
[58,59,60]. Before being used in routine clinical practice, larger studies must be performed to
confirm these findings and further research is required to provide accurate quantitative

values for MBF.

224 Computed Tomography (CT)

The use of Computer Tomography (CT) for myocardial perfusion imaging has become
possible with the advent of Electron Beam CT (EBCT) in the early 80s. With electron beam
CT, electromagnetic coils are used to focus the electron beam targeted towards stationary
tungsten rings creating the X-rays. In this way, a series of temporal X-ray images with high-
resolution in multiple planes can be produced. CT perfusion assessments have been validated
both in human [61] and animals, and the results have shown good correlation at both rest and
under adenosine vasodilatation. Although CT has been shown to underestimate absolute
myocardial perfusion, and thus myocardial perfusion reserve at high blood flow rates [62-
64], the method has shown promising clinical value. It allows quantitative analysis of
perfusion states up to approximately 4 mLmin’g’ using central intravenous contrast

administration [65].

Among the existing studies performed with EBCT, Rumberger et al [66] looked at normal
and pharmacologically increased myocardial perfusion in the posterior papillary muscle in
canine experiments. The study, however, did not investigate myocardial ischaemia but
EBCT myocardial flow quantification. Martin Rodriguez-Porcel et al [67] recently used
EBCT to study the effect of hypercholesterolemia on myocardial perfusion and permeability
response to increased cardiac demand. They found that hypercholesterolemia is associated
with blunted myocardial perfusion and increased vascular permeability. In another study, Da
Silva et al [68] used conventional CT combined with SPECT in pigs to study absolute in vivo
Tc-99m sestamibi uptake. In order to measure radionuclide uptake, they proposed a co-
registered X-ray CT image technique that leads to more accurate results [69]. Budoff et al
further compared exercise EBCT with stress Tc-99m sestamibi SPECT in a patient group
and found regional wall motion assessed by EBCT to be as sensitive and more specific than
SPECT myocardial perfusion imaging in identifying obstructive CAD [70]. With the
increasing capability of CT imaging techniques, particularly ultra-fast volume CT, it is
expected that the technique will make further impact to quantitative myocardial perfusion

imaging.
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2.2.5 Cardiovascular magnetic resonance imaging

As the main technique of choice for myocardial perfusion imaging, the limitations of the
previously mentioned SPECT technique are well known. The technique has relatively poor
resolution, and is associated with significant radiation burden and a prolonged visit in
hospital for the patient (typically 4-6 hours). In recent years, myocardial perfusion CMR is
emerging as a promising alternative due to its high spatial resolution. It enables for the first
time, the definition of subendocardial perfusion defects [71], which occur much earlier in the
course of development of CAD, or associated with functional microvascular disorders such
as Syndrome-X [72]. Myocardial perfusion CMR involves no radiation burden and is ideally
suited to repeated studies and research. Magnetic Resonance Imaging (MRI) is based on the
principle of nuclear magnetic resonance, a technique of spectroscopy used to find
microscopic properties of molecules. The nuclear part of the name is dropped in clinical
settings as it leads to confusion with the harmful radioactive isotopes used in nuclear
medicine. The potential for MRI arises from the presence of nuclei possessing spin within
the region of interest. Spin refers to the way in which the protons of certain atome orbit
around the nuclei. This creates a small magnetic field around the nucleus of the atom. The
primary nucleus possessing spin used in MRI is the Hydrogen nucleus or proton, which is
found in abundance in the human body (approximately 63% of human body) particularly in
water and fat. The first successful demonstrations of nuclear spin were by two separate
groups led by Felix Block at Stanford University and Edward Purcell at Harvard in 1946.
Paul Lauterbur obtained the first 2D MR image in 1973, which subsequently earned him the
Noble Prize in 2003.

A bulk of water contains a large quantity of atoms, and the resulting net magnetisation is
zero. However, when the object is placed within a magnetic field, a non-zero magnetization
(net magnetisation) will occur with the same direction as the external magnetic field. In this
case, when an RF (radio frequency) pulse with the resonant frequency of the nuclei, known
as the Larmor frequency, is applied, the spins will be excited and tipped to a certain angle
according to the power of the RF pulse. A 90° RF pulse will tip the spins into a transverse
plane with respect to the longitudinal direction of the external magnetic field. When the
pulse is switched off, the spins begin to relax, dissipating the absorbed energy and
recovering to the initial equilibrium state. There are two kinds of relaxation. The first one is
the spin-lattice relaxation, or longitudinal relaxation. The relaxation is exponential with a
time constant T1, the time it takes for the longitudinal magnetisation to recover to 63% of its
equilibrium value after it has been exposed to a 90° pulse. T1 relaxation results in the

recovery of longitudinal magnetisation due to energy dissipation within the surrounding
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lattice. The second relaxation is called spin-spin relaxation, or transverse relaxation, which is
again exponential and characterized by the time constant T2. T2 relaxation is caused by the
de-phasing of all spins that were previously coherent (in phase) when excited by a RF pulse,
due to interactions between the magnetic fields of adjacent nuclei. T1 and T2 independently
depend upon several parameters. For example, while the strength of the external magnetic
field influences both T1 and T2, the influence on T2 is less crucial than for T1. Experiments
show that in a solid, T2 is significantly shorter than T1. In mobile fluids however, T1 and T2
are nearly equal. The difference between T1 and T2 within different materials and
environments is the very foundation for MRI to distinguish between different kinds of
material in human body. That is, by detecting the signal re-emitted by the system under
investigation, relaxation times T1 and T2 can be measured. Alternatively, imaging sequence

parameters can be adjusted to produce so-called T1-weighted or T2-weighted images.

The assessment of myocardial perfusion using CMR has been based on first pass techniques
using fast gradient echo (turboFLASH) [7,73-75] or EPI sequences [12,76,77]. Quantitative
results have been achieved in animal studies with an intravascular agent (polylysine-Gd-
DTPA) [13] as a macromolecular blood pool marker. At the same time, semi-quantitative
results have also been established in humans with a conventional extra cellular agent (Gd-
DTPA) [78,79]. Either approach will have an impact on the detailed characterisation of the

relationship between functional and perfusion abnormalities.

For myocardial perfusion CMR, a contrast agent is required so that its arrival, up-slope, and
washout may be studied. While this has to be injected into the patient, the tracer is inert and
is far less hazardous than the radioactive isotopes required in nuclear medicine. For the
analysis of perfusion images there are a number of different indices that must be obtained
from the data. This allows the data to be studied in more depth than is permitted through
visual analysis alone. Signal time curves are obtained based on the localised intensity of the
myocardium within the image. The time to peak intensity for the myocardium supplied by
the diseased vessel is longer relative to the normally perfused myocardium. Additionally, the

peak intensity is lower and the curve is shallower than that for the normal tissue.

2.3 Myocardial Perfusion CMR

2.3.1 First pass myocardial perfusion imaging, Gd-DTPA late enhancement, and
BOLD

A variety of techniques exist for the detection of CAD, many of these involve in vivo

imaging of the cardiovascular system. The obvious approach is to image the coronary artery
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directly for the detection of narrowing or occlusion. This, however, is a difficult task due to
the small dimension of the coronary vessels and its tortuous path, coupled with complex
cardiac and respiratory induced motion. An alternative approach is to detect the defects in
myocardial perfusion resulting from coronary blockage. First pass MR perfusion imaging is
a non-invasive method, which follows the passage of a bolus of contrast agent from the
superior vena cava, to the right heart, through the lungs and to the left heart. The bolus is
injected directly into a peripheral vein and a sequence of images is obtained to show the

dynamic passage of the tracer as shown by a series of images in Figure 2-8.

For quantitative perfusion analysis, Wilke et al. investigated the correlation between MBF in
dogs at rest and during hyperaemia using myocardial perfusion CMR with radiolabelled
microspheres as a reference [7]. CMR was performed using a Turbo FLASH sequence with a
180-degree inversion pre-pulse, and a Gd-DTPA bolus injected into the left atrium with
images acquired every heartbeat. This study demonstrates that different transmural and
regional myocardial perfusion levels may be quantified from the signal intensity time curves.
It was found that the detection of myocardial hypo-perfusion improved significantly after the
administration of dipyridamole as a means of inducing stress. The study also revealed the
correlation between the mean transit time calculated from the signal intensity time curve, and
the absolute MBF derived from the microsphere data [73]. Quantitative perfusion analysis
was demonstrated with intravascular relaxation agents and heavily T1-weighted ultra fast
gradient echo sequences. In parallel to Wilke’s work, Larsson et al studied an alternative
quantification procedure [78). This involved the study of Gd-DTPA diffusion across the
capillary membrane in the human myocardium. A turbo-FLASH sequence was used for
imaging the passage of the contrast agent, the results being comparable to those obtained
with PET and invasive animal studies. This work also presented a method of obtaining an

input function non-invasively.

The mid nineties saw the start of attempts at quantifying MBF from myocardial perfusion
CMR. Semi-quantitative analysis on first pass images was assessed with mean transit times
derived from intravenous catheter bolus injection and signal time curves [13,75,74]. As with
previous studies, the analysis of the signal time curves involved the use of compartment
modelling, which is a further developed spatially distributed model. Larsson also extended
his initial modelling to take into account the fast and slow water exchange between

compartments, enabling further parameters of cardiac perfusion to be obtained [14].
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Figure 2-8 An image series a typical first pass CMR perfusion study showing the transit of contrast
bolus. From the top left going across, initially the nulled signal before the contrast agent (Gd-DTPA)
enters the RV, followed by the contrast agent exiting the RV and entering the LV. The last few rows
show the contrast agent exiting the LV and entering the myocardium of the LV. The observed
enhancement within the myocardium is small and minor defects are often difficult to observe by eye.

In terms of imaging sequence design, extensive research has also been conducted to
investigate alternative CMR imaging sequences for MR perfusion studies, particularly the
use of echo-planar imaging for improved spatial coverage. Schwitter er al. assessed normal
myocardial perfusion with ECG gated multi-shot echo planar imaging as opposed to the
more traditional T1-weighted fast gradient-echo imaging [12]. Between five and seven slices

were obtained for every two heartbeats with promising results. Beache er al. looked at
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imaging perfusion defects with susceptibility-enhanced T2-weighted echo-planar imaging
[76]. An investigational T2/T2* contrast agent (Dysprosium-DTPA bis (methylamide)) was
used showing the potential for characterisation of myocardial perfusion defect. A further
study looked at the use of interleaved gradient echo echo-planar imaging [77]. This allowed
for improved cardiac coverage while maintaining the acquisition characteristics required for

performing a quantitative first-pass perfusion study.

In myocardial perfusion imaging, the contrast agents can be classified into two types:
susceptibility agents and relaxation agents. Dysprosium-DTPA-BMA is a typical
susceptibility agent. It acts like a super-paramagnetic particle, inducing large fluctuations of
magnetization between blood and intracellular compartments. As a result, spins will de-
phase quickly, i.e., the T2 and T2* decay time can be reduced. Thus, T2-weighted contrast
enhanced MR images may be obtained. Gadolinium-diethylenetriamine pentaacetic acid
(Gd-DTPA) is the most common relaxation agent currently available for clinical use. Its
paramagnetic property disturbs the relaxation of the surrounding water protons, resulting in
both T1 and T2 shortening effects, but particularly in T1 relaxation time. Thus, T1-weighted

contrast enhanced MR images may be obtained.

For the T1-weighted technique for myocardial perfusion imaging, a short axis slice of the LV
shows the perfusion of a ring of the myocardium. A single sequence gives the passage of the
bolus from the RV, to the blood pool of the LV, and finally to the myocardium of the LV.
Up to three or four separate slices may be simultaneously obtained to achieve a greater
coverage of the myocardium after a single injection. The first pass of a bolus through the
coronary artery to regions of the myocardium show significantly decreased signal intensity
in hypo-perfused regions [80] compared with normally perfused regions. This differing
myocardial enhancement is often visible when looking at the series of MR images. However,
intensity differences rapidly decrease as the MR-contrast media reaches all the interstitial
spaces. Therefore, only the first pass is of interest for directly assessing the perfusion

characteristics of the myocardium,

While first pass imaging is commonly used in myocardial perfusion assessment, recently
alternative techniques have been developed. Instead of administering a perfusion contrast
agent, the Blood Oxygen Level Dependent (BOLD) effect can be used as a surrogate for
evaluating coronary flow. This is because deoxyhaemoglobin is paramagnetic, as opposed to
oxyhaemoglobin, which is diamagnetic. The presence of deoxyhaemoglobin causes spin de-
phasing within a voxel, which effectively shortens T2 or T2* and thus reduces the signal

from T1 or T2* weighted sequences. An example of BOLD imaging at 3T is shown in
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Figure 2-9. The effect has the potential to allow investigation of myocardial perfusion
reserve because changes in blood flow result in changes in the venous blood oxygen levels.
Previous studies have demonstrated an increased T2* and T2 weighted signal with increased
blood flow owing to a reduced deoxyhaemoglobin level [81-89]. The quantitative signal
change is very small and difficult to distinguish from motion and other artefacts, for this
reason the majority work has been carried out with a high field strength to enhance the
BOLD effect [81-83,88,89]. Additionally, much of the work has concentrated on global
changes in order to average out the artefactual changes [81,82,84-89]. The potential of this
completely non-invasive method will depend on the development of techniques with reduced

artefacts to allow observation of regional differences in blood flow at commonly used field

strengths [90].

stress

Figure 2-9 BOLD imaging at 3T. Courtesy Shea S, D. Li. Northwestern University.

Another important development in cardiac MR, which is very much a by-product of first
pass myocardial perfusion imaging, is late enhancement Gd-DTPA imaging. The technique
has been found to be particularly useful in distinguishing infarcted regions within the
myocardium. With this technique, the images of the heart are taken approximately 20
minutes after the contrast agent has been injected into the bloodstream. During this period,
the contrast agent is typically washed out of the healthy myocardium by the circulation of
blood. The agent is also largely filtered out of the bloodstream within this time in a natural
process passing through the kidneys. From the acquired images, the infarcted (scarred)
regions may be distinguished by their delayed but sustained enhancement relative to the
healthy myocardium. This is due to the contrast agent being unable to wash out of the

scarred myocardium. This method is of great use in assessing the viability of myocardium
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post infarction and has shown good correlation concerning location and extent of infarcts

with PET findings [91].

An example patient data set is shown in Figure 2-10, where a large transmural hyper-
enhanced anterior infarct is seen. The ability of this method to assist in assessment of CAD
makes the first pass imaging even more valuable. In addition to the benefits of first pass
imaging, the potential for combining late enhancement along with regional wall analysis
provides the promise of combining assessment of myocardial viability into a single patient

examination.

Figure 2-10 Long axis view of the LV showing the late enhancement associated with the transmural
infarction. On the right an image from a TrueFISP (Fast Imaging with Steady-State Precession
described in section 2.3.2) cine series for assessing morpho-dynamics of the LV.

2.3.2 Imaging sequence design

The ability for accurate quantification of myocardial perfusion with CMR is closely coupled
with the imaging sequence design. For myocardial perfusion analysis, the optimisation of
image acquisition speed to provide adequate temporal resolution is critical [92]. There are a
number of reasons for this. First, the contrast agent has a relatively short period of time
passing through the myocardium (20-60 seconds). During this time a temporal sequence of
the entire region of interest must be obtained at a sufficient temporal resolution so that the
reconstructed images can accurately depict the change in contrast agent concentration over
time. Second, for a complete depiction of myocardial perfusion distribution, slices covering

the entire 3D volume of the heart are required for each cardiac cycle. Although it is possible
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to acquire the perfusion images during diastole when the cardiac motion is minimal, the
acquisition window within each cardiac cycle need to be made as small as possible, typically
around 200-300 ms to avoid motion artefact and mis-registration. Thus far, a number of
different image acquisition sequences have been used both in routine clinical practice and in
research studies. In the following section, we will summarise some of the common

sequences that have been used.

Fast Low-Angle Shot (FLASH)

Fast Low-Angle Shot (FLASH) imaging is a well-established technique first developed in
1986 by Frahm, Haase and colleagues [93,94]. The technique uses excitation pulses with
small flip angles to reduce the TR, thus allowing images to be acquired significantly faster.
In MR imaging, the signal is based on the recovery of magnetization to its equilibrium state.
When the recovery time is excessive, the time taken to produce sufficient signal is
correspondingly long in order to allow the magnetization to fully recover to equilibrium. In
cardiac imaging, however, short acquisition time is crucial because of the dynamic nature of
the heart. One way to shorten the acquisition time is to reduce the recovery time and in
FLASH imaging, this can effectively be achieved by tipping the magnetization with an angle
o less than 90°, so that its longitudinal magnetization component will not require as much

recovery to an equilibrium state, although this will reduce the signal since it is proportional

to Sin(a).

Figure 2-11 An example sequence of FLASH myocardial perfusion images.
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The FLASH sequence uses a de-phasing gradient followed by a frequency encoding or read-
out gradient, which is turned on during signal acquisition. During the application of this

gradient waveform, the signal is re-phased to produce an echo known as the gradient echo.

Echo Planar Imaging (EPI)

EPI is a fast imaging technique capable of obtaining the whole of k-space within one TR
(Time to Repetition, the time between two consecutive RF pulses measured in milliseconds)
cycle with single RF excitation. Peter Mansfield, also a Nobel Laureate in 2003, first
proposed this method in 1977, using a single excitation pulse followed by the rapid
switching of a strong gradient to generate a train of gradient echoes. This echo series was
encoded with different phases, from which an image could be reconstructed. With EPI, the
sampling period is normally reduced and the bandwidth correspondingly increased, allowing
a complete low-resolution image to be acquired within 50-80 ms. In general, EPI has reduced
SNR because of the bandwidth. Another disadvantage of EPI is the rapid switching of large
gradients, which can generate potentials and electric currents in the body that can introduce
nerve stimulation. Safety guidelines have been established to avoid this problem although the
heart is particularly safe as its stimulation thresholds are greater than elsewhere in the body.
Unlike the line-by-line filling of k-space with conventional methods, with EPI the k-space is
filled cycling backwards and forwards in the frequency encoding direction. EPI images are
commonly associated with geometrical distortion and large susceptibility artefact due to the

way that the images are acquired.

A variation of single shot EP1 is called interleaved or hybrid EPI first developed around 1992
[77,95-99], which collects data in multiple passes through the k-space. For example, two shot
interleaved EPI effectively collects every other line in the first pass, and then collects the
remaining lines in the second pass. This method is a good compromise between the gradient
echo and single shot EPI methods. It permits the optimisation of the imaging sequence for a
given imaging period, normally used to produce better temporal and spatial resolution than
FLASH, and with reduced imaging artefacts over single shot EPI. For the purposes of 3D
myocardial perfusion imaging, multiple slices are required for full coverage of the
myocardium. In this case, multi-slice interleaved EPI may be used. In the case of two shot
EPI, every other line of k-space is filled for each slice on the first shot, followed by the
remaining lines being filled on the second shot. Schwitter er al [12] used an ECG-gated
multi-shot echo-planar imaging sequence, together with the use of intrinsic T; weighting
produced by a repetition time equal to the cardiac cycle for myocardial perfusion imaging.
They reached a homogeneous enhancement throughout the LV myocardium, with

improvement of approximately 50% for the optimum contrast dose of 0.05 mmol/kg Gd-

60



Chapter 2 : The Clinical Background of Myocardial Perfusion Imaging

DTPA. They subsequently [100] applied a multi-slice hybrid echo-planar pulse sequence
[77] to a total of 48 patients and healthy subjects. Results were analysed by signal intensity
up-slope for 32 regions within each heart and compared with those obtained from PET
(sensitivity and specificity of 91% and 94%, respectively) and coronary angiography

(sensitivity and specificity of 87% and 85%, respectively).

Figure 2-12 An example sequence of Hybrid EPI myocardial perfusion images.

TrueFISP (Fast Imaging with Steady-State Precession)

True Fast Imaging with Steady-State Precession (FISP) is another gradient echo pulse
sequence with which TR is normally much shorter than the T1 and T2 relaxation times of the
tissue. Therefore, there is little time for the magnetization to decay before the next RF pulse
is switched on. This results in two signals, one is the free induction decay, and the other is
the steady state signal made up of the residual transverse magnetization component. Steady
state sequences can be classified as coherent, incoherent and SSFP (Steady State Free
Precession) pulse sequences, according to whether they use one or both of these signals.
Following the development of high performance scanners over the last few years, the
majority of MRI scanner manufacturers have implemented this technique in various forms.
GE have named it FIESTA and Philips named it balanced FFE, dubbed from Fast Field
Echo. In Japan, Hitachi called it GFEC (Gradient Field Echo with Contrast) and Shimadzu

called it SSFP, the name originally given to the rapid repetition steady state sequences during
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the early development of MRIL. Siemens used the name TrueFISP, as the sequence is a
variation on the FISP sequence originally described by Oppelt [101] in 1986. TrueFISP
enables the use of high RF flip angles to achieve high SNR and good T2 or T2* contrast.
This produces high contrast between myocardium and blood in the intra-ventricular cavity,

which is crucial for accurately assessing ventricular function.

Steady state sequences using balanced gradients have recently been introduced into routine
clinical imaging [102] with benefits in both imaging time and quality. T1 weighted images
suitable for myocardial perfusion imaging can be obtained with saturation prepared
TrueFISP [10], and when compared with a saturation prepared TurboFLASH sequence, the
method has shown improved image quality and a higher spatial resolution. In addition, the
sequence preserves the linear relationship between contrast agent concentration and signal
intensity, a requirement of quantitative perfusion analysis. However, there are still concerns
with this imaging sequence because of the susceptibility artefacts. The successful elimination

of these may be possible with the advances in hardware and further research in this area.

2.4 Conclusion

The diagnosis of CAD is possibly the most important area of current medical research
throughout the developed world. First pass perfusion analysis provides a promising method
for diagnosing the effects on myocardial perfusion directly relating to reductions in blood
flow due to CAD. While different imaging modalities are currently in clinical use and the
subject of further research, MR perfusion imaging is emerging as a promising technique for
high-resolution dynamic contrast imaging which has the potential to distinguish sub
endocardial perfusion defects. Compared to other parallel techniques, MR myocardial
perfusion imaging is less harmful than X-ray angiography and more sensitive than SPECT
and echocardiography. Further development in CMR will allow the possibility of combining
complete cardiac studies including perfusion, morpho-dynamics, contractility, and viability
into single imaging sessions. Clinically, a variety of MR imaging sequences are in current
use, with significant compromises made between SNR, myocardial coverage and sensitivity
to motion. Limitations of clinical hardware and patient nerve stimulation make further
increases in data acquisition speed troublesome. This makes the efficient use of the

information content of the acquired data crucial to dynamic studies such as first pass

myocardial perfusion.
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Chapter 3 : Exploiting the Information
Content of k-space Data

3.1 Introduction

In Chapter 2 we have outlined the basic clinical background of myocardial perfusion and the
relative merit of different imaging approaches. The prerequisite of detailed quantitative
analysis of regional perfusion characteristics is a comprehensive coverage of the
myocardium. In order to track the transit of the contrast bolus, it is required that the entire
volume of interest is imaged within each cardiac cycle, preferably during a short acquisition
window of 200-300 ms. Compromises are generally made favouring SNR over myocardial
coverage, or spatial resolution over temporal resolution. Despite the use of rapid imaging
sequences such as hybrid-EPI with the state-of-the-art MR hardware as described in Chapter
2, it remains difficult in practice to achieve the simultaneous improvement in spatio-temporal
resolution required. With many of the faster imaging sequences already approaching
established limits of neuromuscular stimulation and RF heating, further improvements in
perfusion imaging will rely on alternatives such as parallel imaging [103] or making full use
of the information content of the k-space data. In this chapter, we will look at the information
content of k-space and describe ways of exploiting the redundancies carried within to speed

up the data acquisition process.

63



Chapter 3 : Exploiting the Information Content of k-space Data

3.2 k-space data acquisition

Frequency analysis of measured MR signals permit the localisation of magnetic spins within
a magnetic field varying linearly across an object. Acquiring such data in two dimensions,
however, is not possible due to the intrinsically one-dimensional signal acquired from the
combined magnetic field gradients. For image acquisition in higher dimensions, the magnetic
field gradient is varied through time so that data can be acquired in a variety of trajectories to
complete the required k-space. For MR, k-space is a two-dimensional frequency domain that
is related to image space through 2D Fourier transform. In MR imaging, data is acquired in
raw k-space commonly one line at a time, where each line is traversed by frequency
encoding. This can be performed very quickly, and in rectilinear sampling we move from
one line to the next by the use of phase encoding. In practice, the k-space can be sampled in a
number of different ways. Figure 3-1 provides several examples used by common MR
imaging techniques including Cartesian, radial, spiral and EPI. From an information point of
view, the centre of k-space represents low frequency components, which in image space
corresponds to background contrast levels and slow spatially varying signal. Moving out
towards the edge of k-space, the higher frequencies capture edge details of the objects. With
sufficient encoding, k-space can accurately represent all of the information in image space to
single pixel resolution. The size and spacing of points within k-space determines the
resolution and FOV of the represented image. In MR, k-space is a complex 2-D array that is
representative of the individual waveforms that can be combined to form an image. The
location of a point within k-space determines the scalar frequency in the two dimensions, and
thus the combined vector frequency (or more correctly wave number, which is equal to the
number of complete wave cycles that exist in one metre of linear space). The magnitude of a
point in k-space determines the amplitude of the wave described, and the phase determines
the phase of the waveform within the image. To an extent, every single point in k-space
contributes to the whole of the corresponding image. Depending on the imaging task and
acquisition procedure, the relative significance of different points within k-space to the final

image can vary widely.

[. ....................
| A A ]
ﬁ. ................. LA
| AP ———— ]
!. ................... L4
.................... "
'.. ....................
| -]
I. ................... 4
| ‘
Cartesian radial spiral two shot EPI

Figure 3-1 k-space filling strategies.



Chapter 3 : Exploiting the Information Content of k-space Data

3.3 Prior information driven reduced k-space encoding

The use of prior information in the acquisition strategy can exploit the redundancy of k-space
values in representing the image, or series of images. This is of particularly importance
where the further development of fast image acquisition is limited by hardware constraints.
For dynamic imaging, a variety of methods have been developed, which either exploit
correlations in k-space (partial Fourier, reduced FOV, parallel and prior information driven
e.g. BLAST), in time (keyhole, view sharing and UNFOLD) or in both k-space and time
(cardiac UNFOLD, k-t BLAST) also known as k-t space. The term k-t space refers to the
higher dimension k-space through time axes as described by Xiang and Henkel [104], where
x and f are the conjugate axes of k and ¢ after inverse Fourier transformation. For dynamic
studies where improvements in the image resolution are desired, it is generally preferable
that the reduction in k-space acquisition should be the same for each cardiac phase. This
allows consistent spatial coverage as well as maintaining the temporal resolution of the
imaging sequence. An exception to this is where the reference static images are acquired
either prior or subsequent to the main dynamic imaging scan. Simple partial Fourier
reconstruction algorithms [105] such as half k-space sampling, makes uses of the conjugate
symmetry of k-space that equates to a 180° rotation of each point in k-space, theoretically

resulting in the same reconstructed image, although the reuse of noise contamination results

in a decrease of SNR by a factor of V2. In practice, however, k-space data replacement or

interpolation is more commonly used for dynamic imaging.

3.3.1 Keyhole imaging

Keyhole imaging is a straightforward example of data sharing for dynamic imaging. As
mentioned before, the central low frequency k-space information generally determines the
contrast and low frequency details of the image, which in dynamic imaging typically
represents regional intensity variations. Keyhole imaging therefore makes use of a high-
resolution static reference image to supplement the low-resolution dynamic k-space
information by only updating the central portion of the k-space for each time frame
{106,107]. While the method provides visually similar results as to full k-space coverage, the
amount of k-space that may be substituted needs careful consideration. Early studies
provided three to five fold speed increases, but the result was dependent on the size of the
Region Of Interest (ROI) being studied. With keyhole imaging, data inconsistencies can be
expected between the extrapolated data and the measured data. These include amplitude
discontinuities and phase incoherence that can give rise to Gibbs artefact and blurring. In a
study of quantitative dynamic contrast imaging results indicated that the minimum keyhole

size used should be restricted by the approximate minimum size of the expected lesions. This
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restriction applies even with the use of reconstruction algorithms that offer improved image

resolution [108]

By following the similar principal of k-space data replacement, a more elegant solution to
dynamic imaging with static reference scans is RIGR [109]. The method attempts to
minimise the total number of spatial encodings required for acquiring the dynamic image
data sets. The suitability of the method to the imaging task as with keyhole imaging is based
on the assumption that during the acquisition of dynamic image data, the high-resolution
data remains static. The high-resolution static image is built into a set of basis functions of
generalised series constrained to the low-resolution dynamic images. The high-resolution
dynamic images can then be reconstructed with relatively few extra phase encoding steps.
The RIGR method alleviates some of the problems associated with keyhole imaging through
the use of the generalised series reconstruction. Figure 3-2 demonstrates an image frame
from a dynamic sequence as reconstructed by the keyhole and RIGR methods respectively. It
is evident that the Gibbs artefact and blurring have been reduced significantly by RIGR.
With the MR community, the RIGR method has been compared rigorously with other
parallel techniques, including the Singular Value Decomposition (SVD) method [110] which
in a similar manner acquires a high-resolution reference image followed by reduced
encodings for the dynamic data. With SVD, the method uses spatially selective RF pulses
allowing the acquisition of SVD encoded dynamic data. Remaining points within the k-space
are then either zero filled [110] or substituted with values from the reference data [111). The
SVD method is found to optimise the data acquisition for the reference image but copes
poorly with new dynamic image features, which renders the technique unsuitable for

myocardial perfusion studies.

reference dynamic central lines keyhole RIGR

Figure 3-2 The reference and dynamic images from a dynamic image series, and the corresponding
dynamic information captured by the central lines in k-space. The dynamic image is also shown
reconstructed with only Y4 of the available information, by using the keyhole technique RIGR,
respectively.
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3.3.2 Block Regional Interpolation Scheme for K-space (BRISK)

BRISK is a technique that exploits inter-frame correlations to realise acquisition time
reductions [112]. The technique is particularly suited for cardiac imaging and exploits a
priori information of the imaging system to construct a prospective sparse sampling scheme.
The theory behind the technique can be explained by analysing k-space maps derived from
the inverse Fourier transform of the modulus images. The 1D Fourier transform for each
pixel of a sequence of these Fourier images produces a number of Fourier coefficients for
each pixel dependent on the number of images in the sequence. Through this, a set of k-space
Fourier coefficient images can be created. From the first k-space map representing DC
information, or k-space information which remains the same through the sequence of images,
to the later maps representing the information which varies rapidly through the sequence of
k-space images, it was found that the most significant data contracted towards the centre of
the k-space map. This is not surprising as it conforms to the previous observation used by
keyhole and RIGR. However, the extent to which this contraction of the energy to the centre
of the k-space maps in the higher coefficients is dependent on the relative change between
images within the sequence. A sequence of images where each frame is independent of one
another would result in no contraction between frames, and conversely if there were no

change between frames then only the first coefficient map would contain image information.

Figure 3-3 shows an example BRISK sampling scheme with a 2/3" reduction in sampled k-
space points. While the central blocks are sampled for every image acquisition, the outer
blocks are sampled less frequently so as only 4 of the total 12 k-space blocks are acquired for
each image acquisition. Comparing this with the Fourier coefficients mentioned earlier, the
entire of k-space is sampled at least once during the total sequence, which is suitable for the
zeroth coefficient. For the 2™ coefficient for instance which requires at least 4 samples based
on the Nyquist theorem, the central 6 blocks are sampled, so 50% of k-space. Fourier
interpolation between frames is used to fill in the missing k-space information. This
sampling scheme allows for a reduction in acquisition time or corresponding increase in
image resolution. The technique has been demonstrated on both simulation and real data,
with 25% and 50% reductions in k-space acquisition [112]. The 25% scan showed some
ringing artefact on the simulation scan around the aortic vessel but the myocardial borders
were well represented, while on the real data some ringing artefact is apparent originating
from the myocardial borders. This is because images measured with a limited number of
Fourier harmonics are imperfect. This can cause high-frequency oscillations at the edges,
and the reconstructed image can exhibit some noticeable spatial intensity variations at object

boundaries. In the case shown in Figure 3-3 the artefact is also due to uncompensated
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respiratory motion making the high frequency information unsuitable for the dynamic data.
When 50% BRISK coverage was used, however, it was sufficient to represent all the

relevant image information.
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Figure 3-3 A 1/3" BRISK sampling scheme for 16 cardiac phases. Each of the 12 k-space sections
represents a block of k-space (e.g. 10 lines for a 120 matrix) with grey shading showing sampling for
a particular image acquisition. On the left the block number is shown, on the right the number of times
each block is sampled and below the frame number.

3.3.3 Temporal filtering methods for reduced FOV imaging

UNFOLD [113] is an imaging technique that uses temporal redundancies to reduce the
required data acquisition in dynamic MRIL. During the acquisition stage, a reduction in the
dynamic FOV corresponds to a reduction in k-space sampling. Due to aliasing, this results in
representations of the imaged object in the image domain no longer occupying spatially
distinct points. The introduction of a phase shift in the time domain effectively labels the
overlapping components in the time domain so as they can be distinguished in post
processing with the use of a Fourier transform through time. The UNFOLD technique to a
certain extent allows relocation of spatial information within k-1 space to achieve a more

efficient encoding.

Cardiac applications of UNFOLD are particularly useful for cine imaging where images
containing a mixture of dynamic and non dynamic regions which may be represented

spatially by the same pixel in image space but separated in the time domain [113]. The
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method can also be applied to breath hold myocardial perfusion imaging [114,115] where the
chest wall and back are static (or close to), with the cardiac region being dynamic due to the
uptake of contrast agent. In this case, where no motion was present on a canine study the
method performed well with once again a 2-fold reduction in image acquisition data. On
patients, the results were generally good with the exception where respiratory motion
resulted in significant artefact in the reconstructed image. The UNFOLD method causes a
temporal smoothing which also has the effect of causing spatial blurring in regions where
spatial motion occurs. Although this may appear visually pleasing, it is at the expense of
image resolution. It has been proposed {115] that the use of registration either in the image or
frequency domain before the application of UNFOLD could reduce the effects of this

problem although the successful implementation of this has yet to be seen.

UNFOLD is applicable when the nature of the imaging allows two spatial points to share the
same temporal bandwidth without overlap. In addition, it is essential that sufficient prior
knowledge about the shape of the temporal spectra is available to separate the individual
contributions of the two points. Selective Line Acquisition Mode (SLAM) {116] is a recent
variation of the UNFOLD technique similar to 2xUNFOLD with the acquisition of
alternating even/odd phase encode lines. SLAM uses a less complex method of estimating
the information lost due to insufficient sampling, by interpolating missing lines from the
neighbouring frames. In a comparative study of temporal filtering methods for myocardial
perfusion it was reported that the SLAM technique is actually equivalent to UNFOLD if a
Hanning filter is used for the temporal filtering step. Results presented showed similar
results between the two techniques with only subtle changes dependent on the filter chosen.
An extension of SLAM uses a technique similar to those used in other reduced FOV imaging
where a reference image is used after the SLAM technique has been applied. This can bring
a further 3 fold reduction in k-space sampling, and the method is cunningly called
Reconstruction by Estimation of Lines and Inhibition of Fold-in (RELIF) [117]. It is
potentially applicable to breath hold cardiac perfusion studies but is reliant on there being no
motion in the chest wall and such a large reduction in data acquisition results in a ~50% loss

in SNR.

3.3.4 Broad-use Linear Acquisition Speed-up Technique (BLAST)

In an attempt to unify the description of image acquisition methods that aim to reduce the
amount of data required for k-space reconstruction, a common equation is used to describe
the use of prior information. BLAST is an image acquisition technique that is developed

from the analysis of this common equation and uses the estimated amount of change within
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the FOV as prior information to reduce the redundancy in k-space information that remains
static through time. The single common equation takes into account both static and dynamic
components and is described here based on the original description by Tsao et al. [118]. The

single common equation for many prior information driven acquisition methods:

N

p(x) = R.watic (x) + Rdynamic (x) ’ Z CI ¢l (x) (3 I)

=1

where p(x) is the reconstructed image. The ¢, ’s are the unknown basis coefficients to be

determined from the MR data. The number of basis coefficients, N is less than or equal

terms *

to the number of MR measurements so that there are more equations than unknowns. R ..,
R dynamic and @, (x) are the static reference image, dynamic image and basis functions
respectively. Given this equation, it can be seen that methods that involve zero filled k-space

such as RIGR and SVD effectively discard the R component (or set this to 0) in the

static

common equation. Alternative techniques such as keyhole [106] or RIGR with two reference

images [119] include a baseline image for R, (x).

In BLAST, a full resolution baseline image is initially acquired from which the user
highlights regions where changes are likely to occur. R . (x) is then made equal to this

baseline image and R a probabilistic map defined by the user from the baseline image.

dynamic
The basis functions @, (x) are chosen to be the Fourier basis designed to match the k-space
sampling pattern allowing the method to be used with any sampling pattern. Given a uniform
probabilistic map BLAST becomes equivalent to keyhole imaging [106]. If a binary
probabilistic map is used, the method becomes equivalent to reduced FOV imaging
[120,121] and if precise information is known about the magnitude of change then the

method is equivalent to RIGR with two reference images [119].

An extension to this method termed k- BLAST [122] has been applied to 3D cardiac cine
imaging [123]. This method differs in the dimension that the probabilistic information
determines the reconstruction of under sampled k-space information. Rather than using a
user defined probabilistic map of changes in the image space, k-t BLAST computes a similar
map from a low-resolution fully sampled data set in k-r space. Acquisition efficiency is
increased by applying sparse sampling to k-r space in a sheared grid pattern (chosen as it
allows the tightest packing of signal replica in x-f space). The low-resolution image is used
to determine a reconstruction filter from the signal distribution in x-f space. During the high-
resolution acquisition, the sparse sampling results in multiple replicas in x-f space. In image

space, these overlapping reconstructions occur due to the pattern of the point spread
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function. By multiplying the under sampled high resolution data, with the filter determined

from the low-resolution data, these overlapping reconstructions can be eliminated.

In the study by Kozerke et al. [123], the use of k- BLAST with cine 3D imaging of the heart
allowed for whole heart coverage in a single breath hold with both high spatial and temporal
resolutions. For use in myocardial perfusion imaging, there are many issues that must be
addressed. The dynamic low resolution image would need to be performed with the use of
contrast agent and would have to take into account the passage of contrast agent into regions
of the anatomy with blood flow other than just the heart. This creates a greater dynamic field
than is present in cardiac cine imaging. In addition, performing myocardial perfusion
assessments with breath holds for the duration of the scan is practically difficult. The
contrast enhancement along with the respiratory motion makes the optimisation of k-t

BLAST to myocardial perfusion imaging a difficult prospect.

3.3.5 Locally focused and reduced field of view imaging

Locally focused imaging [124,125] is a method that enables the encoding of variable
resolution across an MR image so as the regions containing more detailed features may be
imaged at a higher resolution. While Fourier series have spatially uniform wave functions,
giving uniform resolution across the entire FOV, alternative non-Fourier functions may be
defined that allow variation in the resolution across the image. With conventional 2D
Cartesian sampling this can be used in the phase encode direction to reduce the required
sampling by as much as 50%. An example of this technique is LOFT (Locally Focused
Tomography) [125] that applies a complete orthonormal set of non-Fourier functions that
vary more slowly in homogenous regions of the image. The image is represented by a
truncated series of these functions, more efficiently representing the data than a Fourier
series representation. The method is applied in the phase encode direction of Cartesian -
space, reducing the total number of phase encode steps required to represent the imaged data.
Artefacts produced by this method are generally limited assuming no hard edges are found
outside of the regions in focus. Regions within the image can be of arbitrary size and
resolution, thus the ability to optimise the scanning process is dependent on the prior
knowledge of the image features. This technique can be expanded into 2D [126] allowing

sparsely sampled imaging with single shot spiral trajectories.

While the locally focused imaging technique can be applied quite generally, the complexity
in determining the optimal set of functions and mathematical computation required can
prove difficult in setup and reconstruction. A variation on this [120] provides for a more

straightforward locally focused imaging setup with the ability to perform high resolution
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imaging in regions of high spatial variability and low resolution imaging in regions of low
spatial variability. This is achieved by acquiring two image data sets. A low-resolution image
is acquired covering the entire FOV and a high-resolution image with a reduced FOV to
contain the high spatially variable image data. The resulting images are overlaid onto one
another to remove aliasing artefacts due to k-space under-sampling, and provide a complete
image with variable spatial resolution. The drawback of this technique is that it does not
allow for arbitrarily shaped regions although the significance of this is dependent on the
imaging task at hand. The method has been applied to dynamic imaging [121] where reduced
k-space acquisition for the dynamic images limits the FOV that may accurately be
reconstructed through time. The differences between dynamically acquired phase encode
lines and lines acquired in the static reference image are calculated and the portion
representing the reduced FOV in image space is added to the dynamic reconstruction. An
improvement upon the expected reduction in SNR has been achieved [127] through using all

of the acquired data to estimate the static outer region of the image.

Rapid dynamic imaging has also been achieved through a reduction in the FOV with polar &-
space sampling [128]. An initial optimally sampled image is acquired as a reference image
followed by dynamic images with angular under-sampling restricting the dynamic FOV to a
circular region with the full FOV. The reference images corresponding k-space diagonals are
then subtracted from the dynamic image to obtain a difference image. This difference image
is added to the optimally sampled reference image to obtain a full FOV dynamic image. The
size of the dynamic FOV is directly proportional to the number of equally spaced k-space
diagonals. The method is dependent on the region outside of the dynamic circular FOV being
static although is shown to be robust to small amounts of motion with small streaking

artefacts in the dynamic FOV.

A hybrid technique for dynamic imaging [129] has been developed which combines
characteristics of reduced FOV imaging and keyhole imaging. Reduced FOV imaging is
performed with full sampling of dynamic central phase encode lines to provide additional
information about the low frequency changes in the full FOV. This helps in dealing with
changes in the region outside of the reduced FOV such as background changes in signal
intensity from dynamic contrast enhanced studies. This is shown to effectively correct for
background signal intensity changes in cerebral perfusion studies, although is unlikely to be
able to effectively deal with motion due to respiration in cardiac studies. This is due to the
spatial motion of edge structures outside of the central FOV, such as chest wall and
diaphragm motion, which cannot accurately be represented with low frequency k-space

information.
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3.3.6 Locally focused imaging with volume selective RF Excitation

The above locally focussed imaging scheme can be further enhanced by using volume
selective RF excitation such that simultaneous improvement in spatio-temporal resolution is
possible [130]. The method uses 2D spatially selective RF pulses to limit the imaging FOV
to cover only the object of interest. This allowed an increase in the spacing of the sampling
function without the introduction of wraparound into the central FOV. The method also

facilitates real-time tracking, which has important implications in coronary imaging.

By considering the characteristics of the RF excitation profile, the method proposed by Yang
et al [130] uses a set of training images, each with varying spatial resolution related to the
spatial characteristics of the 2D RF pulse to determine an optimal set of phase encoding
steps. It can be proved that for all possible images with variable spatial resolution in %, the
positive eigenvalues of the covariance matrix of the training images determine that only M
phase encoding steps are required to accurately derive the remaining phase-encoded signals.
In practice the actual number required may be greater than this and a near optimum solution
can be derived through the sequential back selection algorithm. Based on these lines, the

remaining k, lines can be estimated using the least mean squares estimate:

M

Flisk,)=3 v,U,,) (3.2)

m=

where i is the k, encoding step being estimated, U;» a unitary matrix for diagonalising the

covariance matrix and v,, the projection of the image onto the m™ basis function as in:

v, = Z[(R*R)"R+ L fliak,) (3.3)

ie{L}

where L are the measured phase encoded signals and R is an L X M matrix with elements

Rin= Uin for i € 1Lj. R* represents the complex conjugate transpose of R.
JUug po

An example of the resolution constraint placed upon the derivation of the basis functions is
shown in Figure 3-4 (a), where the maximum resolution along y is 1 mm. The resolution
towards the edge of the image reduces quite dramatically with uniform resolution in the
central region. In Figure 3-4 (b), the distribution of eigenvalues corresponding to the
covariance matrix is shown with 41 values being non-zero. To ensure numerical stability
only 20 encoding steps were discarded with 44 remaining. Figure 3-4 (c) illustrates the
process involved with the iterative steps shown on the vertical axis and the phase encoding
steps shown on the horizontal axis. The iterative process calculates the mean square error of

the reconstruction for the removal of each k, index and at each step deletes the k, index that
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has the least detrimental effect. In Figure 3-4 (c¢) the deleted k, indexes are represented by
black lines with the upper most point showing the point at which it was deleted. The iterative
process is repeated until only 44 encoding steps remain. Figure 3-5 shows this acquisition
profile applied to a phantom data set, comparing the full acquisition (a) with the reduced
encoding (b) and a low pass filtering method zero filling the outer 20 k, encoding lines of the
original 3D data set (¢). A 30% reduction in imaging time results in comparable images with
only a small loss in SNR, whereas the low pass filtering in (c) destroys minute image detail

due to the uniform resolution of the image.
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Figure 3-4 (a) An example of the applied resolution constraint r(y) for the derivation of basis
functions. (b) the corresponding distribution of eigenvalues of the covariance matrix. (¢) the selection
of near optimal solutions of k, phase encoding steps using the sequential back selection algorithm. In
(c), the deleted encoding steps are represented as black strips superimposed on the normalised average
mean square error of v,,, where lighter shades indicate larger errors (E'). With permission from Yang
et al [130].
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(a)

(b)

(c)

Low Pass (44)

Figure 3-5 The effect of using reduced encoding on a 3D phantom data set. (a) the original fully
encoded image. (b) and (c) the reconstructed results using locally focused encoding and zero filling,
respectively. With permission from Yang et al [130].

3.4 Parallel imaging techniques

3.4.1 SiMultaneous Acquisition of Spatial Harmonics (SMASH)

The use of parallel imaging in MR is relatively new. The method uses the spatial
characteristics of the phase array coils for minimising the acquisition time. Thus far, a
number of parallel imaging techniques have been proposed. Most of these techniques,
however, are originated from the SMASH and SENSE methods. SMASH [131] is a partially
parallel imaging technique that makes use of the multiple coils generally used in MRI to
encode Fourier lines in spatial harmonics of the receiver coils signals. This allows the

recovery of additional k-space lines in the post processing stage reducing the number of k-
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lines that are required and thus increasing the efficiency of the imaging process. MR receiver
coils have spatial variation in their sensitivity, which for a standard circular surface coil is
monotonic in all directions with distance from the coil. The combination of multiple coils
may be used to create a sinusoidal spatial sensitivity profile and suitable modulations in the
amplitude of this can replace the phase or frequency encoding normally produced by
magnetic field gradients. An example of spatial harmonics approximated from the
combination of six-coil phased array is shown in Figure 3-6. In its simplest form, a linear
array of surface coils can be used to synthesise various sinusoidal sensitivity variations. This
synthesis is performed in post processing and the sinusoidal variation shifts the data acquired
from the combination of receiver coils in k-space. It can be seen that the number of spatial
harmonics that can be successfully synthesised determines the number of k-lines that can
successfully be reconstructed for each phase encoding gradient acquired. The range of
harmonics that may effectively be synthesized is dependent on the width and spacing of the
individual component coils spatial sensitivities. The method has been applied to cardiac
imaging [132] to obtain images with reduced breath hold duration, enhanced spatial

resolution, and increased temporal resolution.

For single shot imaging, the SMASH theory has been described in [133] and is used as a
basis for our description below. By using the standard Fourier sequence, the obtained MR

signal may be written as:

S(k,.k,)= [ [drdy C(x,y)p(x. y)explik x~ ik, y} (3.4)

where C (x, y) is the RF coil sensitivity profile and p(x, y) the spin density. By exploiting
the variation in the coil sensitivity profile, SMASH is able to effectively acquire multiple
phase-encode lines at once. If a multi-coil array is used which is linear in its arrangement it
becomes possible to use linear combinations of component coil sensitivities to generate

composite sensitivity profiles, taking the form of complex exponentials such that:

L
com (x, _)’) = Z nl(M)Cl (x, )’) = exp{— imAk y} 3-3)

k=1

where [ =1,2,...L, Ak, =27 /FOV and L is the total number of coils in the array. n, are
the set of complex weights required to generate the m"™ harmonic exp(— imAk yy). The
composite sensitivities are thus arranged to be spatial harmonics of the imaged FOV. By

using the sensitivity profile in equation (3.5) the signal measured in (3.4) now becomes:
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S'c"lomp (kx’ky): [inI(M)S/ (kx’ky)
=1

L
= [ [axay [Z n"C, (x, y)p(x, ) exp{-ik,x —ik, y}
=1

- [ Jacdy 2 (x.y)ple. ) expl- ik x -k, )

- e ol e, i, 1)
= S(k,, k, +mAk,)

e My

(3.6)

In this manner, linear combinations of the component coil signals produce an effective phase
encode shift of mAk . Through the use of an appropriate coil arrangement and weights, a
reduced number of phase encodings may be acquired, and in post processing, the remaining

information can be calculated through linear combinations of the component coil signals.

constant

sin Ak, y

Figure 3-6 Linear combinations of component coils approximating spatial harmonics of frequency
sin Ak , for SMASH imaging, adapted from a figure by Sodickson et al [131]. For this example, six
phase array coils are used modelled by Gaussian functions and depicted in the figure as separate
weighted sensitivity profiles by red lines. The blue line represents the combined sensitivity profile of
all six coils and the dashed black line the sinusoidal weighting function.
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Recent advances in the determination of spatial harmonics and reconstruction procedure
have allowed the technique to be applied to a greater variety of imaging planes and along
with developments in hardware design allow for a wide range of coil geometries [134-136].
Automatic sensitivity calibration techniques using central k-space lines while marginally

reducing the efficiency extinguish the need for calibration images [137,138].

SMASH may be combined with UNFOLD to further increase the k-space encoding
efficiency [139]. A two fold acceleration from SMASH can be combined with a two fold
acceleration from UNFOLD for a combined four fold acceleration. A variety of methods of
performing this exist but are based around sampling every fourth line, recovering another
one or two lines through SMASH, and then applying UNFOLD to estimate the remaining
lines. The method uses a cross-shaped support region and the more dynamic portion of the

FOV can occupy no more than half of the FOV.

3.4.2 SENSitivity Encoding for fast MRI (SENSE)

SENSE is a parallel imaging technique that uses the knowledge of the sensitivities of the
elements of a phased-array coil to correct for aliasing artefact due to a reduction in the
sampling FOV. For each of the receiver coil array elements a reduced FOV aliased image is
reconstructed. Depending on the individual coil sensitivities, the contribution of different
signals to an individual pixel varies in a manner, which to an extent can be determined from
the prior sensitivity scans. The basic method is shown in the equations below taken from the
original paper by Pruessmann et al [140]. For an individual pixel, let 7, denote the number
of pixels superimposed and n. the number of coils used. The vector a is the collection of
complex image values the chosen pixel has in intermediate images and the complex coil

sensitivities at the n, superimposed positions form an n. Xn, sensitivity matrix S:

S,,=s,(r,) G.7)

where the subscript ¥ indexes the coils and p the superimposed pixels, the vector ¥,
denotes the position of the pixel p, and s, is the spatial sensitivity of the coil y. The

sensitivity matrix S is used to calculate the unfolding matrix U:

Uz(sﬁlp—lsii )’lsHlP—l (38)

where the superscript H indicates the transposed complex conjugate, and W is the n. Xn.
receiver noise matrix, which describes the levels and correlation of noise in the receiver

channels. Using the unfolding matrix, signal separation is performed by
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v="Ua 3.9)

where the resulting vector v has length n, and lists separated pixel values for the originally
superimposed positions. The procedure is repeated for each pixel within the reduced FOV to
produce a non-aliased version of the full FOV. The number of receiver coils used limits the
theoretical maximum reduction factor. The number of pixels n, must not exceed the number

of coils n. so as the matrix inversions in Equation (3.8) can be performed.

The method compares favourably to the SMASH technique described above. With SMASH,
the discrete Fourier transform is applied as a last step in the reconstruction approach, while
with SENSE the separate coil images are reconstructed as the first stage. The SENSE
technique is also more forgiving and straightforward in the determination of coil set up and
imaging plane orientations. The requirement for a preliminary reference scan is weaker with
SMASH, as described previously this can be performed as part of the actual imaging scan
with a small amount of extra data, whereas with SENSE full sensitivity profiles must be
acquired. The major limiting factor of SENSE is noise with the SNR reducing with the
increasing level of aliasing, thus limiting the acceleration factor. A comparison of SMASH
and SENSE [141] found that SMASH showed significantly higher artefacts at all levels of
acceleration. SENSE demonstrated good SNR at low levels of acceleration although as the

acceleration increased this tended to increase rapidly.

SENSE has been applied to real time cardiac imaging [142] providing a three-fold increase
in image acquisition efficiency with a six-element receiver coil array. This allows for 27
msec scan times with a resolution of 2.6 mm. Importantly for cardiac imaging, the use of
SENSE reduces the acquisition time and thus artefacts due to motion of the heart during
acquisition. SENSE has also been combined with UNFOLD and named TSENSE [143] due
to the temporal filtering which takes place with UNFOLD. The initial purpose of this is for
artefact suppression as the temporal filtering deals well with reducing artefact due to
incorrect sensitivity profiles, and the use of the SENSE method relaxes the requirement for a
limited dynamic region within the FOV that is associated with UNFOLD. In addition, the
use of temporal filtering allows for the reconstruction of sensitivity profiles from reduced -
space data before applying TSENSE making the method adaptive and more robust to motion.

A schematic diagram of this is shown in Figure 3-7.

A combination of TSENSE and UNFOLD in a hybrid approach has been used for real time
cardiac imaging [144], differing from the previous TSENSE approach in its selective use of
adaptive TSENSE and UNFOLD for different coils. In practice this amounts to using
adaptive TSENSE where suitable and UNFOLD on frames with unstable sensitivity maps or
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unsuitable coils configurations. The use of UNFOLD as the final step in adaptive TSENSE
(as shown in Figure 3-7) was optional as while being successful at reducing artefact it has a
temporal blurring effect which was noticeable in some of the studies. TSENSE has been
applied to first pass myocardial perfusion imaging with slice interleaving of a hybrid EPI
imaging sequence [145]. Two-fold acceleration allowed 8 slices to be acquired each cardiac
cycle with acceptable results. UNFOLD has been used in a similar way to reduce artefact in

SMASH as well as partial Fourier imaging [146].

adaptive TSENSE
diged temporal low compute
images 3 saty
pass filter coefficients
interleaved
k-space data FFT spatial filter Temporal
=" ™  (SENSE) lowpass filter —
(UNFOLD)
TSENSE

Figure 3-7 The use of temporal filtering to adaptively acquire sensitivity profiles for adaptive
TSENSE imaging. Based on a figure by Kellman er al [143].

3.5 Conclusion

In this chapter, we have outlined some of the major techniques used in MR for improving the
overall acquisition efficiency by exploiting the information content of the k-space data. The
majority of techniques achieve reductions in k-space acquisition based on prior knowledge of
the imaging task. For dynamic imaging, this mainly includes the temporal characteristics of
the imaging structure. The keyhole technique described is simple to implement and it has
been widely used in a number of cardiac imaging applications. However, the method has
several drawbacks including the amplitude discontinuities and phase incoherence that can
give rise to Gibbs artefact and blurring. RIGR is a more elegant way of minimising the k-
space data and it is best applied when the spatial details of the image remain static
throughout the acquisition period. BRISK, on the other hand, exploits inter-frame correlation
of the dynamic sequence and is particularly suited to high temporal resolution cine imaging.
When applied to perfusion imaging, a number of issues may arise due to the rapid change in
blood pool contrast details and inconsistency of respiratory induced cardiac deformation at
different cardiac cycles. The use of UNFOLD is similar to that of RIGR, which requires

temporal alignment of the anatomical details. The method, however, is particularly efficient
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and simple to implement, and therefore can have significant potential to myocardial

perfusion if respiratory motion can be effectively controlled or tracked during imaging.

In this chapter, we have also described BLAST, which is an image acquisition technique that
uses the estimated amount of change within the FOV as prior information to reduce the
redundancy in k-space information that remains static through time. In BLAST, a full
resolution baseline image is initially acquired from which the user highlights regions where
changes are likely to occur. The locally focussed imaging techniques we described are
advanced methods for exploiting the k-space content with variable spatial encoding across
the imaging FOV. This allows regions containing more detailed features to be imaged at a
higher resolution. With this technique, it is possible to tailor the sequence design with the
specific coverage of the k-space, which makes it particularly suitable for rapid dynamic
imaging. The feasibility of incorporating selective volume excitation further enhances the

flexibility of the technique.

Despite the diversity of different k-space techniques that have been developed, further
reduction of the image acquisition time will require the full utilisation of the current state-of-
the-art MR imaging hardware. Parallel imaging provides promise to myocardial perfusion
studies as improvements in efficiency and resolution are achieved without necessary
assumptions about the content of the image [103]. This provides the possibility of greater
coverage of the myocardium, allowing more accurate analysis of the underlying
physiological characteristics. Recent developments including the foundations of generalised
parallel imaging [147] together with dedicated coil array designs offer the potential to
achieve accelerations approaching the theoretical maximum (equal to the number of receiver
coils). With developments in parallel imaging, techniques allowing for auto-calibration
[148,149] and the prospect of the latest MRI hardware offering a greater number of receiver
channels the development of parallel imaging is expected to progress rapidly in the coming
years. For this thesis, however, we will focus on the development of efficient k-space

coverage and the effect of respiratory induced cardiac motion on these methods.
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Chapter 4 : Management of Cardiac and

Respiratory Motion

4.1 Introduction

Differentiation of ischaemic but viable myocardium from infarcted regions requires detailed
global quantitative assessment and modelling of myocardial perfusion characteristics. This
requires the development of a spatially and temporally registered imaging strategy for
complete 3D coverage of the myocardium. Quantitative analysis demands the localisation of
regions of myocardial tissue throughout the passage of the contrast bolus. This process,
however, is complicated by both cardiac and respiratory motion. As mentioned in Chapter 1,
in 3D myocardial perfusion imaging a complete volumetric data set has to be acquired for
each cardiac cycle, and this can result in 50-100 such 3D data sets for studying the first pass
of the contrast bolus. To ensure a comprehensive coverage of the myocardium and
reasonably high resolution of the images, a typical data acquisition window of 100-200 ms
per slice, and thus an overall acquisition time of more than 600 ms is required for each
cardiac cycle. When using multi-slice imaging, cardiac motion during this large acquisition
window can cause the myocardium imaged in different image planes to be mis-registered,
i.e., some part of the myocardium may be imaged twice whereas other parts may be missed
out completely. This type of mis-registration is difficult to correct for by using post-
processing techniques. Direct application of the techniques mentioned in Chapter 3 that
exploit the redundancies in information content in the perfusion sequence; can introduce

significant artefacts due to respiratory induced cardiac motion. In this chapter, we will
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discuss the nature of cardiac and respiratory motion associated with myocardial perfusion

imaging, and outline necessary strategies that can be employed to minimise this effect.

4.2 Cardiac contractile motion

The heart contracts in a cyclical pattern as deoxygenated blood flows into the heart. An
example of the motion is shown in Figure 4-1. This cycle persists in a semi-autonomous state
without interruption through a healthy individuals life. While the frequency of this
contraction varies, the motion is predictable and at rest corresponds to around 70 beats per
minute. It is not possible to suspend or control this motion non-invasively, so imaging must
be performed with consideration for this effect. In CMR, ECG gating is typically used to
ensure the k-space data is acquired in synchrony with the cardiac motion. Typically, ECG
gating triggers the acquisition of MR image data to a pre-defined gating delay after the R-
wave [150], allowing images to be acquired with a pseudo stationary cardiac contractile
position over repeated cardiac cycles. This technique is now widely used in MRI and offers a
robust solution for cardiac imaging. Cardiac gating facilitates segmented imaging, where k-
space data is acquired over multiple cardiac cycles, as well as simplifying the analysis of

dynamic imaging such as first pass myocardial perfusion studies.

One of the major issues related to ECG gating is the difficulty in acquiring late diastolic
images. This has motivated extensive research in the development of retrospective gating
techniques [151]. Research has also been conducted in the practicality of surface electrode
ECG, particularly in high-field and fetal cardiac imaging applications. It has been
demonstrated that it is possible to use data directly acquired with MR to perform cardiac
gating. For example, an under-sampled radial k-space acquisition has been used to measure a
real-time image-derived flow-gating waveform, from which the gating times are derived.
These gating times are used to reconstruct a conventional gated-segmented image series by
combining the real-time data from multiple heartbeats. A number of other self-gated
acquisition techniques have also been proposed [152], which directly extract motion
synchronization signal from the same MR signals used for image reconstruction. The
strategies used with self-gated signals from data acquired using radial k-space include echo
peak magnitude, kymogram, and 2D correlation. Self-gated techniques represent a valuable
advance in clinical MRI because they enable the acquisition of high temporal and spatial

resolution cardiac cine images without the need for ECG gating and with no loss in imaging

efficiency.
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Figure 4-1 Five cross-sectional images of the LV demonstrating the contractile motion of the heart.

4.3 Respiratory motion

Respiratory induced cardiac motion is a major problem that has troubled the CMR
community for many years. Unlike cardiac motion, respiratory induced motion has poor
inter-cycle consistency. This makes gating at different phases of the respiratory cycle
particularly difficult. A coronal view of the chest in a sequence of respiratory positions is
shown in Figure 4-2, demonstrating the typical range of motion. Although motion of the
heart due to respiration acts predominantly in the cranio-caudal (head to foot) direction,
supplementary translational motion in the other two directions must not be ignored.
Furthermore, there is also a degree of rotation of the heart that varies amongst subjects [153].
The degree of non-rigid deformation is found to vary amongst subjects and where present is
most significant in the apex of the LV, the right atrium and in the region of the RCA. Due to

this non-rigid motion, the use of translational or affine motion correction on its own is not
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enough. This makes the correction of respiratory motion through prospective or retrospective
correction in k-space insufficient. The variation in the degree and nature of motion found in
the cardiac region due to respiration makes the use of a statistical population models
difficult, and therefore subject specific motion modelling and correction is currently seen as
the most viable option. The use of breath holds has traditionally allowed the acquisition of
data with reduced respiratory motion artefact. Breath-holds, however, are difficult to sustain
and upward creep can affect the acquired results. In recent years, the monitoring of
respiratory motion through the use of navigator echoes has been used in coronary imaging to

drive simple respiratory motion models.
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Figure 4-2 A coronal view of the heart showing the effect of respiratory induced cardiac motion. The
four images (a), (b), (¢) and (d) show four stages of the respiratory motion from end inspiration to end
expiration. All these images are gated to the same ECG R-wave delay.
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4.3.1 Measurement of respiratory motion

For the measurement of respiratory motion, a reliable marker strongly correlated to the
motion of the heart is required. Traditionally methods of directly monitoring respiration with
a belt or bellows have been used [154]. Other methods of measuring respiratory motion
include the monitoring of ECG demodulation, where an optically coupled ECG sensor is

used to reduce interference from MR [155].

Existing research has shown that the diaphragm can have a range of motion 4 to 5 times
greater than that of the chest wall [156]. Due to the location of the heart within the chest
cavity resting on the diaphragm, the motion of the diaphragm is a sensitive measure of
respiratory motion. Navigator echoes are an MR technique for acquiring signal from a
column of material running perpendicular to the direction of motion, with the use of a
readout gradient along its length [157]. The use of a Fourier transform on the measured data
provides a well-defined edge that gives a scalar value of respiratory position. The acquisition
takes minimal time and can be interleaved with the imaging sequence, allowing real time
measurement of respiratory position throughout the acquisition, which is essential for

prospective respiratory motion compensation.

There are two methods that have been applied for the generation of a navigator echo. The
spin echo technique uses two planes, one excited by a 90° RF pulse and the other by a 180°
RF pulse. The intersection of these orthogonal planes is positioned on the diaphragm and a
spin-echo signal is acquired for measurement. This method is robust and produces a well-
defined column. However, care must be taken when using this technique to ensure that the
planes do not intersect with the region of interest for the interleaved image acquisition. A
further disadvantage of this method is the speed with which the measurement can be
repeated. An alternative technique uses a selective two-dimensional RF pulse to excite a
circular column intersecting with the diaphragm. This method can be repeated more rapidly
and has less intrusion on the interleaved acquisition imaging plane. This method, however, is
more sensitive to problems such as shimming errors (corrections for magnetic field
inhomogeneities), which can cause blurring and distortion in the measured column [158]. In
practice, both techniques have been used extensively in coronary angiography studies with
great success [159-161]. The additional respiratory information that these navigator echoes
provide can serve two purposes; it can be either used to prospectively adjust the acquisition

or to correct for the motion in post processing,.

It is important to note that the positioning of the navigator column affects the measured

motion. The right dome is higher than the left, with the regions undergoing coherent motion
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but to different degrees [162]. Motion of the diaphragm is greater when measured posteriorly
than anteriorly (motion measured anteriorly is 56% of that measured posteriorly [163]).
While the greater motion is desirable measured posteriorly, a more accurate lung diaphragm
border for edge detection is achieved at the peak of the dome, enabling the column to be
perpendicular to the diaphragm edge. This variation in measurements makes the use of
diaphragmatic navigators for motion modelling heavily dependent on the location of the
measured column. A typical positioning for a spin echo navigator column is shown in Figure
4-3, with two planes carefully positioned to avoid interference with the heart and intersecting
at the dome of the right hemi diaphragm, as shown in the transverse view (a). The
positioning of the column is shown in the coronal (b) and sagittal views (c) at the dome of

the right hemi diaphragm.

The timing of navigator acquisition can be an important parameter, but may often be limited
by the system being used. Pre-navigators (acquired after the ECG trigger before image data
acquisition) are the most efficient for prospective respiratory information, although can be
vulnerable to sudden changes in respiration between the navigator and the image acquisition.
Pre and post-navigators (within each cardiac cycle before and after image data acquisition)
provide added assurance of respiratory position although come at the cost of scan efficiency.
For free breathing studies, the post scan is generally superfluous, although for multiple

breath holds pre and post-navigators are desirable.
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Figure 4-3 Column positioning of diaphragmatic navigator echoes. The transverse view (a) shows the
two intersecting planes angled to avoid interference with the heart, intersecting at the dome of the
right hemi-diaphragm. In the coronal (b) and sagittal (c) views, the location of the column is shown.

4.3.2 Pattern of free breathing respiratory motion

Research has shown that the pattern of respiration varies among different subjects and
through time. As shown in Figure 4-4, natural free breathing often has a delay at end
expiration (higher values). The end expiratory position has been shown to be held for longer
in free breathing and more stable in position than the end-inspiratory position [164]. While
the pattern is cyclical alterations or aberrations to this pattern are common, these can be due
to coughs or natural variation due to physiological requirements. A general drift in position
is found to occur over time, most commonly upwards at end expiration [164]. This change in
end expiratory position can be seen in Figure 4-4, where in (b) an upward movement is

visible. In addition, alteration in breathing pattern is common when the patient is made
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aware of their breathing pattern, or interestingly instructed to breathe normally. Inspiratory

velocities are generally greater than expiratory [165] and this is also apparent in Figure 4-4.

Diaphragmatic navigator traces

Diaphragm position (mm)

cardiac cycle

Figure 4-4 Diaphragmatic navigator traces for four subjects over a period of 120 cardiac cycles. A
clear cyclical pattern can be seen in all four subjects, although regions of non-uniform breathing can
be seen in (b) and (d). The range of observed motion of the navigator reading varies amongst subjects
from 10 mm in (a) and (c) to around 20 mm in (d).

4.3.3 Hysteresis effects of free breathing

In order to establish the relative motion of anatomical positions due to respiration, a study of
free breathing cardiac MR imaging was performed. Multiple navigators corresponding to the
dome of the right hemi-diaphragm, the LV, the chest wall and the abdominal wall were
simultaneously measured [166]. A linear relationship between heart motion and diaphragm
motion was generally observed with the slope varying between 0.46 and 0.99. In many cases
a hysteretic loop was present with a delay in the respiratory motion of the heart relative to
the diaphragm. The degree of this was subject specific and independent of the cardiac phase.
An example of the path traced from a breathing pattern with a significant hysteresis effect is

shown in Figure 4-5. The breathing pattern is shown to follow an anti-clockwise direction
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due to a delay in the motion of the heart relative to that of the diaphragm. This delay was

found in the small study performed by Nehrke er al [166] to be as long as 0.6 seconds.

A

inspiration

heart displacement (mm)

expiration

diaphragm displacement (mm)

Figure 4-5 Example path of breathing measured at boundaries of the diaphragm and the heart with an
observed hysteresis effect. Based on figure by Nehrke er al [166].

Cardiac cine images acquired on the same patients highlighted similar problems. Without the
use of respiratory phase ordering, patients who had previously showed strong hysteric effects
from the navigator study showed discontinuities in the cine images. The cine images were
further separated into inspiratory and expiratory acquisition. Results showed a difference in
the shape of the diaphragm between inspiration and expiration that in certain cases lead to a
tilting of the heart resting on the diaphragm. This tilting effect, albeit being small, could lead
to errors in high-resolution cardiac imaging. The exact reason for this hysteresis effect is not
fully known. Possible reasons include the viscoelastic properties of the lungs acting as a
damper on the motion of the heart, or the activation of different muscle groups during
inspiration and expiration. The difference in the shape of the diaphragm, observed on the

cine images, possibly gives credence to the latter reason.

In cardiac MRI, the hysteresis effect can cause significant issues with the accuracy and
reliability of respiratory compensated imaging schemes. This is of most concern in high-
resolution applications such as coronary imaging. The placement of the navigator directly
through the wall of the heart would eliminate the effect, but is impractical due to the
considerable destructive effect the pencil beam would have on the imaging volume. In
preliminary studies the introduction of a delay of the heart in relation to the diaphragm has
been shown to help alleviate this problem [166], although it is required to be subject specific

due to the individual characteristics of the patients breathing.
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4.3.4 Upward creep during breath holds

In an ideal situation, a breath hold results in the freezing of the respiratory position for its
duration. In practice, this is not the case with limitations on the duration of feasible breath
holds. Upward creep is an effect that has previously been described in SPECT imaging [167]
where it was found to occur during breath holds following physical activity. Upward creep is
the movement of the diaphragm and heart in the direction of the head through the duration of
a patient induced suspension in breathing. The measurement of diaphragm position through
the duration of a breath hold allows for the more accurate assessment of upward creep [165].
The occurrence of such motion has been explained by relaxation of inspiratory muscles and
changes in lung volume due to greater oxygen uptake than carbon dioxide secretion during
the breath hold. The velocity of upward creep at end expiration is relatively constant at an
average of 0.15 mm/sec and at end inspiration more variable in the range of 0.1-7.9 mm/sec.
This results in a displacement during 20 seconds of suspended breathing, 25% of that
recorded during free breathing when measured at the diaphragm. In the SPECT study, the
occurrence of upward creep was found to be significantly reduced if imaging was performed
15 minutes post exercise. These findings highlight problems encountered with breath hold
imaging, regardless of the patients health and willingness to suspend breathing for the
duration of the scan. While measures can be taken to reduce the likelihood of its effects,
breath hold imaging cannot be assumed to completely resolve the problems of respiratory

motion.

4.4 Respiratory adapted imaging

Respiratory induced cardiac deformation is a significant source of error in CMR and also one
of the main limiting factors for PET and 3D echo-cardiography [168-170]. In CMR,
particular problems are encountered in contrast imaging of the coronary arteries. While small
effects of respiratory deformation can be acceptable for more general imaging tasks. When
imaging small anatomical structures such as the coronary arteries, bulk cardiac motion can
cause ghosting, blurring and image degradation. Due to this, many of the developments for
the monitoring and control of respiration have been made in coronary imaging, providing a
range of solutions which are potentially of value to problems encountered with respiratory

motion in myocardial perfusion imaging.

4.4.1 Respiratory motion control in CMR

With MRI, a number of methods can be employed to account for the respiratory motion of

the heart. These range from periods of suspended breathing during the image acquisition, to
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methods of following this motion during the acquisition, or methods to correct for the motion

in post processing.

Respiratory motion may be ignored if images are acquired during a period of suspended
breathing [171]. The breath hold is often taken at end expiration to provide better
consistency between repeated breath-holds. This method, however, has drawbacks in
addition to upward creep described earlier. The duration that a patient is able to hold their
breath is finite and often the patient suffers considerable discomfort performing this. For
high-quality high-resolution imaging, breath-holds can be long and inappropriate for cardiac
patients, particularly those with coexistent pulmonary disease [164]. With myocardial
perfusion imaging in particular, the use of adenosine or other stress agents can provide
additional discomfort for the patient, thus further reducing the likelihood of a successful
breath hold. The effect that the suspended breathing has on the normal operation of the heart
must also be considered [172,173]. A reduction in venous return to the heart due to increased
pleural pressure can potentially affect the results of cardiac studies acquired during breath

holds.

4.4.2 Navigator echoes for prospective respiratory motion compensation

The use of navigator echoes for prospective respiratory gating and motion compensation
requires real time feedback from the reconstruction computer to drive the scanner. This
requires real-time signal processing and MR hardware capable of reconstructing navigator
data in real time. Currently, scanner hardware is capable of performing this reconstruction
and feedback in less than 50 ms. Whereas during breath hold acquisitions, limited time is
available to acquire images at will, with the ability to measure respiratory position, data may
be acquired over an extended period of time when the respiratory and cardiac cycle coincide
[154,174-176). This, however, is an extremely inefficient method of acquiring data as the
frequency at which these two cyclic patterns meet requires either large gating windows or
increasingly long scan times. A development of this allows for multiple breath holds, with
monitoring of respiratory position and feedback to the patient [177]. This has been used for
coronary imaging using either bellows [178] or navigator echoes [159,179] to measure
respiratory position, providing consistent respiratory position for imaging while significantly
improving the scan efficiency in comparison with respiratory gating techniques. For CAD
patients, however, some difficulty is found in cooperating with respiratory feedback systems

to accurately repeat breath holds [180].

A further drive in CMR towards enhanced spatial resolution and scan efficiency with

improved motion adaptation is the recent development in prospective motion tracking [181].
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In its basic form, real-time slice-following is used to shift the imaging slice for each data
segment according to the respiratory position, as determined by the preceding navigator
echoes [130,160,182]. In coronary imaging, it has been shown that the superior-inferior (SI)
motion of the coronary artery origin, relative to that of the diaphragm, is linear with that of
the RCA origin, being on average approximately 0.6 times that of the diaphragm [156].
Tracking is consequently frequently implemented with a fixed correction factor of 0.6
[183,184], despite evidence that there is considerable variability between subjects
[156,183,185,186]. The alternative is to implement subject-specific SI correction factors
calculated as the shift in the position of the origin of the artery of interest between small
inspiratory and expiratory breath-hold acquisitions relative to that of the diaphragm, as
measured by interleaved navigator echoes or by direct imaging [187]. Anterior-posterior
motion of the arteries is currently either ignored or assumed to be a fixed percentage (20%)
of that occurring in the SI direction [156]. In most studies, left-right motion is assumed to be
negligible. It has been recognised that due to a failure of the linear model, or due to the use
of inaccurate correction factors relating the motion of the artery to that of the diaphragm,
many of the existing techniques for adaptive tracking only permit modest increases in

navigator window width.

The effectiveness of the adaptive motion correction method is therefore limited by the
presence of structures with motion characteristics different from that of the coronary artery.
To avoid these problems and make prospective tracking more practical, a locally focused
imaging technique has been proposed which uses elaborated RF pulses to excite only the 3D
volume of interest [130,160,185]. Since only the volume of interest is excited and imaged,
respiratory synchronised uniform motion of the coronary artery and its surrounding vessels
can be assumed. An adaptation of the reduced FOV method described in Chapter 3 caters for
cyclic motion [188]. This is achieved by using navigators to consider the motion occurring
outside of the reduced FOV but within the full imaging FOV. Prior to the scan, static
reference data is acquired over a number of cyclic motions to build up a set of reference data
for multiple positions. During the reconstruction stage, dynamic data is supplemented by the
reference scan information that is most suitable to the current dynamic data based on the

navigator measurement.

4.4.3 Phase encode reordering

Fourier imaging techniques are particularly sensitive to motion, which may occur due to
physiological function such as cardiac contraction, respiratory motion or direct patient
movement on the couch. Phase encode reordering has been proposed to maximise the scan

efficiency by considering the information content of the k-space data and avoiding sharp
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variations between adjacent k-space encoding steps. Traditionally, Cartesian phase encode
sampling schemes operate by acquiring line-by-line from the bottom end of k-space to the
top. With phase encode reordering schemes, respiration is monitored and an attempt is made
to acquire lines of k-space with a shallow phase gradient between encoding steps, due to
minimal respiratory movement between steps. The advantage of these techniques is that, in
contrast to respiratory gating methods [174], usable data is acquired during each of the

acquisition steps.

The first of these phase encoding algorithms is known as Respiratory Ordered Phase
Encoding (ROPE) [189]. This method reorders the acquisition of k-space lines so as one
extreme of phase encoding points in k-space represents end expiration and the other extreme
end-inspiration with intermediate points smoothly varying in between. Through statistical
analysis of the respiratory positions measured prior to the scan ROPE can effectively acquire
phase encode lines to follow the required pattern. A development of this known as Centrally
Ordered Phase Encoding (COPE) [190,191], which aims to acquire the central lines of k-
space during full expiration, to minimise motion during the acquisition of the low frequency
image information. For this method, no prior knowledge of respiratory pattern need be
acquired during a pre-scan, as displacements towards end inspiration are arranged
proportionally through the outer k-space in a symmetrical manner. This has the advantage of
robustness against changes in breathing patterns, which even when small can introduce
significant error. The incorrect mapping of phase encoding lines, that occurs when the
probability profiles change, is the most common problem in phase-reordering algorithms.
One further technique known as Hybrid Ordering of Phase Encoding (HOPE) {192]
combines the two previous techniques mapping the most frequent respiratory positions to the
centre of k-space (whether that is at end expiration or not) and attempts to obtain a smooth
distribution either side for the outer regions of k-space. This technique is found to be the
most adaptable to real breathing patterns and can be further improved if the mapping

function is continually updated during the acquisition.

These techniques have been shown to improve image quality over conventional methods,
and in combination with a navigator acceptance window allow for larger acceptance
windows without sacrificing image quality. The methods, however, are still susceptible to
changes in breathing patterns reducing the efficiency of the respiratory window. Phase
ordering with Automatic Window Selection (PAWS) [193] is a navigator acceptance
technique which requires no prior knowledge as the acceptance window is not pre defined. k-
space is split into three bins and the first navigator reading determines the O point for

acquisition of data. From there, data is collected to fill one of the three bins at each
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acquisition. Each respiratory position is associated with acquisition for one of the three bins,
and the selection of this is rotated through the range of respiration. Given a navigator reading
associated with one of the two outer bins data is collected from the outer edge moving
towards the middle, while acquisition for the central bin works from the centre in the
direction which would prospectively result in the earliest completion of k-space based on the
data already at neighbouring respiratory positions. At termination, three neighbouring
respiratory bins complete k-space, with uniform respiratory position during acquisition of the
central region of k-space, and at most a jump of 2 steps for either of the outer regions of k-
space. This method is resilient to changes in breathing patterns, requires no prior information
or interaction from the operator and allows data acquired in the presence of respiratory

motion to be acquired in the shortest possible time.

4.4.4 Adaptive respiratory gating

Similar to phase encode reordering algorithms, adaptive respiratory gating techniques
combine traditional respiratory gating to localise the acquisition window to a narrow
respiratory range with advanced algorithms for the determination of the gating threshold
function [194]. This allows for variation of the gating threshold for different phase encoding
steps with a narrower range of acceptable motion where most detrimental to image quality,

and broader ranges of motion in less significant regions of k-space.

In Chapter 3, a locally focused imaging technique with RF excitation was described for
coronary imaging [130]. The use of prospective gating significantly reduced the artefact
from respiratory motion. Due to the large respiratory gating window (~5 mm) required to
achieve acceptable scan efficiency, respiratory motion makes a large contribution to the error
in the measured data. From Equation (3.3) of Page 73 the error introduced into v,, can be

represented as:

av, = Y[R R)'R* ], Afiak, ) 1)

ie{L}

where Af (iAky) is the error caused by noise and respiratory motion. By attempting to
minimise the sum of these errors we can derive a weighting to represent the relative
contribution that errors in each of the L measured k, steps make to the estimated phase
encode signals. This then permits an adaptive respiratory window to optimise the scan
efficiency for each measured phase encode signal. The recorded diaphragmatic position for
each phase encoding step was then used as a weighting function for performing a weighted

least mean squares estimate of v,, by adapting Equation (4.1) as:
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v = Z[(R*WR)"R*WL, fliak,) 4.2)

ie{L}

where Wis a LxL real positive diagonal matrix and

|pi ~ Pres
P max

vvﬁ =1 ___ﬁ 4.3)

In Equation (4.3) B is a weighting parameter and p,, P.s and p.,. represent the
associated diaphragm displacement, the user defined reference position and the maximum
allowed value, respectively. This method allowed for optimally efficient navigator
acceptance windows for acquired phase encode lines. This is demonstrated on a phantom
study in Figure 4-6 where the use of locally focused encoding and adaptive respiratory
gating (b) significantly improves the result over full phase encoding with conventional
respiratory gating, while also reducing the scan time. By increasing the scan time in (b) and
reducing the available respiratory window, further improvement is made to the resulting
reconstruction shown in (c). With this scheme, it has been demonstrated that it is possible to
achieve an overall scan efficiency of 90% without sacrificing the image quality, compared to
the 60% that is achievable using the conventional approaches [130]. For the phantom study a
3D database was created, by translating the phantom along the imaging y axis within the
range of 8 mm in 1 mm intervals. A 3D zonal echoplanar data set was acquired at each

position with all raw k-space data indexed and stored.
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(a)

sition time = 328 s

(b)

(c)

acquisition time = 328 s

Figure 4-6 A phantom evaluation of locally focused encoding and adaptive respiratory gating. (a)
conventional respiratory gating with full phase encoding, (b) adaptive respiratory gating with locally
focused encoding reducing the imaging time, and (c) as with (b) but with an increase in imaging time
from 238 s to 328 s. With permission from Yang et al [130].
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4.5 Motion decoupling and image registration

4.5.1 Motion correction in first pass myocardial perfusion MRI

Thus far, the use of breath holds is common in first pass myocardial perfusion imaging.
Although useful, the length of the breath hold is often in excess of what a patient can reliably
sustain and along with upward creep effects discussed earlier can be a source of error in later
analysis. Additionally, when the breath hold fails the motion is often large as the patient
recovers their breath, in excess of normal free breathing. The use of respiratory gating in
conjunction with cardiac gating creates problems, as the frequencies of the two cyclic
motions do not coincide resulting in infrequent imaging windows unlikely to coincide at
critical points in the passage of contrast agent such as the up-slope of the blood pool and
myocardium. Manual correction of image motion and similarly frame-by-frame manual
delineation of ROI’s, are current but labour intensive means of providing accurate signal
time curves. A typical myocardial perfusion study can amount to over 100 images with both
rest and stress images being considered. This creates a lengthy task for the analysis of the
data and is likely to be a hindrance for the further advancement and clinical acceptance of
quantitative analysis for MR myocardial perfusion studies. Automatic contour detection for
registration and delineation is troublesome due to relative and absolute signal intensity
variations between ventricles, myocardium and surrounding anatomy. The use of image

registration can simplify the contour delineation process.

4.5.2 Post processing and image registration

The registration of cardiac images is a complex problem due to the deformable nature of the
heart. The heart is a non-rigid structure that can be compressed and deformed through a
combination of contraction and external forces due to respiration. In addition, surrounding
visceral structures exhibit different forms of displacement and deformation. While rigid
translation and global affine transformations can help correct for a large amount of cardiac
displacement, they cope poorly with the deformation of the heart structure that can
commonly occur due to respiration. In addition, the registration of images can be
advantageous to cross modality complimentary assessments of cardiac structure and
function. The effect of motion and deformation of the heart on subsequent signal time curve
analysis is shown in Figure 4-7. Following registration, the point remains located in the

myocardium, thus providing an accurate representation of regional myocardial perfusion.

In post processing any remaining motion following the image acquisition procedure may be

resolved. This is often carried out at a separate location to the scanning, as it is not reliant on
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any real time collaboration with the scanning procedure. When describing image registration,
the terms ‘reference image’ and ‘transform image’ are often used. The reference image is the
model on which the registration is based. The transform image is then translated and rotated
and deformed to undergo a transformation so that it is aligned to the reference image. Image
registration is an extensively researched area in image processing and has often been applied
to a variety of applications. The methods involved in image registration can be divided into

two main categories, based on geometric image features, and voxel similarities respectively.

Before Registration After Registration

MD=26.372826.x=139 y=140 MD=8.270395 x=139 y=140

ail

Figure 4-7 The effect of in-plane motion on the resulting intensity time curves. Prior to registration,
the signal time curve from the selected point shows significant variation through time moving from
the blood pool to the myocardium, the cyclic nature of which is primarily due to respiratory motion.
After registration the same pixel is located within the myocardium throughout the sequence. This
produces a much smoother intensity time curve giving a more accurate measurement of the required
myocardial tissue.

Geometric feature based image registration

Registration using this method aims to align geometrically defined features within the
transform image to corresponding features within the reference image. This includes edge
and ridge based methods, and the alignment of known anatomical points. A shape-based
method has been used on MR myocardial perfusion images by using the border of the LV
and RV as well as the pericardium [195]. In addition, an active contours method with the
myocardium defined in polar coordinates has been demonstrated [196]. Problems with such a
system are significant. The methods are reliant on accurate localisation of features, the edges
of which must be present throughout the sequence, which may not always be the case with
the dynamic passage of the contrast agent. Perfusion defects may lead to new edges being

created during critical periods of the first pass of contrast agent.
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Voxel based image registration

For myocardial perfusion imaging, our aim is to align all images to a common model. This
implies choosing a single reference image for the registration process. Due to the nature of
the image acquisition, the most suitable image chosen as the reference image is the final one

from the series. This is due to better contrast and enhancement than the initial frames.

The types of transformation applied can then be separated into rigid and affine

transformations, and free form or fluid deformations.

Rigid and affine deformation

A rigid transformation is a transformation that preserves the distance between any two points
within an image. A rigid transformation can be expressed as the combination of rotation,
translation and reflection. This can effectively represent bulk motion of the imaged object

although is unable to represent deformation of the image to be aligned.

An affine transformation results in coordinates which are a linear function of the original

coordinates x and y. The general 2D affine transformation can be written as:

T(x,y)= R + O 4.4)
0, O, \y 0,

where the coefficients @ parameterise the 6 degrees of freedom of the transformation. Affine
transformations have the general property that parallel lines are transformed into parallel
lines. Examples of affine transformations are translation, rotation, scaling, reflection and
shear. The set of affine transformations can be expressed as a combination of these five

transformations.

Affine transformations are able to deal with more complex motion such as basic compression
or shear forces applied to a soft tissue structure such as the heart. A general affine
transformation alone has been shown to significantly improve the analysis of myocardial
perfusion {197]. Due to the non-uniformity of the structure of the heart, the exact

deformation that may occur cannot be fully represented using global affine transformations.

Free form deformation (FFD)

FFD registration is a method that allows for elastic or fluid transformations. While rigid or
affine transformations allow for misalignment due to changes in location or viewing angles,

they do not perform well when a change in shape has occurred between the reference and
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transformed image. This is particularly true when the object is of a soft deformable nature.
Free form transformations may be performed in a number of ways. The simplest method is to
use a combination of local rigid and affine transformations [198]. A refinement of this
performs the localised deformations using thin-plate splines for point-based elastic
registration [199]. Control points are chosen uniformly across the image to form a grid like
structure. The coordinates of these control points are then optimised so that the similarity

measure between the two images is maximised.

More recently, the use of B-splines [200] for describing a continuous FFD in non-rigid
image registration [201] has been investigated. B-splines are locally controlled, offering
computational advantages over thin-plate splines as the number of control points increases.

The approximating tensor product B-spline can be represented as:

ZZB ke ¢, e R .5)

i=l j=1

where B; and C are B-spline coefficients at control-points ¢ that minimise the sum of

squared errors Z"s u,)-x,|" . When cubic B-spines are used [202], matrix B becomes

B, (ul )Cl (vl) Bz(ul )C|(V1) Bm(ul )Cn(vl)

B= : : : (4.6)

B, (uzv )Cl (VN ) B, (uN )Cl (VN ) - B, (uN )Cn (vN )

The uniform B-spline coefficients are formulated using the following set of bases:

B =114y B == (=34’ +3u’ +3u +1)

4.7

3

|
0\I~O\l—*

=—(3u’ - 6u* +4) B"? =

O\I'—-

An example of image registration performed using B-splines is shown in Figure 4-8. The
control point displacement field is shown in image (c) which represents the motion from

image (a) to image (b). The resulting transformed image is shown in (d).
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Figure 4-8 Two frames from a short axis cardiac gated sequence. (a) is used as a reference to which
(b) is transformed. (c) shows the displacement of a 9x9 control point grid, overlaid on the reference
image. (d) is the deformed version of (b) by using the B-spline deformation field.

In performing pixel-based registration, the choice of similarity measure is critical to the
successful optimisation. There are two similarity measures most commonly used, these being

cross correlation and normalised mutual information.

Cross correlation

Cross correlation is an optimal measure for the similarity of two images given a linear
relationship between their intensities. The correlation coefficient is a normalised measure of
cross correlation, and is defined as the ratio between the covariance of the two images, and
the product of their respective standard deviations. For two images 7, and /, and transform 7,

applied to I, the correlation coefficient Cis defined as:

3 (1, y)= 1 (e y N, (T (e y)) = T, (T (x, )
o
Z(l.(x,y)—l_l (o )Y, (e y) -1, (T (x, y)))

x.y

(4.8)

where 1 represents the mean of the corresponding image.
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In general, the limitation of cross correlation as a similarity measure is the problems it has
dealing with cross modality images. In first pass myocardial perfusion studies images, great
variation in absolute and relative contrast and intensity need to be aligned, thus making cross

correlation type similarity measures unsuitable.

Mutual Information

Mutual information is a method based on information theory that has been successfully
applied to the alignment of MR images [203]. This is particularly useful when cross
correlation fails, as no constraints are placed on the dependence of pixels between images.
This has allowed the method to be applied in image alignment between different modalities
[204]. Mutual information measures the ability of the model to predict the image, rather than
making a pixel-by-pixel comparison, as is the case with cross correlation. The value of the
mutual information measure depends upon the entropy and joint entropy of two random
variables. In the case of image registration, these variables are the pixel intensities of the

images.

If we assume that pixels are discrete random variables, then entropy can be defined as a
measure of the randomness of the variables. Low entropy means that the average probability
over the support set for given random variables is low. The entropy H of the discrete

random variables X , can be defined as:

H(X)= —Z;, p{x}iog(p{x}) (4.9)

Joint entropy can be used to measure alignment or similarity. Two identical samples will

have lower joint entropy when aligned than when misaligned. Two constant regions will also
have low joint entropy, which is not desirable. The joint entropy H (X ,Y) of the discrete

random variables X ,Y, can be defined as:

H(X.Y)==33 p{x.yhog(p{x.y}) (4.10)

xeX yeY

While joint entropy may be used as a similarity measure, it does have limitations. This is due
to its representation of two constant regions. If joint entropy alone were used as a similarity
metric the registration may converge to a point where the background has been transformed
so as to cover the whole image. In the majority of registration problems, this seriously

reduces the stability of the procedure. To avoid this, we use mutual information. The mutual
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information / of images M and N based on pixel values m and n with discrete density

p is:

1M,N)=Y3 plm,n}log plm,n} @.11)

S5 p{m}pin}

By maximising mutual information we minimise the information in the combined images
with respect to that present in the two component images. Therefore we aim to have a large
amount of information in the individual images while having little extra information in the
combined images. So the mutual information can be viewed as a measure of the

independence of the two variables M and N .

1 (M N ) can also be written as:

IM,N)=H(X)+H({Y)-H(X,Y) (4.12)
1(M,N)=H(x)-H(x|r) 4.13)
I(M,N)=H(r)-H(Y|X) (4.14)

where the conditional entropy H (N M ) is defined as:

H(NM)= —"Z:,M; plm. nhog(plnm}) (.15)

The normalised mutual information [205] of the two images M and N based on their

entropy H , and joint entropy H (M ,N ) can then be defined as:

H(M)+H(N)

4.16)
H(M,N)

H(M,N)=
This differs from standard mutual information as it considers the amount of mutual
information with respect to the information provided by the individual images. This favours
transformations that maximise the proportion of information shared between the images,
rather than favouring transformations that result in high marginal entropies of the two

images.
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Reference image Transform image Overlay image Joint probability distribution
p(Ref) ———-

- (v4g)d

Before registration

p(Ref) —

- (v4])d

After registration

Figure 4-9 A comparison of the probability distribution of two images both before and after
registration. A green (reference) and magenta (transform) overlay shows the difference between the
two images. The joint probability distribution is plotted for each intensity within the image.

Figure 4-9 shows the result of free form 2D image registration. The reference image is fixed
and the transform image undergoes a FFD to minimise a normalised mutual information
function. The green magenta overlay shows the initial mis-registration and the result after the
transformation. The two separate intensity images (the reference image being in green and
the transform image in magenta) are combined through summation, where the equal
combination of the two colours produces grey as shown in the myocardium after registration.
The resulting magenta colour of the blood pool is due to the relative difference in contrast of
the blood pool between the reference and transform image due to the high concentration of
the contrast agent within the blood pool at the time of the acquisition of the transform image.
The joint probability distribution represents the corresponding pixel intensities in the
reference and transform image, with the joint probability of a pixel in the reference image
having the intensity p(Ref) and the intensity p(7ra) in the transform image. If the two images
are identical, the probability distribution would be a single diagonal line, in terms of mutual
information the more compact the joint probability distribution the less information required

to describe the relationship between the two images, i.e. the more similar they are.

The choice of optimisation scheme for the corresponding similarity measure as well as the
smoothness constraint placed on the transformation, are important in both achieving the
desired result as well as limiting the computation burden. This can be carried out with multi-
resolution approaches where initially low-resolution images are used to perform coarse

global optimisation before iteratively refining the resolution and the detail of the
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transformation. Rigid registration is more reliable and precise while non-rigid registration
provides more accurate results, but is more susceptible to error and computationally
expensive. Rigid registration relies on a larger region of the image to obtain a similarity
measure, while the non-rigid approach uses a smailer region so is more susceptible to noise
and changes between the reference and transform image, other than motion. With careful
application, non-rigid free form registration is able to align myocardial perfusion images

suitable for automatic analysis of the perfusion indices.

4.6 Adaptive slice tracking for perfusion imaging

To demonstrate the effect of cardiac motion on multi-slice perfusion imaging, we show in
this section the amount of mis-registration introduced by the use of MR tissue tagging. As
mentioned previously, in 3D myocardial perfusion imaging, a complete volumetric data set
has to be acquired for each cardiac cycle, and this can result in 50-100 such 3D data sets for
studying the first pass of the contrast bolus. To ensure a comprehensive coverage of the
myocardium and reasonably high resolution of the images, a typical data acquisition window
of 100-200 ms per slice, and thus the overall acquisition time of more than 600 ms, is
required for each cardiac cycle to cover the entire volume of the LV. When using multi-slice
imaging, cardiac motion during this large acquisition window can cause the myocardium
captured in different image planes to be mis-registered, i.e., some part of the myocardium
may be imaged more than twice whereas other parts may be missed out completely. This
type of mis-registration is difficult to correct for by using post-processing techniques. We
show here how to use online slice tracking to alter the location of each imaging plane such
that it always follows the same tissue of the myocardium throughout the perfusion imaging

period.

Prior to perfusion imaging, a tagging sequence is used to highlight the short axis through
plane motion of the heart. This consists of a Vertical Long Axis (VLA) and Horizontal Long
Axis (HLA) tagged cine sequence within a single heartbeat, with the tag lines cutting
through the short axis of the LV. An example of the tagged cine sequences with imaging
planes overlaid is shown in Figure 4-10. The tags within these two cines are tracked
throughout the cardiac cycle and a plane is fitted with least-mean-squares errors to the HLA
and VLA short axis tag locations. The exact orientation of particular short axis planes within
the myocardium is now known. Following from this, a standard multi-slice perfusion
sequence is applied, which automatically adjusts the location and orientation of the imaging
plane according to different trigger delays. The method assumes that the rate and extent of

contraction of the LV is consistent between the motion tagging scan and subsequent
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perfusion imaging. The above procedures ensure that the through plane motion of the heart is
captured during imaging. The decoupled in-plane motion can then be corrected for by using

free-form 2D image registration techniques.

Images used for this study were obtained using a Siemens Sonata (1.5 73 200 7/m/s; 40
mT/m) and a four-element phased-array receiver coil. The HLA and VLA tagged cine images
were obtained in the same 16 cardiac cycle end-expiratory breath-hold, using segmented
FLASH imaging. In each cardiac cycle, a multi-planar (“comb™) saturation pulse was applied
after the R-wave to tag three short-axis 2 mm slices with 15 mm gaps, followed by
acquisition of the cine phases to image the moving tags, using a low flip-angle to minimise
disruption of M,. The cine phases were timed to cover central k-space at the same delay
times after the R-wave as the slices of the perfusion sequence. The perfusion sequence was a
3-slice single-shot FISP sequence, obtaining an image every 156 ms starting at the R-wave
trigger, and was obtained at end-expiration. For validating the motion tracking, no contrast
agent was administered to the subjects, and therefore the magnetisation preparation (a
saturation pulse) was switched off. Five asymptomatic subjects aged 24.4+7.3 were recruited

for validating the proposed technique with informed consent.

Phase 1 Phase 2 Phase 3

Vertical
Long Axis
(VLA)

Horizontal .
Long Axis
(HLA)

Figure 4-10 Schematic illustration of the basic procedures used for prospective tracking of through
plane cardiac motion. Cine myocardial tagging is performed on both the VLA and HLA of the LV
from which the positions of the tracking planes are derived. Shown on the above diagram we see the
locations of the planes both before (dark) and after (light) the relocation due to the results of the
tracking. Large displacement can be seen, particularly during phase 2 of the three-phase cine

sequence.

As a comparison, the area of the myocardium of the LV was measured, with and without

motion tracking, for each short axis slice of the five subjects studied. The three short axis
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slices were taken within the same cardiac cycle, with the most apical slice acquired first and

the most basal slice last. The bar chart in Figure 4-11 indicates the absolute differences in

- . 2 . s s
measured regional errors in mm” without motion tracking.

Absolute difference in measured regional error

300

error (mm 2)

n
(=3
o

100

apical lower mid ventricular upper mid ventricular

Figure 4-11 The absolute difference in measured regional error of three slices acquired during one
cardiac cycle for five subjects. The apical slice was acquired first within the cardiac cycle and the
basal slice last. The resulting error without motion tracking is shown and is generally greatest during
the mid phase of the cardiac cycle.

Figure 4-12 demonstrates the effectiveness of the slice tracking procedure. A special test
pulse sequence is used. Which through the subtraction of the two images, one acquired at
phase 1 and the other during phase 2 and 3 with the application of a saturation band in the
imaged plane at the start of each cardiac cycle, is able to visualise the error in slice
alignment. A nulled image subtracted from a positive image produces a positive image, if the
slices are misaligned the saturated plane moves out of the imaging plane and a positive
image is subtracted from a positive image producing no signal. The two subjects show the
misalignment caused due to cardiac contraction that is generally at its greatest in phase 2.
With the tracking procedure applied, phase 2 clearly shows the correct slice of myocardial
tissue being shown, although due to the shift in the image plane the surrounding tissue is no
longer visible. The first subject clearly shows a rotation in the heart with the septal wall and
RV moving through the imaged plane, whereas the second subject shows the whole plane

shifting, particularly in phase 2.

Figure 4-13 shows an example of the effect of cardiac contraction on the imaging of multi-
slice short axis planes. Image (a) shows three tags across the VLA of the LV, and (b) shows
their deformation after 202 ms. Without motion tracking, the most basal imaging slice
erroneously enters into the left atrium, as shown in (c). By using the proposed tracking

technique, the correct short axis plane, as shown in image (d), is captured.
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phase 2 phase 3

untracked

tracked

untracked

tracked

Figure 4-12 Using a special test pulse sequence shows the effectiveness of slice tracking for two
subjects above. Signals form the myocardium should remain uniform and enhanced if the imaging
planes are accurately tracked over time. This can clearly be seen for the tracked sequence while on the
untracked the correct tissue is not imaged during phase 2 and 3.
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Figure 4-13 An example of the effect of cardiac contraction on the imaging of multi-slice short axis
planes. Image (a) shows three tags across the VLA of the LV, and (b) shows their deformation after
202 ms. The most basal of the three slices is shown after 202 ms without tracking (c) and with tracking

(d).

Motion tracking is important for 3D myocardial perfusion imaging. The use of slice tracking
ensures regional contrast uptake variations are followed accurately over time. The current
study indicates the gross error introduced if cardiac motion is ignored during the large
acquisition window normally required in 3D perfusion imaging. Work in progress includes
the incorporation of online correction of respiratory motion induced cardiac deformation by
using subject specific motion calibration and real-time diaphragm navigator echoes, and
assessing the relative significance of cardiac and respiratory motion induced errors to

subsequent myocardial perfusion quantification.

4.7 Conclusions

In this chapter, we have discussed the basic patterns of respiratory motion and different
methods that have been developed in linking k-space acquisition with respiratory dynamics.
Techniques such as ROPE, COPE, and HOPE make use of k-space re-ordering to minimise
motion artefact introduced due to motion discontinuities between adjacent k-space encoding
steps. This in effect, turns high frequency artefact into local blurring of the imaging

structure, which makes it much more acceptable for clinical examinations.
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Traditionally, techniques based on navigator echoes follow the assumption that there is a
linear or near linear relationship between the navigator trace and the movement of the
visceral structure. Although positioning the navigator carefully through the dome of the
diaphragm ensures good reproducibility of the technique, further studies have shown that for
many subjects a single navigator echo may not be able to predict the expected cardiac
deformation. This has motivated extensive research in the use of multiple navigators for
coronary imaging [206,207]. These methods generally use three navigator echoes placed on
the diaphragm and also on the walls of the heart. An implementation using a diminishing
variance algorithm that effectively acts as an adaptive gating procedure has been proposed
[206]. More recently principal components analysis has been applied to multiple navigators

for predictive affine motion modelling of the coronaries [207].

In this chapter, we have presented an adaptive slice tracking method for adjusting the
imaging plane dependent on the time past the ECG trigger. While this currently accounts
only for cardiac contractile motion during breath hold, cardiac and respiratory tracking
methods can be combined so as the scanner images the same slice of the myocardium
through the series. This will significantly reduce the through plane motion due to cardiac
contraction and respiratory motion, and may be able to reduce much of the in plane motion
during the acquisition stage. The method while potentially effective is based on a uniform
pattern of motion due to heart contraction and respiratory motion. This is not always the case
during the actual scans. The breathing may be performed with more emphasis on the
diaphragm or the rib cage, and the interaction between the cardiac and respiratory motion is
not necessarily straightforward. Due to this further free form registration is required after the

images have been acquired to account for localised deformation.
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Chapter S : Predictive Motion Modelling

5.1 Introduction

In Chapter 4, we have outlined key technical issues related to cardiac and respiratory motion
for myocardial perfusion imaging. The management of inconsistent physiological motion is
one of the major considerations of high-resolution cardiac imaging. For different imaging
modalities, the effect of patient motion and its associated artefacts are well recognised. In
general, patient motion can be grouped into voluntary and involuntary motions. Voluntary
motion includes unpredictable movements of the patient during data acquisition, which can
be avoided with patient cooperation, improved couch design, or certain levels of straining.
Involuntary motion, on the other hand, involves movements of the organs such as those due
to cardiac and respiratory motion. It also includes motion that is induced by physiological
loadings such as stress or exercise. For example, it is well known that during exercise the
heart is displaced inferiorly against the diaphragm as the thorax expands, whereas during
recovery the heart starts to "creep” back up into the thorax. This is called upward creep
[167]. In practice, if the involuntary motion is cyclic, motion artefact can be eliminated
through the use of effective gating. Acyclic motion, however, remains a major challenge to
current imaging techniques. In SPECT, the effect of upward creep can lead to artefact
manifesting as reversible defects in the infero-septal wall, and is often coupled with other
image degrading factors such as attenuation, collimator-detector blurring and scatter [167].
For Intensity Modulated Radiation Therapy, a promising tool for dose escalation in the
management of mobile thoracic and abdominal lesions, respiration-induced organ motion

may greatly degrade the effectiveness and efficiency of the treatment [208-210]. Respiratory
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induced cardiac deformation is also one of the main limiting factors for PET and 3D echo-
cardiography [168-170].

In cardiovascular MR, the effective management of acyclic motion due to respiration is
driven by the ongoing demand for the assessment of cardiovascular anatomy and function
with higher image resolution, particularly for examining vessel walls and small coronary
arteries. Despite considerable advances in MR techniques over the last 10 years, imaging of
the coronary arteries remains a technically challenging task, primarily due to the small size
and tortuous pathways of the arteries coupled with complex cardiac and respiratory motions
[211,212]. Whilst the effects of cardiac motion may be dealt with by acquiring data at mid-
diastole when the heart is relatively stationary, respiratory motion is more difficult to control.
Figure 5-1 depicts the extent of respiratory induced motion as measured from the three axes
of the LV. The options available are to either acquire the data during a period of suspended
breathing [171], or perform data acquisition during free breathing but with respiratory gating
[154,174]. Although the former effectively freezes respiration, the need to limit the duration
of data acquisition to that of a comfortable breath-holding period imposes significant
limitations on the image quality obtainable both in terms of spatial temporal resolution and
the SNR. The method also requires a certain level of patient co-operation that may not
always be forthcoming, either due to illness or anxiety. The alternative technique of
respiratory gating [154,174] requires the monitoring of respiratory patterns. Navigator
echoes are an MR technique for acquiring signal from a column of material running
perpendicular to the motion with the use of a readout gradient along its length [157]. Basic
processing of the received signal enables the position of the moving edge to be determined.
If the navigator echoes are interleaved with the imaging sequence, prospective decisions may
be made either to retain or to discard the data acquired. This removes the need for patient co-
operation but since imaging is now only performed during a small part of the respiratory
cycle, the scan efficiency is considerably reduced. Although increasing the navigator
acceptance window width increases the scan efficiency, this is at the expense of allowing
data acquisition over a greater range of respiratory motion and is therefore to the detriment

of image quality.

The strength and flexibility of CMR in providing in situ respiratory motion measurements
has permitted the development of a number of more advanced techniques for adapting k-
space data acquisition with different levels of respiratory induced motion. Phase encode
reordering has been proposed to maximise the scan efficiency by considering the information
content of the k-space data and avoiding sharp variations between adjacent k-space encoding

steps [189,192,194]. All of these methods require online processing of the navigator signals
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and prospective adjustments of the phase encoding steps. This is made possible through
recent advances in MR imaging hardware and computer architecture design. The use of
phase encode reordering allows data acquisition even in the presence of larger cardiac
deformation; therefore with less data being thrown away, greater scan efficiency can be

achieved.

volume A volume B myocardium

short axis

HLA

Figure 5-1 An example of the extent of respiratory induced cardiac motion. Three views of the heart
are shown along three orthogonal axes. For each view (Volume A) is end-expiration and (Volume B)
is end-inspiration at the same stage of the cardiac cycle. Also shown is the location of the myocardium
at the two extremes (Myocardium). Large translation and deformation of the shape of the LV is
observed. This displacement can be as much as 15mm.

A further drive in CMR towards enhanced spatial resolution and scan efficiency with
improved motion adaptation is the recent development in prospective motion tracking [181].
In its simplest form, real-time slice following is used to shift the imaging slice for each data
segment according to the respiratory position, as determined by the preceding navigator
echoes [130,160,182]. The accuracy of this technique is critically dependent on the accuracy

of the navigator echo to predict the cardiac motion. Furthermore, for this approach to be
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practical some major issues have to be considered. In 2D conventional imaging techniques,
the size of the object or the effective response area of the RF coils governs the FOV. Under
common image orientations, static and mobile visceral structures are both present. If the
algorithm is designed to correct global rigid motion, then the static object will be portrayed
as if it were moving synchronously with the mobile object, and thus may introduce ‘pseudo
motion’ artefacts. This situation is more complicated when non-uniform motion of the
objects within the FOV occurs, which is true for the case of coronary imaging. The
effectiveness of the adaptive motion correction method is therefore limited by the presence
of structures with motion characteristics different from that of the coronary artery. To avoid
these problems and make prospective tracking more practical, a locally focussed imaging
technique has been proposed which uses elaborated RF pulses to excite only the 3D volume
of interest [130,182,185]. Since only the volume of interest is excited and imaged,
respiratory synchronised uniform motion of the coronary artery and its surrounding vessels
can be assumed. With this scheme, it has been demonstrated that it is possible to achieve an
overall scan efficiency (percentage of acquired data which is suitable for image
reconstruction) of 90% without sacrificing the image quality, compared to the 60% that is

achievable using the conventional approaches [182].

Although imaging with real-time tracking and adaptation has shown great promise in a
number of clinical applications, existing research has shown that reliable motion prediction
is the key to the success of the imaging result. The implementation of adaptive tracking over
such a large range of motion requires an accurate understanding of the intrinsic relationship
between the motion of the target anatomical structure and respiration. In coronary imaging, it
has been shown that the superior-inferior (SI) motion of the coronary artery origin, relative
to that of the diaphragm, is linear with that of the RCA origin, being on average
approximately 0.6 times that of the diaphragm [156). Tracking is consequently frequently
implemented with a fixed correction factor of 0.6 [183,184], despite evidence that there is
considerable variability between subjects [156,183,184,186]. The alternative is to implement
subject-specific SI correction factors calculated as the shift in the position of the origin of the
artery of interest between small inspiratory and expiratory breath-hold acquisitions relative
to that of the diaphragm, as measured by interleaved navigator echoes or by direct imaging
[187]. Anterior-posterior motion of the arteries is currently either ignored or assumed to be a
fixed percentage (20%) of that occurring in the SI direction [156]. In most studies, left-right
motion is assumed to be negligible. It has been recognised that due to a failure of the linear
model, or to the use of inaccurate correction factors relating the motion of the artery to that
of the diaphragm, many of the existing techniques for adaptive tracking only permit modest

increases in acceptable respiratory range.
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The improvement of MR hardware has allowed rapid imaging of the entire cardiac structure
with much reduced imaging time. This permits a more detailed assessment of the effect of
cardiac motion and deformation in response to respiratory motion. Recent studies have
confirmed the significance of inter-subject variability and the need for in situ subject specific
motion modelling [153,213]. A prospective translational motion correction method based on
image registration of 3D respiratory motion data has been used to derive more accurate and
subject specific motion tracking for coronary imaging [153]. The use of diaphragmatic
navigators is now a popular choice for coronary imaging and the adaptation of coordinated
multiple navigator tracers is an ongoing research topic [206,207]. The quest for higher image
resolution as required for vessel wall imaging has called for more sensitive real-time motion
measurement techniques to be explored. In CMR, researchers are investigating the use of
complementary MR-compatible sensing methods to perform real-time measurements of
surface distortions due to respiration. The strength of these techniques is that they do not
require the interleaved acquisition of navigators, and thus significantly simplify the pulse
sequence design. Furthermore, it makes the technique easily transportable to other imaging
modalities. The problem with these methods, however, is that surface measured signals are
strongly coupled with each other but poorly correlated with respiratory induced cardiac
deformation. Numerically, this can create significant problems for recovering the inherent
model that explains the causality between respiratory motion and surface deformations. The
purpose of this chapter is to present a new technique of predictive cardiac motion modelling
and correction based on Partial Least Squares Regression (PLSR). PLSR is a recent
technique that generalises and combines features from principal component analysis and
multiple regression. It originated in Social Sciences and became popular in Chemometrics
[214]. Its ability to extract correlation between input and output data that is itself highly
collinear, allows it to deal with problems that would be inappropriate for multi linear or
principal components regression. In imaging, it has also been used for analysing spatial

patterns of functional brain images [215].

In Appendix B a predictive motion modelling technique using PLSR for 2D CMR
myocardial perfusion imaging is presented and is based on previous investigations into this
work. The predictive motion modelling method described in this chapter is designed for
extracting intrinsic relationships between 3D cardiac deformation due to respiration and
multiple 1D real time measurable surface intensity traces. By using reconstructed 3D image
data sets, detailed numerical issues related to the technique are discussed and the
effectiveness of the method is validated with data acquired from ten asymptomatic subjects

using motion modelling for the entire respiratory range.
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5.2 Materials and methods

The basic principle of the proposed method is shown in Figure 5-2, which outlines the key
steps involved. The initial subject specific modelling of cardiac deformation involves 2D/3D
imaging of the anatomical structure combined with in situ real-time measurable inputs.
Registration based on FFD or finite element modelling can be used to recover the underlying
spatio-temporal deformation of the anatomical structure. The causality between tissue
deformation and real-time measurable signals, such as surface deformations, is then
extracted through the use of PLSR. At the prediction stage, real-time measurable inputs are
used to predict cardiac deformations without the need for further 2D/3D imaging so that

adaptive imaging can be performed in real-time to track the anatomical regions of interest.

Imaging
(2D, 3D spatio-temporal)

Real-time measurable
inputs

FFD Registration
FE Modelling

/

Motion Prediction |

/

Intrinsic motion
sensitivity modeliing of
the imaging process

Imaging with
real-time tracking
and adaptation

A

Figure 5-2 A diagrammatic representation of the proposed predictive motion modelling scheme.
Initial 2D/3D imaging is used along with real-time measurable inputs to create a motion model that
can be used as the input to the imaging system for achieving real-time motion adaptation.

5.2.1 Deformation recovery with 3D free-form image registration

To recover cardiac deformation and establish its intrinsic correlation with real-time
measurable surface signals, 3D image volumes depicting different stages of the cardiac
deformation due to respiration are used. The extraction of 3D deformation vectors was
performed by using the free-form image registration method [201] as described in Chapter 4.
With this technique, a hierarchical transformation model of soft tissue deformation is
employed, in which the global motion of the heart is modelled by an affine transformation
whereas local deformation is described by free-form deformation based on B-splines. The
normalised mutual information [205] was used as a voxel-based similarity measure and
registration was achieved by minimising a cost function that encapsulates contributions

associated with both the smoothness of the transformation and the overall image similarity.
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To ensure a good optimisation performance, the algorithm worked by decoupling global and
local motion such that only the affine transformation parameters are optimised initially. This
was then followed by optimising the non-affine transformation parameters at increasing
levels of resolution of the control point mesh. For this study, no manual delineation of the
cardiac border was performed on the 3D volume. To reduce the image registration time,
however, the 3D volume is manually trimmed to a rectangle containing the heart at the full
range of respiratory positions. The final number of control points used was 9x9x9 to cover
the image volume, which gives the total degrees-of-freedom of 2187. With this registration
approach, the deformation of each volume in relation to a selected reference volume was
characterised by the movement of control vertices of the B-splines, the associated 729 3D
vectors were used for the PLSR algorithm to determine their intrinsic relationship with real-

time measurable signals associated with different levels of respiratory motion.

5.2.2 Predictive motion modelling and PLSR

The traditional approach of using navigator echoes only involves a single navigator trace and
the prediction of cardiac deformation in this case can be achieved via simple correlation.
Simple regression can be described as the relation between selected values of x and observed
values of y. With this relation, probable values of y may be predicted from the observed
value of x. For example linear regression may be represented in a form such as y=ax+b.
Linear multiple regression is an extension of this where the value of one dependent variable
may be predicted on the basis of two or more predictor variables e.g. y=ag+a;x;+a,x; ... ayx;.
The drawbacks of this method are that it only can only predict a single dependent variable,
and relies on the predictor variables being linearly independent. In order to predict two or
more dependent variables an extension of multiple regression sometimes called multivariate
regression may be used. If multiple traces are used and by assuming that the respiratory
motion components detected are linearly independent, multivariate regression may be used.
When multiple surface measurements are used, however, one can no longer guarantee that
these measurements are mutually independent. If X is assumed to be the surface
measurements at a given instant of the respiratory cycle (predictor) and Y to be the
respiratory induced cardiac motion (response), there will be a significant amount of
redundancies in both X and Y. This is because the FFD model used for deformation recovery
involves uniformly sampled control vertices and some of the vertices may be strongly
correlated depending on the cardiac structure being covered. Conversely, the placement of
surface measurements for real-time monitoring of respiratory motion is difficult to control

and redundancies are inevitable.
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The goal of PLSR is to predict Y from X and to describe their common structure. When X is
full rank, this can be accomplished by using ordinary Multi Linear Regression (MLR). In
practice, X is likely to be singular due to multi-collinearity of the predictors and the
regression approach is no longer feasible. To avoid this problem, one can either use step-
wise methods to eliminate some predictors or apply principal component analysis to the X
matrix to extract the principal components of X as regressors on Y. Although the
orthogonality of the principal components eliminates the multi-collinearity problem, the
issue of choosing an optimum subset of predictors remains. By contrast, PLSR regression
finds components from X that are also relevant for Y. Specifically, PLSR searches for a set
of components called latent vectors that perform a simultaneous decomposition of X and Y,
with the constraint that these components explain as much as possible of the covariance
between X and Y [216]. Figure 5-3 illustrates a sample data set similar in spirit to the one
used in [217] where 22 sample readings corresponding to input X with dimensions x, and x;

are used. The corresponding matrices are given by Equations (5.1) to (5.6) as shown below.

r-s -5 [ o]
-4 -4 4]
-3 -3 0
-2 -2 0
-1 -1 0

0 0 0
L1 0

2 2 0

3 3 0

4 4 0

x=| > 3 y=| ° 5.1

05 -05 -10
04 -04 ~8
03 -03 -6
02 -0.2 -4
0.1 -0.1 -2
0.0 0.0 0
-0.1 0.1 2
-0.2 0.2 4
-0.6 03 6
-04 04 8
[-05  05] 10

Equation (5.1) shows the two matrices used in Figure 5-3 with X representing the input data
and Y representing the response data. It is evident that the first 11 y samples are constant
although much variation is seen in the corresponding x samples. This variation in x is
therefore unrelated to the output y and can be considered as noise or interference. The

variation seen in the last 11 samples, however, is more closely related to the variation seen in

y.
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By performing Principal Components Analysis (PCA) on the X matrix, it transpires that the
principal modes of variation correspond to the diagonals of the plot of X shown in Figure
5-3. From the eigenvalues (Equation (5.5)) we see that the first principal component (the first
column in Equation (5.2)) accounts for 99% of the variation in X, but is useless for

predicting Y. A typical implementation of principal components regression would ignore the
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second PC (the second column in Equation (5.2)) because it only contributes 1% of the
variation in X. In contrast, PLSR evaluates XY (Equation (5.4)) to calculate the required
coefficients and the resulting XX"Y matrix (Equation (5.6)) is equivalent to the second
principal component of the PCA result. This is exactly what is needed for describing the

variationin Y.

10 .......................................

0
5 @ Primary mode of varistion of X'
O Secondary mode of variaion of X'

Figure 5-3 An example data set illustrating the basic concept of PLSR. The input data has two
variables x; and x; and these are plotted against the output variable y. The solid circles show the
primary mode of variation in X while the open circles show the secondary mode of variation. After
applying PCA on X, it is found that the solid circles represent around 99% of the variation. The graph
shows that although the solid circles represent the majority of the variation within X they do not help
to describe the variation in Y. In fact the variation present in the open circles, while only representing
1% of the variation in X, is the only useful information in describing the variation in Y,

The use of principal components regression reveals the principal source of variation in X
being contributed by those samples marked with solid colour in Figure 5-3. A close
examination of these samples has shown that aithough they contribute to over 99% of the
variation in X, the response of these samples are constant, and the variation in X is therefore
not useful for predicting Y. By contrast, the somewhat smaller variation in samples marked
with open circles have a more direct relationship with variation in Y, despite the fact that
they only explain 1% of the variation in X. In practice, it is possible that significant
information for describing the variation in Y may be hidden in X to the extent that principal
components regression may exclude this information as noise. In PLSR, the direction in the
space of X is sought, which yields the biggest covariance between X and Y. The method

examines both the X and Y data and extracts the factors that are significant to both of them.
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The factors extracted are in order of significance, by evaluating X'Y, the primary factor with

which X determines the variation in Y in Figure 5-3 corresponds to the open circles.

P intensities I displacements
= S
5 =
indicator response

Figure 5-4 A systematic representation of the intrinsic relationship between the p intensities used as
an indicator and the g displacements as the response used in the learning and predication. This
relationship is shown in terms of the matrices X and Y for m frames of a sequence. C is the coefficient
matrix which when combined with the input X is able to predict the response matrix Y, E represents
noise and higher order terms that are not accounted for in the above relationship.

The intrinsic relationship of the key steps involved in the proposed framework for predictive
motion modelling can be summarised in Figure 5-4. Let’s assume that the dimension used to
describe the distribution of myocardial deformation is ¢ and the dimension used to describe
each surface measurement for the respiratory motion is p. When a total number of m
experiments are performed to extract the relationship between X and Y, the size of the
matrices will be mxp and mxq for X and Y, respectively. With PLSR, both the predictor and

response matrices are decomposed, such that

X, =TP"+E (5.7)

and

Y, =UQ"+F (5.8)

where P is the factor loading matrix and Q is the coefficient loading matrix and E and F are
factors in X and Y that are not described by the PLSR model. In the above equations, X, and
Y, represent the mean centred matrices of X and Y, respectively. PLSR tries to find a score

vector ¢ in the column space of X, and a score vector u in the column space of Y, such that
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t =Xw (5.9

u=Ygq 5.10)

to give the maximal squared covariance for (u"t)®. That is, the process aims to maximise

(q"Y."X.w)* subject to iwl = Iql = 1. The solution to this equation is given by an eigenvalue

problem of X!Y,, i.e.,

XTY.Y'X w = Aw (5.11)

where M\ is the eigenvalue associated with w. In essence, the method searches for a set of
latent vectors that performs a simultaneous decomposition of X and Y with the constraint
that these components explain as much as possible of the covariance between X and Y.
Rather than linking measurements X and Y directly, the method tries to establish the inner

relationships between latent variables T and U, derived from X and Y respectively, i.e.,

U=TB+U; (5.12)

where B is a diagonal matrix that has the regression weights as the diagonal elements and Ug
is an error term similar to E and F above. When these error terms are ignored, the predicted

value of Y. can be calculated as

Y, =TBQ’ (5.13)

Figure 5-5 gives a schematic diagram showing how the PLSR framework is applied to the
current framework for predicting myocardial deformation. The method allows for a large
number of predictor variables to be used even when the principal modes of variation of the
response variables are limited. It is particularly useful when the data involved is highly
collinear as it accounts for redundancies in both the predictor and responses. The basic
principle of PLSR was developed in 1960 by Herman Wold [218] as an econometric
technique but is often used by chemical engineers and chemotricians. Numerically, the
solution to the equations presented above can be solved iteratively through Nonlinear
Iterative Partial Least Squares (NIPALS) method [214]. The pseudo code in Figure 5-6
represents the key computational steps of the NIPALS algorithm and our MATLAB
(Mathworks, Natick, MA) implementation is provided in Appendix A. Each execution of the

loop extracts a latent variable of the data. The loop terminates when the required number of
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latent variables are extracted or when A, M or B reduces to (or close to) zero, which implies

the current number of factors suitably represents the data.

Latent » Latent
Variables Variables

1 U

Externally Measured Inputs

Imaged Intensity Distribution Myocardial motion

Figure 5-5 A schematic diagram of the PLSR method used for deformation modelling and prediction.
In this example, multiple measurements of surface intensity distributions are used as the input, from
which latent variables factors are extracted. A similar process is also applied to the observed output
data, in this case the deformation vectors of the heart derived from the control vertices of the free-
form image registration algorithm. A model that establishes the intrinsic correlation between T and U
is then derived. At the prediction stage, 3D myocardial deformation is directly predicted from the
intensity patterns measured at the chest wall, which can be performed in real-time.

Zero-mean and scale the input X and the output Y.
Set starting matrix M=XTX, A=XTY and B-=lI.
For the required number of principal components

Calculate the first eigenvector of ATA, save as the first coefficient loading vector
q,, in row form

Calculate the corresponding weighting vector w,=BAgq, in column form
normalized as w=w/||w]|;

Calculate the first factor loading vector p,=Mw,/f in column form, where
f=w,"Mw,, and then update the coefficient loading vector g, as q,=ATw,/f

Exclude the extracted information from initial variance matrix M, co-variance
matrix A and unit matrix B: A=A-fp,q,, M=M-fp,p,, B=B-w,p,T;

If either A, M and B vanishes to zero then break from loop
End loop

Figure 5-6 A pseudo code representation of the NIPALS algorithm.
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5.2.3 Image acquisition

To extract subject specific respiratory induced cardiac deformation patterns, ten normal
subjects were recruited and underwent MR imaging on a Siemens Sonata MR scanner. The
system has a field strength of 1.5T, a peak gradient strength of 40 m7/m and a slew rate of
200 mT/m/ms. All images were acquired in the supine. The duration of each examination was
about 20 to 25 minutes, depending on the heart rate. After scout scans, a segmented 3D
TrueFISP sequence was used to acquire short-axis image volumes in free breathing with
navigator-echo and data over-sampling [219]. The imaging parameters used include an RF
flip angle of 65°, in plane matrix size of 256x102, pixel size of 1.56 mm % 2.70 mm x 8.78
mm, and FOV of 400 mm x 275 mm x 123 mm. The 3D stack comprised of 14 short axis
slices from the valve plane to the apex throughout the full respiratory range, covered by two
k-space segments with 51 views per segment. This gave a total of 28 segments per 3D slab.
Data acquisition was repeated 20 times for a total acquisition duration of 560 cardiac cycles.
The image acquisition and reconstruction procedure used are schematically illustrated in
Figure 5-7. A navigator echo, located perpendicular to the centre of the right hemi-
diaphragm, preceded each segment. Data was acquired with four receiver coils. All raw data,
including navigators, were stored and processed off-line. 3D datasets were generated at
different respiratory positions by means of retrospective respiratory gating using purpose-
built programs written in C and MATLAB (Mathworks, Natick, MA). For every acquired
segment, the diaphragm position was determined from the preceding navigator echo. A one-
dimensional Fourier transform of the navigator echo was smoothed by using an averaging
filter (kernel size of 5), and a step function was iteratively fitted to the filtered data in the
region of the liver-diaphragm-lung junction. The location of the step after the fitting
procedure indicates the diaphragm position. In order to reconstruct a 3D data set for a given
respiratory position, each segment contributing to the data set was chosen from the over-
sampled data when the accompanying navigator echo yielded a diaphragm position nearest
to the given respiratory level. The remaining over-sampled data was discarded. Images were
then created from the raw data by using the 3D Fast Fourier Transform. Contributions from
all coils were combined with an equal weight. Image sets were created for between six and

seven different respiratory positions covering from end-inspiration to end-expiration.
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5.2.4 Validation

In order to validate the proposed motion prediction scheme, multiple 1D intensity traces
through the chest wall were used as the input signal to the PLSR model. Points lying on the
chest wall were selected in a grid with around 25 mm spacing from the stack of 14 short axis
slices, with traces measured directly from the imaging volume in parallel to the local
intensity gradient. A total of 20 measurements were made for each subject, and these
intensity values were concatenated as a row vector for matrix X of the PLSR model. In this
study, between 5 and 7 image volumes were reconstructed for each subject to cover the
entire range of respiration, this determines the number of rows used for matrices X and Y for
motion prediction. The associated cardiac motion due to respiration was represented by the
movements of the control vertices of the FFD model by the use of the 3D registration
scheme described in section 5.2.1, for which the 3D volume corresponding to end-expiration
was used as the reference. Since the control grid used was refined to 9x9x9, by
concatenating all their deformation values together the number of columns of Y was
therefore 729. In this study, motion prediction was performed separately for each of the three

(dx, dy, dz) deformation components.

For each subject, the accuracy of the proposed motion prediction method was assessed. The
basic form of cross-validation is to divide the acquired input-output data into two parts, one
for training and the other for prediction. To avoid any bias in partitioning the data, multiple
permutations of this division can be performed and averaged. In this chapter, leave-one-out
cross-validation was used. The idea being to predict the output for each data set with
learning based on both the input and output of all other data sets. The learning stage of the
PLSR method was performed using all but one of the acquired respiratory positions for each
result. From this learning phase the multiple navigator trace vector for the missing volume
was used to predict the motion vectors for the missing image volume. This was carried out
for all available volumes of each subject. In this way it is possible to assess the ability of the
method to predict the correct motion characteristics for a respiratory position not involved in
the learning phase. For quantitative assessment, the predicted motion vectors were used to
warp the 3D volume so that normalized mean absolute difference could be calculated
between the target and reference volumes. A small value represents a good motion prediction

result.
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5.3 Results

Figure 5-8 illustrates the amount of cardiac deformation that can be induced at different
stages of the respiratory cycle. The solid shaded surfaces represent the reference endocardial
border delineated from the 3D imaging volume corresponding to end-expiration. The
meshed surfaces illustrate the deformation of the endocardial border due to respiration
corresponding to diaphragm displacement values of 5, 15, and 25 mm, respectively. The
corresponding mid-ventricular slices from which these meshed surfaces have been extracted
are shown on the top row of Figure 5-8. The amount of cardiac motion is evident, including

bulk motion, twisting and deformation. For this subject, the maximum cardiac displacement

induced was about 15 mm.

Figure 5-8 A visual representation of the motion of the heart due to respiration. The solid surface of
each 3D reconstruction represents the endocardial surface at end-expiration and the meshed surface
delineates the endocardial border due to respiration corresponding to diaphragm displacements of 5,
15, and 25 mm, respectively. The corresponding mid-ventricular short axis slice of each 3D volume is
shown on the top row of the figure.

Figure 5-9 highlights the potential inconsistencies of using single movement traces of the
chest wall to predict respiratory induced cardiac deformation. On the right, a sampled chest
intensity trace over a number of cardiac cycles is shown (c). The top row shows the
deformation vectors of the mid-ventricular slice corresponding to cardiac cycles 6, 11, and
23, as marked by the dashed lines on Figure 5-9 (c). It is evident that despite the fact that the

intensity patterns measured at the chest wall correspond well, the associated cardiac
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deformation field while generally the same can be contrastingly different. At cardiac cycles
8, 12, and 18, once again with similar intensity patterns in (b) and marked with dashed lines
in (c), the relationship between the corresponding motion fields is much more clear with 12
and 18 being practically identical. These results confirm the uncertainties of using limited
measurements of the chest wall to predict respiratory induced cardiac deformation, as found
in previous studies. For this reason, a combination of surface traces was used from a spread
of locations. The use of PLSR allows the variation (or factors) from the multiple traces that
are significant in determining the output to be extracted during the learning stage so that the

prediction can be performed with a high level of confidence.
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Figure 5-9 2D deformation vectors of a mid-ventricular slice at the same phase of different cardiac
cycles with varying levels of respiration motion, and an associated intensity trace measured at the
surface of the chest. (a) The deformation vectors corresponding to cardiac cycles 6, 11, and 23, as
marked by the dashed lines on (c) and (b) the deformation vectors corresponding to cardiac cycles 8,
12, and 18, as marked by the solid lines on (c). These images highlight the potential inconsistencies
of using single movement traces of the chest wall to predict respiratory induced cardiac deformation
as in (a) the associated cardiac deformation is different despite the fact that the intensity patterns
measured at the chest wall are identical. For (b), however, there is a much closer correlation between
the deformation vectors and surface traces.

Figure 5-10 demonstrates the drawbacks of using a single chest trace for learning and
prediction with PLSR. This is normalised against the use of all 16 traces and it is clear that
no single trace is more effective at predicting the cardiac deformation as the combined result
of all 16 traces, while some traces e.g. 7, is over 20% worse when pixel intensity subtraction

error is measured.
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Subtraction Error Through Single Trace Selection
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Figure 5-10 Subtraction error for PLSR by using a single chest trace compared to using all the 16
chest traces measured. Results were calculated as the mean square error of voxel intensity values
(ranging from 0-255) for the selected region containing the heart. A value of 1.00 indicates the same
result as using all 16 traces.

To assess the relative merit of the proposed PLSR method, detailed comparisens were made
when different input traces are used for PLSR and Multi Linear Regression (MLR). The
results presented in Table 5-1 are normalised with the residual errors achieved by 3D free
form registration that is used as the gold standard for this study. A value of 1 therefore
indicates the best possible motion prediction result. It is evident that with the PLSR approach
the min/max error range is consistently small and it improves with the increasing number of
tracers used. For MLR however, the error range is large and due to the co-linearity of the
data when a large number of input variables are used, the result deteriorates. The analysis
was also performed with an increasing number of chest traces as shown in Figure 5-11. For
PLSR, the error range is consistently small and as more surface traces are used, the error
range starts to decrease. For MR, however, the error range varies and is significantly worse
than that of PLSR. When all surface traces are used, the residual error is nearly 500% to that

of using 3D registration due to the co-linearity of the input data.
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Input 32 64 96 128
Variables 1 trace 2 traces 3 traces 4 traces
MLR max  5.265 5.080 5.956 5.964
MLR min 1.380 1.889 2.247 3.943
PLSR max 1.176 1.121 1.086 1.079
PLSR min 1.053 1.052 1.054 1.051

Table 5-1 The maximum and minimum relative subtraction errors normalised against the registration
result for MLR and PLSR with an increasing number of input variables. Results were calculated as the
mean square error of voxel intensity values (ranging from 0-255) for the selected region containing
the heart and normalised against the registration result.

Comparison of Multi Linear Regression and PLSR as number of traces increase

relative subtraction error

number of traces

mPartial Least Squares Regression range @@ Multi Linear Regression rang;l

Figure 5-11 Subtraction error relative to the registration result for MLR and PLSR when different
numbers of input traces are used. The graph shows the error range corresponding to different
permutations of a given number of traces.

The proposed PLSR motion prediction technique was to rely on a large number of chest wall
traces to extract their intrinsic correlation to cardiac deformations. As the inherent
correlation among these traces could be significant, latent variables among these traces were
extracted. For the corresponding deformation vectors of the cardiac structure, the movement
of the deformation vectors of the control vertices of the FFD model were used. The same
process of latent variable extraction was also applied to these deformation vectors. To
illustrate the internal redundancies of the 3D deformation vectors, Figure 5-12 demonstrates
the deformation patterns of layer 3, 5 and 7 of the final 9x9x9 grid of a subject studied. For

each image, the vectors were calculated from the PLSR coefficient matrix by keeping the
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first three principal components. Each row of this image represents the in-plane deformation
captured by the 1, 2", or 3 principal component, where the motion vectors were amplified
by 10 times for the 2™ and 3™ rows of each image as the corresponding vectors were much
smaller compared to those captured by the first principal component. For each layer, the
columns show the mean *standard deviation of the in-plane deformation. The first principal
component is shown to carry most of the variation demonstrating that while a large number
of input factors are acquired, the majority of this information is redundant with the third

mode of variation having little effect on the final result.

Layer 3

10x29pe "L 10x27pe <

__________ 10x39pc . . D

-std mean +std -std mean +std -std mean +std

Figure 5-12 Deformation patterns of layer 3, 5 and 7 of the final 9x9x9 grid of a subject studied. For
each image, the vectors were calculated from the PLSR coefficient matrix by keeping the first three
principal components. Each row of this image represents the in-plane deformation captured by the 1st,
2nd, or 3rd principal component, where the motion vectors were amplified by 10 times for the 2nd and
3rd rows of each image as the corresponding vectors were much smaller than those captured by the
first principal component. For each layer, the columns show the mean + standard deviation of the in-
plane deformation.

With the establishment of the PLSR model, it is now possible to accurately predict
respiratory induced cardiac motion from multiple chest wall movement traces. Figure 5-13
shows an example result derived from the proposed 3D motion prediction method. Images
(al) and (a2) represent the mid-ventricular slices of a subject at different phases of the
respiratory cycle, with the corresponding subtraction result shown in (a3). The 3D rendition
shown in (a4) highlights the amount of cardiac motion and deformation involved, where the
solid and meshed surfaces represent the endocardial border of (al) and (a2), respectively.
The second row of Figure 5-13 shows the result of using direct 3D free-form image
registration on these two 3D image volumes. It is evident that the motion associated with
Image (b2) has been corrected for, with the LV being warped to the correct position. The
quality of the registration process can be seen from the direct subtraction result and 3D
endocardial surface rendering. The final result derived from PLSR motion prediction is
shown in the last row of Figure 5-13. The effectiveness of the prediction algorithm is evident

by comparing the result to that derived from 3D image registration.
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In order to demonstrate the fact that by using PLSR and multiple surface traces it is possible
to derive results with similar accuracy to those derived by measuring diaphragmatic motions,
Table 5-2 lists the mean residual errors by using these two approaches for the 10 subjects
studied. In this Table, the residual error was measured as the normalised mean absolute
intensity difference between the reference 3D image volume timed at end-expiration and the
target 3D image volume timed at mid-respiration with 3D warping. The normalisation was
achieved by dividing the mean absolute residual error of each method with the mean
absolute error without motion correction. When applied to Figure 5-13, for example, the
normalised error in Image (b2) is calculated as the mean absolute value of (b3) divided by
that of Image (a3). A similar value can be derived for (c2) by normalising (c3) against (a3).
This normalisation process is important as for each subject the range of pixel intensities can
be contrastingly different depending on the attenuation used for the RF receiver coil and the

reconstruction parameters used.

In Table 5-2, Rows P-chest and P-diaphragm represent results derived from motion
prediction with PLSR from the chest wall and diaphragm, respectively. Despite the fact that
the results derived from motion prediction are slightly poorer than that of 3D image
registration, it is evident that the results from P-chest and P-diaphragm are very much similar
Jjustifying the use of chest traces only to drive the motion prediction model. For all the ten
subjects studied, leave-one-out tests were performed for each subject with all the 3D
volumes acquired corresponding to different respiratory positions. The overall errors
produced by using the proposed motion prediction technique using 20 input traces located on
the chest wall can be assessed in Figure 5-14, which provides the mean error and standard
deviation for each subject based on the intensity difference criteria mentioned above. The
corresponding results by using the 3D free-form image registration are also provided for
each subject as a reference. No significant difference was found between the two

techniques.

133



Chapter S : Predictive Motion Modelling

Registration Uncorrected

Prediction

Figure 5-13 An example of the results derived from the proposed 3D motion prediction method.
Images (al) and (a2) represent the mid-ventricular slices of a subject at different phases of the
respiratory cycle with the corresponding subtraction result shown in (a3). The 3D rendition shown in
(a4) highlights the amount of cardiac motion and deformation involved, where the solid and meshed
surfaces represent the endocardial border of (al) and (a2), respectively. The second row shows the
result of using direct 3D free-form image registration to the two 3D image volumes with (b2)
representing the final warped mid-ventricular slice. Images (b3) and (b4) show the residual error by
image subtraction and 3D rendering. The third row illustrates the same result as that of the second row
but with PLSR motion prediction, demonstrating the ability of the proposed technique in accurate 3D
motion prediction.

1 2 3 4 5 6 7 8 9 10 Mean  STD

Registration  0.622  0.531 0524 0583 0544 0.621 0529 0529 0620 0575 0568 0.042
P chest 0629 0534 0562 0683 0511 0691 0571 0718 0642 0587 0617 0.065
P diaphragm 0624 0531 0572 0.750 0.553 0.662 0.550 0.718 0.643 0587 0.619 0.074

Table 5-2 The mean residual error (normalised against no registration) and the standard deviation by
using 3D image registration, 3D motion prediction with surface intensity traces (P chest) and the dome
of the diaphragm (P diaphragm), for the 10 subjects studied. The results were derived from mid-
respiration and end-expiration image volumes, and calculated as the mean square error of voxel
intensity values (ranging from 0-255) for the selected region containing the heart. A value of 1
indicates no improvement due to registration.
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Residual Error after Motion Correction
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Figure 5-14 The overall residual error and standard deviation of the proposed motion prediction
technique for all the 10 subjects studied by using the leave-one-out test. The analysis cover the entire
respiration range and the corresponding 3D image registration results are provided as a reference.
Results were calculated as the mean square error of voxel intensity values (ranging from 0-255) for
the selected region covering the heart.

To assess which surface traces are most useful for motion prediction Figure 5-15 shows the
range of subtraction error values with the removal of input chest traces. The initial value
(1.00) is obtained with a leave-one-out test on all 10 subjects with 16 chest traces as input.
Subsequently, traces are removed and a range of results are shown between the worst and
best case. The optimal result is obtained with between 4 and 10 traces remaining, the error
being around 97% of the error with all 16 traces used. Although being able to suggest the
most useful traces for motion prediction for a particular subject at different phases of the
respiratory cycle, it has been found that the permutation of the sensor position can vary
across subjects. A poor selection of traces can result in a significantly worse result than from
using all available traces. This justifies the use of PLSR in using a relatively large number of
surface traces for reliable motion prediction despite the fact that they can be correlated and

often individually of poor quality.
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Range of error with the removal of input chest traces

Relative subtraction error
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Figure 5-15 The subtraction error after sequential removal of traces used for learning and prediction
relative to the use of all 16 traces. The best and worst case is shown with all possible error values for
the different number of traces shaded in between. Results were calculated as the mean square error of
voxel intensity values (ranging from 0-255) for the selected region containing the heart. A value of 1
indicates no improvement due to registration.

5.4 Discussions and conclusions

In this study, a new technique is presented based on surface measurable information for
predicting respiratory induced cardiac deformation. The technique relies on multiple input
traces to capture the intrinsic pattern of surface deformation related to cardiac deformation.
The use of PLSR effectively resolves the problem encountered by traditional regression
methods in that latent variables are used from both the input and output of the regression
model to establish their inner relationships. Multi-collinearity or near-linear dependence of
regressors is a significant problem in regression models. The strength of the proposed PLSR
approach is that it not only effectively deals with high multi-collinearity of the measured
signals from the chest, but also permits reliable motion prediction when the number of
observations is significantly less than the observed variables as in this study where only 6-7
different 3D volumes corresponding to different respiratory positions were used. It must be
mentioned, however, the method used is fundamentally a linear technique. While it is able to
deal with non-rigid 3D motion, it is possible that for different subjects, a nonlinear
relationship can exist between the measured respiratory traces and the deformation of the

heart. This is true especially at the two extremes of the respiratory cycle. To cater for this
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problem, some of the developments in nonlinear and kernel based PLSR approaches may be
used [220]. It is worth noting that hysteresis as observed in respiratory induced cardiac
deformation was not assessed in this study. This effect is related to the different relationship
between respiration and cardiac deformation during inspiration and expiration [166]. It is not
studied here due to the nature of the over sampled retrospectively gated image acquisition.
The use of a single diaphragmatic navigator to determine the respiratory gating precludes the
hysteresis effect, and because of this, it is not possible to assess the ability of the current

framework to cope with this effect.

Subject specific respiratory patterns are a significant problem for motion management in in
vivo imaging. Although in MR the use of navigator echoes has already improved the quality
of the images acquired, particularly for capturing small mobile structures such as the
coronaries, its wide spread use is still hindered by its lack of general adaptivity to different
imaging platforms. The results from this study suggest that being effectively a real-time
technique, the proposed method is not only reasonably accurate, but also able to predict
respiratory induced cardiac motion from purely surface measurable signals. The
development of a general method for 3D motion prediction based on easily measured surface
signals will have significant impact on motion tracked imaging in MR as well as for other
parallel imaging modalities and the delivery of focused energy in the presence of

physiological motion.

There are, however, a number of design issues related to the experiment that need to be
recognised. Firstly, the image acquisition for this study was based on retrospective
diaphragmatic gating for acquiring 3D volumes at different respiratory positions. The use of
retrospective gating with over sampling has the advantage of being easy to implement and
the data acquired corresponds to natural physiological states of the patient. The option of
using breath holding was not adopted in this study as it could introduce artificial loadings to
the visceral structure. The technique used, however, had a prolonged imaging time. A large
over-sampling factor was used to ensure all k-space data, corresponding to different
respiratory positions, was covered. Secondly, the use of diaphragmatic navigator echoes for
predicting the deformation of visceral structures can itself have problems. It is possible that
certain respiratory patterns can have different cardiac thoracic deformations despite the same
navigator trigger response from the diaphragm. The use of 3D volumes acquired as such is
not ideal but the alternatives are currently limited by methods of acquisition. It is expected

that by the use of parallel imaging, the imaging time can be significantly reduced.
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It is also important to note that in this study motion modelling and prediction are based on
data that is simultaneously acquired. For the method to be used for cross modality motion
prediction, i.e., the use of MR for predictive motion modelling prior to PET imaging such
that prospective motion correction can be applied, inter-scan inconsistencies of motion
correlation will need to be further investigated. This analysis must be conducted in line with
the choice of surface signal measurement techniques. In this study chest intensity profiles are
used as a means of measuring local surface deformation. This is only to demonstrate the
basic principle of the proposed motion prediction technique. In practice, more accurate
imaging or non-imaging based techniques will need to be explored. These include the use of
surface tension arrays to measure surface tension based on strain (e.g. chest belts
incorporating strain gauges) rather than absolute positions, or by the use of other
optical/ultrasound-based techniques. In these cases. modality compatibility is an important
issue, especially for MR as the exclusion of ferromagnetic materials and the restriction on
RF can introduce significant design problems. This is an important area to pursue given the

current development in micro-sensor research.

It is worth noting that in the current study the optimum arrangement of surface sensing
locations has not been investigated. A detailed analysis either to determine a suitable
arrangement for all subjects or an efficient method of determining suitable locations on a
subject specific basis can potentially minimize the number of physical sensors. In
conclusion, an effective motion prediction technique has been demonstrated, which after
initial modelling can be used in real-time prospective motion tracking. Detailed analysis of
results from ten asymptomatic subjects demonstrate the accuracy and effectiveness of the

proposed technique.
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Chapter 6 : Respiratory Reordered-UNFOLD

6.1 Introduction

In Chapter 5, we have discussed the use of predictive motion modelling for handling
respiratory motion. In parallel to this, we also have to address rapid data acquisition issues
for efficient 3D coverage of the myocardium. In 3D myocardial perfusion imaging, a
complete volumetric data set has to be acquired for each cardiac cycle in order to study the
first pass of the contrast bolus. This normally requires a relatively large acquisition window
within each cardiac cycle to ensure a comprehensive coverage of the myocardium and
reasonably high resolution of the images. As mentioned in Chapter 4, with multi-slice
imaging, long axis cardiac motion during this large acquisition window can cause the
myocardium imaged in different cross-sections to be mis-registered, i.e. some part of the
myocardium may be imaged more than twice whereas other parts may be missed out
completely. This type of mis-registration is difficult to correct for by using post-processing
techniques. New imaging sequences such as Fast Gradient Echo with an Echo Train readout
(FGRE-ET) [77,99] have significantly reduced the acquisition window whilst maintaining
the desired spatial resolution. Further improvements in perfusion imaging will require the
application of parallel imaging techniques as mentioned in Chapter 3 [103] or making full
use of the information content of the k-space data. View sharing is a common approach that
involves the use of the similarity or redundancy in k-lines between images. Phase encode
lines which through a Fourier transform represent image data that remains static across time
can be acquired once and shared between multiple images. Techniques such as BRISK [112]
and BLAST [118] can potentially be adapted for this purpose.
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More recently, UNFOLD has been used for perfusion imaging [113,115]. The technique
attempts to encode spatial information into redundant regions of k-t space. Initial experience
has shown promising practical value of the technique for breath-hold myocardial perfusion
imaging by doubling the scan efficiency, which can be used either to increase the spatial
resolution/coverage or to decrease the acquisition window. For perfusion imaging with free
breathing, however, the technique suffers from significant motion artefacts and blurring due
to respiratory induced motion. In reality, the use of breath-holds are undesirable for patients
with cardiac conditions as a first-pass perfusion series often involves tracking the contrast
bolus over 50 cardiac cycles. Therefore, extensive improvement of the current UNFOLD
framework is necessary before the technique can be practically used for myocardial
perfusion imaging. The purpose of this work is to present a new prospective k-space
reordering method for UNFOLD to eliminate respiratory induced motion artefact. The
method uses real-time diaphragm navigator echoes [157], similar to those used in CMR
coronary angiography [159-161], to ensure temporal filtering of UNFOLD is carried out on a
series of images that are spatially registered. The method requires a prospective re-binning
algorithm for the creation of multiple image sub-series related to different levels of
respiratory motion. Issues concerning the temporal smoothing of tracer kinetic signals are
discussed and a solution based on over-sampling of central k-space is provided. The strength
of the technique is demonstrated with detailed error analysis for data acquired from 10

patients and 10 normal volunteers.

6.2 The principal of UNFOLD

As mentioned in Chapter 3, UNFOLD is a relatively new technique for MRI. It allows for a
reduction in the required k-space sampling. The technique, however, comes at a price and as
with many similar temporal filtering methods, this technique results in smoothing and a loss
of SNR. This method was first published in 1999 by Madore er al and applied to cardiac
imaging and fMRI. Its application is only of use with dynamic data sets as it is based on

reducing redundancies in the time domain of the k-space sampling.

The principal of UNFOLD lies in a reduction of the FOV in the image plane containing
dynamic information. This is achieved through a sparser sampling of k-space, which has the
effect of wrapping around due to the aliasing within the FOV. These overlapped components
are labelled in the time domain through adjustments in the dynamic sampling function.
Subsequently these overlapped components may be ‘unfolded’ allowing the full FOV image

to be reconstructed.
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The density of the sampling function used to acquire the data determines the FOV of an MR
image. As shown in Figure 6-1, the resultant Point Spread Function (PSF) should normally
allow the imaged object to be uniquely contained within the FOV. By reducing the sampling
function in the phase encode direction as shown in Figure 6-2, where the distance between k-
space lines is increased, it has the effect of compacting the PSF such that the peaks are
brought closer together. Given the same imaged object and choosing the same FOV as in
Figure 6-1, the result is an overlapping of the object in the image domain. This reduces the
effective FOV due to the aliased reconstruction encroaching on the central reconstruction.
This is more clearly demonstrated in Figure 6-3 by taking away lines of the image in the

frequency domain, overlapping of the reconstruction is introduced in the image domain.

2nd

o 1st

o Oth 0

) 1St

d
Sampling function ¢ 2

Image

Figure 6-1 The Cartesian sampling function on the left gives a PSF shown in the middle after inverse
Fourier transform. This replicates the imaged object (in this case a circle) as shown on the right. Two
points are shown Py and P,. Py originating from the Oth peak of the PSF and P, from the 1st peak of

the PSF.
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Figure 6-2 By increasing the distance between the lines in the sampling function, the distance
between the peaks of the PSF is reduced in an inversely proportional manner. This leads to the
reconstruction of the imaged object overlapping in the under-sampled direction. The points Py and P,
now lie in the same position in the spatial image domain due to the two replicas of the imaged object
sharing some of the same pixels in the image domain.
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Figure 6-3 The images above show the effect described previously in sub-sampling the information in
k-space. As shown, the k-space coverage in (a) is sufficient to produce image (b) without noticeable
artefact due to wrap around. By reducing the sampling density by a factor of two in (c), the resulting
constructed image has the image data overlapping from above and below in (d) producing significant
artefact and error.

The important element in the UNFOLD process is how the sampling function is adjusted. By
shifting the sampling function in the phase encode direction through time, a linear phase shift
in the PSF is introduced. This has the effect of altering the phase of all but the central peak
of the PSF. With this effect being passed on to the reconstructed image, it is possible to
distinguish the central replica of the object from its overlapping copies. As shown in Figure
6-4, by shifting the sampling function by f of a line through time, a phase shift is created. In
this way, pixels containing overlapped components may be separated into the individual
elements from each reconstruction. This is possible as the time varying shift effectively
labels the overlapped components by modulating their phase. In the case where the sampling
function is shifted by half its spacing in the phase encode direction at each time frame, the
signal of the overlapped component is modulated by the Nyquist frequency while the central
replica is unchanged. The separation or ‘unfolding’ is achieved by filtering out the extra
information contained at each the pixel location in the Fourier domain through time before

performing the inverse Fourier transform to reconstruct the image without the overlapped
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component. For a phase shift of f=1/2, each of the secondary peaks of the PSF is shifted by

an integer multiple of 7 as shown in Figure 6-5.
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Figure 6-4 By shifting the sampling function in the phase encode direction through time (from dashed
to full for instance) a phase ramp in the PSF is produced. This phase shift is passed on to the image
domain so as points Py and P; may once again be distinguished.
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Figure 6-5 A shift in the phase encode direction of half a line results in a Z phase shift for each of
the secondary peeks in the PSF. The point P, is now 7 degrees out of phase with the point P,.

Figure 6-6 and Figure 6-7 demonstrate how this phase shift allows the reconstructed image
to be separated in the time domain for a static sequence. Effectively, information is taken
from the spatial domain and encoded into the time domain, where the phase shift allows this

data to be reconstructed without spatial aliasing.
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Figure 6-6 When applying the sampling function shown in Figure 6-5 to a stationary image sequence,
it has the effect of producing two spikes in the temporal frequency domain, the DC component centred
on 0 and the oscillating component at the Nyquist frequency. These two components may be easily
separated to distinguish points Py and P,.
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Figure 6-7 A schematic illustration showing the basic effect due to sub-sampling of the Cartesian
space. (a) and (b) are two sequential acquisitions through time with the corresponding even and odd k-
space information shown on the left. The sampling function has been shifted in the phase encode
direction by half a line. This leads to a 77 phase shift in the PSF for the secondary peaks. The result is
shown with the resulting pixel intensities in regions C and D alternating between the magnitude of +a
and —a, where all lower case variables are complex. When reconstructed, overlapping pixels such as
those in E and F that alternate between the magnitude of 2a and 0 are created in the image domain. In
this simple case, the complete reconstruction of the object is obtained by summing the two images
either in the frequency domain or in the image domain.
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This technique, however, has limitations when performed on dynamic data sets. The
movement of the structure will have a broadening effect of the PSF. When the movement
across time is of low frequency as shown in Figure 6-8, the redundancy in the bandwidth of
spectra (b) allows it to be combined with dynamic data as shown in (a) without interfering
with each other. This, however, is not the case with Figure 6-9 as significant overlap exists in
the temporal spectra and the resulting curves are unable to be separated through temporal
filtering. A comparison of different temporal filtering methods has been carried out [115]
and its suitability to perfusion studies assessed, the conclusion was that UNFOLD was
suitable for myocardial perfusion studies assuming that large sudden motion throughout the

frame due to respiration can be resolved.
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Figure 6-8 With full sampling the temporal spectra for two points in image space are shown. (a)
represents dynamic information, while (b) represents a static or more slowly varying point. Through
under sampling in k-space the PSF moves closer and these two points are represented by the same
pixel in image space (c). Through the temporal phase shift in the sampling pattern used with
UNFOLD (b) has been shifted to the edge of the spectra, allowing the information from pixel (a) and
(b) to be distinguished in post processing with temporal filtering.
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Image space Temporal spectra

(a)

‘ T 1
DC Nyquist

(b)

m

I L
° DC Nyquist
1
DC Nyquist

Figure 6-9 With full sampling the temporal spectra for two points, (a) and (b), in image space are
shown both containing significant dynamic information resulting in broad temporal spectra. Through
under sampling in k-space, the PSF moves closer and these two points are represented by the same
pixel in image space (c). Even though the sampling pattern is able to shift the information for pixel (b)
to the edge of the temporal spectra, it is not sufficient to successfully distinguish the two points (a)
and (b).

6.3 Correcting respiratory motion for artefact suppression with
UNFOLD

From the above discussion, it becomes apparent that motion within myocardial perfusion
image sequences can make the use of UNFOLD for reduced k-space encoding problematic.
With ECG gating we limit the bulk of this motion to respiratory induced motion. In this case,
respiratory motion can have two effects; artefact edges may be wrapped around onto
sensitive areas for perfusion analysis such as the myocardium. Additionally, the borders
where motion has occurred can suffer from a temporal smoothing effect. While in plane
respiratory motion can often be corrected for in post processing attempting to correct for this
after the UNFOLD reconstruction of reduced k-space images results in artefact remaining in
the image. One solution to this is to attempt to correct for the motion before UNFOLD is

applied.
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6.3.1 Correcting rigid body translation

UNFOLD is able to separate alternate PSF reconstructions in the temporal frequency
domain. As mentioned earlier, the method relies on each pixel representing the same imaged
structure through time. With the introduction of rigid body motion attempts at removing this
artefact results in errors at the edges of the region subject to motion. This error is propagated
through the image sequence due to the removal of high frequency components in the
temporal frequency domain when applying UNFOLD. Figure 6-10 shows an example of this
error on synthetic and real data. This is a static sequence only with one frame that has a
sudden translational motion in the y direction. After UNFOLD, it can be seen that edge
artefact is present due to the chest wall wrapping around into the central FOV. Figure 6-11
shows a similar effect from adding random motions in the phase encode direction to the
complete sequence of images. It is apparent that as the degree of motion increases the level

of artefact also starts to increase.

Stationary image sequence Translational motion of 5 pixels for 1 frame

24

SOT———

Figure 6-10 A synthetic (above) and real (below) stationary image sequence sub-sampled in k-space
by a factor of two with UNFOLD applied. The right column shows the corresponding results when
one of the image frames is translated by 5 pixels in the phase encode direction.
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Figure 6-11 A single frame from an under sampled static image series with up to (a) 0, (b) 5, (c) 10
and (d) 15 pixels of random motion applied in the phase encode direction to each of the frames before
applying 2 x UNFOLD.

With rigid body translation, correcting the motion before applying UNFOLD eliminates the
error that would otherwise occur. The error present in Figure 6-10 and Figure 6-11 is
completely removed if the motion is corrected for before applying UNFOLD. The steps

required to remove rigid body motion from UNFOLD sub sampled k-space data are:

1. Apply inverse Fourier transform to data to obtain image series

2. Correct for rigid body motion through translation
3. Apply Fourier transform to obtain k-space information
4. Apply UNFOLD to k-space data series to obtain error free images

The problem with this method is that motion of the heart within the chest cavity does not
consist of rigid body motion. Correcting for the motion of the heart before applying
UNFOLD using rigid translation will create pseudo motion in the chest wall. To cope with
more complex motion, free form deformation is required. This however can introduce

significant problems as we illustrate below using a simple shear transform.

148



Chapter 6 : Respiratory Reordered-UNFOLD

6.3.2 Correcting for shear motion

A shear transformation is part of a group of transformations known as affine transformations.

While these are linear they are not required to preserve angles and distances between points.

Figure 6-12 shows a shear transformation applied to a rectangle and the effect this has on the
reduced k-space reconstruction. It is important to realise that unlike rigid body translation,
shear distortion does not result in the same points in overlapping PSF reconstructions sharing

the same pixels, as shown in Figure 6-12.

Full k-space image reconstruction Image sub sampled by 2 in k-space

Figure 6-12 The effect of shear distortion on UNFOLD. On the left, two synthetic images
reconstructed from complete k-space information are shown. On the right the same objects are
reconstructed from k-space data under-sampled by 2 in the phase encode direction.

The difference in overlapping structure is highly significant in performing the UNFOLD
reconstruction as shown in Figure 6-13. The left column shows the sequence of images
reconstructed with full k-space data, the middle column with reduced k-space and UNFOLD
reconstruction and the right hand column also with reduced k-space but with correction for
the shear in frame 4 before UNFOLD reconstruction. Aliasing artefact can be seen in the
UNFOLD reconstruction; the correction for the shear distortion in frame 4 before applying
UNFOLD is not sufficient to remove the artefact. The issue is not with the central PSF
reconstruction suffering from shear but of the outer reconstruction not being aligned with the

central reconstruction.
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Full k-space image sequence 2 x UNFOLD acquisition with shear motion correction

.

Figure 6-13 Seven frames of a synthetic image series. All images are identical except for the central
frame that has undergone shear distortion before being converted to k-space. The left column shows
the result of full k-space image reconstruction, whereas the middle and right columns show the results
of 2 x UNFOLD without and with distortion correction.
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In Figure 6-14, the circular object in (a) is imaged with insufficient density in the sampling
function resulting in aliasing as wrap around onto the image of the object. This is observed
as identical copies of the object overlapping with the central reconstruction of the object. In
(b), the same object is imaged but the object has undergone a shear transformation before
imaging. Once again identical copies of the image protrude from the top and bottom of the
image, overlapping with the central reconstruction. The arrow shows that the relative
position between PSF locations is preserved. In (c) the same acquisition as (b) is shown after
undergoing a transformation before UNFOLD to correct for the shear in the object, warping
the object back to its original shape as in (a). The central reconstruction is identical to that in
the first slide, although the two overlapping reconstructions appear in transformed locations.
The arrow in (c) shows that while the central replica is the same, the change in displacement
of the PSF neighbouring replicas results in differing object points overlapping in the image
domain in (c¢) compared with those in (a). This makes the application of UNFOLD with

frames (a) and (c) in sequence subject to extensive artefact.

(a) (b) (c)

Figure 6-14 A central reconstruction of a circle is shown with overlapping PSF replicas due to sub
sampling of the k-space data. In (a), a circle is shown on a rectangular background with the arrow
showing the spatial difference in location between neighbouring replicas of the same point on the
imaged object. In (b) the imaged object has undergone a shear transformation and in (c) the resultant
image has undergone the reverse shear transformation to correct the central replica.

6.3.3 UNFOLD reconstruction with myocardial perfusion imaging

Respiratory motion as mentioned in Chapter 4, is unavoidable with myocardial perfusion
imaging. While it can be limited through the use of breath holds due to the duration of the
scan, the confidence in this being maintained for the full duration is limited. Although it is
possible to correct for rigid body motion prior to applying UNFOLD to remove aliasing
artefact, this is not a suitable model for cardiac respiratory motion. The use of locally

focused imaging techniques [130] may permit the use of rigid body motion compensation
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and is an area for further investigation. As shown above, more complex forms of
deformation are incompatible with the currently described method and do not assist in
dealing with motion artefact in UNFOLD myocardial perfusion imaging. Due to the
difficulty in correcting for motion artefact with UNFOLD perfusion imaging, an alternative
method is investigated where UNFOLD is applied only to spatially static images, this
eliminates the need to correct for motion before applying UNFOLD and for later analysis
standard registration techniques may be performed after reconstructing the sequence with

UNFOLD.

6.4 RR-UNFOLD for MR myocardial perfusion imaging

6.4.1 Unaliasing by Fourier-encoding the overlaps using the temporal dimension

It now becomes clear that the use of UNFOLD for myocardial perfusion imaging can be
faced with two major problems. First, the transit of the contrast bolus within the blood pool
at the up-slope of the contrast intake is rapid, which can result in sharp signal intensity
changes. Second, respiratory induced cardiac deformation between cardiac cycles can be
significant. Both of these introduce high temporal frequency components, thus
compromising the basic condition for UNFOLD to be effective. The associated artefact is
normally manifested as an attenuation of the contrast bolus signal and aliased edges from the
chest wall as well as borders between the blood pool and myocardium. The elimination of
respiratory motion and the restoration of tracer kinetics are therefore essential to performing

UNFOLD for myocardial perfusion studies.

6.4.2 Respiratory reordered UNFOLD (RR-UNFOLD)

The main steps of Respiratory Reordered UNFOLD (RR-UNFOLD) involve the use of
prospective diaphragmatic navigator echoes to split the perfusion imaging series into
different sub-series (bins) so that within each bin the anatomical structures are spatially
static. The only temporal change within the sub-series is a varying contrast uptake amongst
different anatomical regions. There are a variety of methods for determining the limits of a
bin. The most basic of these is to determine the limits of the respiratory range from a pre-
scan, then divide this equally between the required number of bins. The creation of the bins
can be done either through pre-scan or being dynamically created. The former requires the
prior determination of the extent of the diaphragmatic motion to allocate a window width
and location for each bin. The maximum and minimum values obtained from the preliminary
navigator scan are used to obtain the respiratory range. This range is divided by the desired

number of bins to give the bin window width, with the location equally spaced from the
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minimum navigator location. Additionally a bin is created below the minimum and above the
maximum to contain any acquired images whose navigator location is outside the range of
the pre-scans. This method is unlikely to result in an even distribution of the images amongst
the bins due to the nature of breathing patterns that can change extensively during data
acquisition. An accurate prediction of the bin allocation will require a longer pre-scan to

build up statistical knowledge of the respiratory position.

Whilst the use of pre-scan may assist in the estimation respiratory motion, patients
undergoing perfusion scans may often move or change their breathing pattern during data
acquisition, particularly during the injection of the contrast bolus or Adenosine. We propose
in this chapter an alternative that uses dynamic bin allocation during image acquisition, For
each bin, a standard UNFOLD k-space acquisition is employed, where with two-fold speed-
up, alternating odd-even k-line coverage is used for successive temporal frames. This process

can be illustrated by the following pseudo code:

First image is acquired with odd k-lines
For all subsegquent images
Navigator location is compared with previous images working backwards
If an image with the same navigator window value is found
Image is acquired next in sequence with either odd/even k-lines
Else this is the first occurrence of this navigator window value
Image is acquired next in odd/even sequence from the previous image

For the first acquisition cycle, odd lines are obtained and inserted into a respiratory bin,
subsequently depending on the respiratory navigator position; the associated k-space data is
assigned to an appropriate respiratory bin. As the data collection progresses, the proposed
technique acquires data sets with odd/even k-space coverage dictated by the RR-UNFOLD
algorithm, and assigns them to the appropriate respiratory bins. There is no limit on how
many images should be acquired for each bin, as the data collection process is prospective.

This process is illustrated in Figure 6-15.
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Navigator acquisition

First
occurrence in
this respiratory
range

Look at last image Look at lastimage
acquired from the acquired
current bin

Which lines
were acquired?

Acquire odd lines Acquire even lines

Figure 6-15 A schematic diagram showing the algorithm used for the binning and odd/even
alternation used for RR-UNFOLD.

Figure 6-16 schematically illustrates how this algorithm is applied by using a diaphragm
navigator trace where five respiratory bins are used to cover the entire respiratory range. It
also demonstrates how different bins are created as time progresses. One important detail to
notice is that when a new bin is created, the first image is chosen to be in sequence, in terms
of odd/even k-line coverage, with the previous image regardless of respiratory position. For
example, when bin 2 was first created, the first image used odd k-line coverage as the
previous acquisition was for bin 1 and it used even k-line coverage. This is advantageous for
dealing with bins with orphan frames (single frame within bin) during subsequent

reconstruction.
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Figure 6-16 A sample navigator trace with a respiratory window of 5 mm for each of the bins used for
RR-UNFOLD. A new bin is created in real-time at the first instance of a navigator edge being located
within the specified window and from there, each further instance of a navigator edge within the
required bin alternates the acquisition of odd (O) and even (E) k-space encoding steps. When a new
bin is created, the first image is always chosen to be in sequence, in terms of odd/even k-line
coverage, with the previous image regardless of respiratory position.

With the above data acquisition scheme, it is not always possible to guarantee that each bin
will contain the same number of odd-even k-space pairs for UNFOLD reconstruction. It is
possible to use pre-scan navigator echoes to obtain the general statistics of the respiratory
pattern and the associated respiratory range so that the derived histogram can be used to
equally distribute the raw k-space data among different bins. However, it is not practical in
patient studies as the administration of Gd-DTPA and Adenosine for pharmacological stress
can significantly alter the respiratory patterns of the patient during data acquisition. In this
study, a fixed respiratory window size is used for dynamically creating all the necessary bins
used for RR-UNFOLD as indicated in Figure 6-16. A typical respiratory window size is in

the range of 5 mm, and with this approach the method is immune to respiratory drifts as new

bins are created on the fly where necessary.

6.4.3 Image reconstruction after re-binning

The image series created by the above re-binning process cannot be used directly for
reconstruction as non-uniform breathing patterns can result in bins with too few images for
UNFOLD reconstruction. The number of bins created is dependent on the respiratory range
of the subject during acquisition and the size of the window for each bin. Due to the way that
UNFOLD is implemented, certain restrictions are imposed on the contents of each bin, i.e.,
each bin must contain at least four images, fewer than this will make it impossible to
separate the aliased image from the original image in the temporal frequency domain, as it
becomes impossible to distinguish sufficient temporal frequencies. In addition, due to the

way that Fourier temporal filtering is used each bin must contain an even number of images.
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To correct for these problems where necessary each bin is supplemented with additional
frames before applying the UNFOLD method. Since all bins are created dynamically during
acquisition, there are four possible cases that need to be considered. The basic steps
involved in the proposed method are shown in Figure 6-17. For example, when there is only
one frame in the bin, images from the closest navigator position that are in odd-even
sequence are appended to the bin. Since when a new bin is first created, the initial image is
always chosen to be in sequence with the previously acquired image, the bin to be used for
padding is often located at the next navigator window with variation in contrast agent bolus
kept to a minimum. Further processing is then applied to ensure that the bin with padding has
a minimum of four images with all the odd-even acquisition paired before conventional
UNFOLD reconstruction is used. When there are only two images in the bin, the existing
data in the bin is duplicated before reconstruction. The third case in Figure 6-17 deals with
situations where there are an odd number of frames within the bin. In this case, the
penultimate image is copied as the last image to complete the odd-even sequence. Finally, if

none of the above applies, conventional UNFOLD reconstruction is applied directly.

The principle behind this post processing step is to increase the contents of a bin to a suitable
size for UNFOLD to be successfully applied. This is achieved either through the reuse of
current frames within the bin or the recruitment of frames from neighbouring bins. The
frames recruited must adhere to the required phase shifting pattern selected during the
acquisition, i.e., in our case odd and even phase encode lines. From this, reconstructions for
the frames originally contained within the bin are kept and reinserted into the final series,
while those from additional ‘borrowed’ frames are discarded. In this way the result of the
UNFOLD procedure is optimised for each bin by making use of the extra information

present in the full series.
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6.4.4 Restoration of tracer kinetic signal

By splitting up the image series into spatially registered series, respiratory motion induced
artefact can be eliminated in the reconstructed images. However, UNFOLD works by
eliminating temporal changes in pixel intensity at the Nyquist frequency, which has the
effect of smoothing out sharp signal intensity changes between adjacent images within each
bin. With respiratory reordering, this smoothing effect is amplified for each bin, as
successive images are acquired with the same respiratory position but not temporally
immediately adjacent to each other. This is especially pronounced during contrast uptake, as
by reordering the sequence sharper intensity changes have effectively been introduced. To
reintroduce the correct intensities within the image, extra central phase encode k-lines are
acquired to reintroduce the low frequency spatial intensity information. These can be
substituted into the k-space series after the application of RR-UNFOLD to correct for

excessive temporal smoothing due to out of sequence UNFOLD reconstruction.

6.4.5 Image acquisition

To study in detail the effectiveness of the re-ordering scheme for motion artefact removal
and the robustness of the re-binning algorithm for free-breathing perfusion imaging, a true-
FISP perfusion sequence was applied to 10 normal subjects (24 years +/- 3) and 10 patients
(54 +/- 18) with clinical referrals for late gadolinium myocardial viability assessment with
written consent. The navigator column was formed by intersection of 90 and 180-degree 10
mm thick slice selective RF pulses, positioned in the head-foot direction through the dome of
the diaphragm. For navigator echoes, a frequency-encoded readout of 256 points was used to
cover a 400 mm range, which was then interpolated to 1 mm resolution during reconstruction

for display and edge position measurement.

For each subject, images covering 50 cardiac cycles were acquired. For each cardiac cycle,
the navigator was followed by single slice TrueFISP, which, to avoid cardiac motion, ran as
late as possible in the cardiac cycle, typically starting about 400 to 500 ms after the R-wave
depending on the patient's R-R interval and R-R variability. Total image duration was 260
ms from the start of the non-selective saturation pulse to the end of a single-shot TrueFISP
sequence. For normal volunteers Gd-DTPA was not used, and therefore the saturation pulse
was turned off. Other imaging parameters include: 140 ms saturation recovery delay, 0.1
mmol/kg Gd-DTPA dose injected at approx 3 ml/s followed by 10 ml saline flush, 10 mm
slice thickness, 40-60 degrees flip angle (SAR limited), 370 mm (FE) by 288 mm (PE) FOV
(both scaled up sometimes for bigger patients), 144 (FE) by 112 (PE) un-interpolated
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unfiltered pixels in the image, full ky coverage in linear order over ky versus time, and 2.2 ms
repeat time between the FISP RF-pulses. All images were acquired on a SIEMENS 1.5T
Sonata scanner with a peak gradient strength of 40 m7/m and peak slew rate of 200

mT/m/ms.

The timing diagrams in Figure 6-18 shows the time since the last R wave on the horizontal
axis. The diaphragmatic navigator runs just before the saturation pulse, it is therefore as up-
to-date with respect to respiratory motion as is possible. The saturation pulse (at 464000-
472000 us) for the T1-weighted perfusion TrueFISP perfusion image resets all longitudinal
magnetization to 0, so the varying T1-recovery of different tissues give different brightness’
in the TrueFISP image whose central raw data is acquired approx 140 ms (called TI) later. If
the navigator hits any blood that enters the heart later, the saturation pulse to some extent
acts as a reset for this. The TrueFISP image data acquisition takes 260 ms, plus 30 ms for the
saturation and stabilisation at its beginning. For multi-slice acquisition, there would be one
navigator and then for each slice a saturation pulse and data acquisition. Even though the
saturation pulse is non-slice-selective by applying the saturation pulse again we ensure each

slice has the same T1 sensitivity.

6.4.6 Error analysis

Validation of the proposed technique was performed in two stages. A detailed study of the
technique on 10 normal subjects without the administration of contrast agent allowed for the
assessment of RR-UNFOLD on the removal of motion artefact. Following this, the method
was applied to 10 patients for further assessment of the quantitative errors associated with
perfusion index calculation under normal CMR perfusion settings. The aim of the patient
study is to determine the effects of the changing image intensity through time on the success
of RR-UNFOLD. It also provides a means of determining the optimum number of extra
central k-lines required to maintain the contrast agent intensity through time. For quantifying
image artefact, the image series reconstructed with full k-space encoding was used as a gold
standard and the sum of the squared subtraction error was calculated for different

reconstruction methods used.
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Figure 6-18 The sequence timing diagram used for the acquisition of the patient data. The top figure
shows the time in microseconds since the last R wave on the horizontal axis, the figure below shows
the detail during the acquisition of the navigator, application of the saturation pulse and the start of the
image data acquisition.
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6.5 Results of RR-UNFOLD

The average histogram analysis of the diaphragmatic navigator position for 10 patients is
shown in Figure 6-19, demonstrating the dwell time at end expiration observed with both the
pre-scan method and the actual perfusion imaging. The histogram analysis of the
diaphragmatic navigator for three patients is shown in Figure 6-20. Graph (a) shows a typical
example with more acquisitions towards end expiration for both the pre-scan and the
perfusion scan. In this case, the delay at end expiration is more pronounced during the actual
perfusion scan. Graph (b) is more unusual with the patient appearing to pause at both end
expiration and end inspiration, with the end inspiratory pause is more pronounced during the
perfusion scan. This disagreement between the pre-scan and the actual scan is common
amongst other data sets and can be explained due to natural changes in the patients breathing
along with discomfort due to the intravenous contrast agent administration. Graph (c) shows
an example where a significant drift is observed between the respiratory range of the pre-
scan and the respiratory range of the perfusion scan measured with the diaphragmatic
navigator. In this situation the use of the pre-scan to determine bin widths and location as
discussed earlier could be problematic, potentially performing no better at distributing the

image frames amongst respiratory bins than the use of no pre scan at all.

Average navigator histogram
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Figure 6-19 The average diaphragmatic respiratory navigator histogram for all 10 patients during the
120 cardiac cycle pre-scan, and 50 cardiac cycle perfusion scan. Diaphragmatic respiratory positions
are normalised between 0 (end inspiratory) and 1 (end expiratory) with 0.1 bin widths.
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Figure 6-20 Example diaphragmatic respiratory navigator histograms for three patients during the 120
cardiac cycle pre-scan and 50 cardiac cycle perfusion scan. Diaphragmatic respiratory positions are
measured in mm with 2 mm bin widths, smaller values represent end inspiration and greater values end
expiration.
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Figure 6-21 The ratio of subtraction errors between RR-UNFOLD and conventional UNFOLD for the
patients with no pre-scan binning (a) and binning based on a preliminary pre-scan (b) studied when
different respiratory window sizes/number of bins are selected. In both figures, the same k-space data
with extra central lines were used for RR-UNFOLD and conventional UNFOLD techniques. The
subtraction error is the sum of mean square pixel subtraction errors for the whole sequence. The solid
curve demonstrates the mean error ratio for all 10 subjects and the vertical bars indicate the standard
deviation amongst subjects. An error ratio of less than 1.0 indicates an improved artefact suppression
of the RR-UNFOLD technique against normal UNFOLD.
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Figure 6-21 demonstrates the effect of binning procedure on the performance of RR-
UNFOLD when applied to 10 patients with the administration of contrast agent. As shown in
(a) between S and 6 mm bin width with no pre-scan is able to reduce the error for RR-
UNOLD to around 60% of that which is possible with UNFOLD. The two alternative
binning procedures based on a pre scan in (b) produce very similar results. Optimal results
are obtained with between 4 and 6 bins with RR-UNFOLD reducing the error to at best
around 65%.

Difference between Difference between
Original UNFOLD Original and UNFOLD RR-UNFOLD  Original and RR UNFOLD

Figure 6-22 An example of the image artefact introduced by different reconstruction techniques,
showing original fully encoded images — first column, conventional UNFOLD reconstructed images —
second column, difference between the original and UNFOLD reconstructed images — third column,
RR-UNFOLD reconstructed images (prior to tracer intensity correction) — fourth column, and the
difference between the original and RR-UNFOLD reconstructed images — fifth column, respectively.
For both UNFOLD and RR-UNFOLD, a two-fold reduction in phase encoding steps was used.

Figure 6-22 illustrates the image artefact introduced by applying the original UNFOLD and
the proposed RR-UNFOLD methods (prior to intensity correction) to a perfusion sequence.
It is evident that with UNFOLD significant motion blurring and artefact is present. Before
the restoration of tracer kinetic signal, the proposed RR-UNFOLD method eliminates motion
artefact and restricts the difference between the reconstructed images and those with fully
encoded data only to temporal intensity attenuation. This attenuation can be corrected for by
the use of extra central k-lines, which is demonstrated in Figure 6-23, where signal intensity

curves from regions within the blood pool and myocardium are provided to illustrate the
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effectiveness of the proposed intensity correction method. It is evident that by using extra

central k-lines with RR-UNFOLD, the reconstructed perfusion image series is very close to

the result with full k-space encoding. In the examples shown in Figure 6-23, only 6 extra

central k-lines were used, which represented a 45% reduction in image acquisition time.
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Figure 6-23 ROI signal intensity curves showing the effectiveness of signal intensity correction by the
introduction of extra central k-space encoding lines for RR-UNFOLD. The three intensity curves of
each figure show the signal derived from images with and without central k-space encoding measured
within the blood pool and myocardium, respectively, compared to those from the original fully
encoded perfusion image sequence.

To provide a more quantitative assessment of the errors introduced by the proposed RR-

UNFOLD technique, the following experiments were conducted to analyse the effect of
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window width of each bin and the number of extra k-lines used for RR-UNFOLD

reconstruction.

Normal subject no pre-scan navigator binning error

)
Error ratio

0.0 r T r T T — T T

Bin width (mm)

Patient data no pre-scan navigator bin width

C
Error ratio

0.0 T . - : r r T
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Figure 6-24 The ratio of subtraction errors between RR-UNFOLD and conventional UNFOLD for the
normal subjects (a) and patients (b) studied when different respiratory window sizes are used for each
bin. In both figures, the same k-space data with extra central lines were used for RR-UNFOLD and
conventional UNFOLD techniques. The subtraction error is the sum of mean square pixel subtraction
errors for the whole sequence. The solid curve demonstrates the mean error ratio for all 10 subjects
and the vertical bars indicate the standard deviation amongst subjects. An error ratio of less than 1.0
indicates an improved artefact suppression of the RR-UNFOLD technique.
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Figure 6-24 illustrates the amount of reduction in image artefact with RR-UNFOLD
compared to UNFOLD when different window sizes (bin width) were used during data
acquisition. To make a fair comparison, the extra central k-lines were also used for
UNFOLD reconstruction and the ratio of image artefact between the two was used for Figure
6-24 (a) and (b). For normal volunteers with no Gd-DTPA injection, the amount of image
artefact mainly reflects the effectiveness of the binning algorithm for respiratory motion
correction, whereas for patients, this is associated with the combined effect of motion and
contrast uptake restoration. As expected, smaller respiratory windows are advantages for
motion correction, whereas for normal perfusion sequences in the presence of Gd-DTPA
bolus, a window size of 5 mm is optimum. Overall, the average image artefact in the patient
group was reduced to a mean of 60% * 20 standard deviations across the 10 patients in
comparison with the UNFOLD technique when the same amount of k-space encoding lines
were used. This reduction in artefact in the patient group is likely to be significant for

quantifying subtle perfusion defects in clinical applications.

The graph in Figure 6-25 illustrates the reduction in image artefact with RR-UNFOLD when
different numbers of central k-lines, ranging from 1 to 20, were used for reconstructing the
data sets for the 10 patients studied. For this analysis, the navigator window size used for
each bin was fixed at 5 mm. As before, all values provided are represented as the amount of
artefact reduction with RR-UNFOLD compared to normal UNFOLD. It is evident that the
error reduces rapidly with the first 5 extra lines and after this point the reduction in image
artefact is marginal. A good compromise between image quality and scan efficiency is to use
6 extra central lines for the present imaging sequence, at which point the artefact is reduced
to 30% of the normal UNFOLD method.

To help relate the above image artefact ratio to the actual improvement in the visual quality
of the reconstructed images, Figure 6-26 provides an example image series by using the
optimum parameter settings determined above, i.e., the navigator window size and the
number of extra central k-lines were set to be S mm and 6, respectively. Four frames from a
perfusion image series are shown for one of the patients studied. Each frame is reconstructed
using five different methods with respective subtraction images demonstrating the difference
between the original image and the reconstruction results. It can be seen that UNFOLD
introduces a large amount of spatial motion artefact even with the addition of the 6 extra
central k-lines. While RR-UNFOLD almost entirely eliminates this edge artefact, it suffers
from low frequency image intensity artefact. Using RR-UNFOLD with the additional 6 extra
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central k-lines both types of artefact from the final reduced k-space reconstruction can be

significantly reduced. This acquisition gives a 45% saving in k-space coverage with an

average reduction in artefact of (72%+8%) over the UNFOLD method.

Reduction in subtraction error due to extra central k-lines

0.8 1

Error ratio
o
(2]
a

(o B e O B R T e 5=
1 S kT T E L = e S L
—T 1 7
L A A o e |
0.0 T

1 2 3 4 5 6 7 8 9 10 11 12 13 14 15 16 17 18 19 20

Number of extra central k-lines

Figure 6-25 The reduction in error (mean and standard deviation of the 10 patients studied)
represented as a ratio of RR-UNFOLD against normal UNFOLD when different numbers of extra
central k-lines are used.

Finally, the effect of RR-UNFOLD on the accuracy of the derived perfusion index was
analysed for the 10 patients studied. The image series were analysed by using CMRtools
(Imperial College, London, UK) where a model-based approach based on Fermi
deconvolution [15] was used to fit the signal time course curves. Six transmural ROI's were
selected in addition to the blood pool from the short axis slice of the myocardium. The image
series full k-space acquisition was then automatically aligned with image registration to
correct for rigid body motion. Manual adjustment was applied when necessary if automatic
registration was sub-optimal. The resulting time series curves were analysed by de-
convolving the myocardial signal with that of the blood pool. The same analysis, including
the same motion correction parameters, was applied to RR-UNFOLD reconstructed data.
Normalised slope is used as the perfusion index for the 10 patients studied and Figure 6-27
gives regional values for one of the patients studied. It is evident that the error from normal
UNFOLD ranges from 25% to 71%, whereas with RR-UNFOLD the maximum error is only
14%. Figure 6-28 illustrates the mean absolute perfusion index error using the conventional

UNFOLD and the proposed RR-UNFOLD with a 5 mm bin width and 6 extra central lines
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for all of the 10 patients studied. The average error of the two techniques was 25% and 9%

respectively.

Original UNFOLD UNFOLD RR-UNFOLD RR-UNFOLD
with extra without extra
central lines central lines

Figure 6-26 Four frames from a perfusion sequence of a patient showing the image artefact
introduced by using different reconstruction techniques, showing original fully encoded images — first
column, conventional UNFOLD reconstructed images — second column, conventional UNFOLD with
extra central k-lines — third column, RR-UNFOLD reconstructed images (prior to tracer intensity
correction) — fourth column, and RR-UNFOLD - fifth column, respectively. Rows (a)-(d) show the
results for different time frames and the corresponding subtraction errors compared to the original
fully encoded image.
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Segment UNFOLD RR-UNFOLD

1 1.25 0.95
2 1.42 1.14
3 1.28 1.00
4 1.32 1.03
5 1.36 1.00
6 1.71 1.05

Figure 6-27 Perfusion index for normalised slope from Fermi deconvolution curve fitting calculated
for 6 mid-ventricular segments of a patient demonstrating the effect of RR-UNFOLD and
conventional UNFOLD for myocardial perfusion quantification. Relative values between reduced k-
space reconstructions and the original data are shown for UNFOLD and RR-UNFOLD, where 1.0
indicates no change in perfusion index. With UNFOLD, the derived perfusion index has an error
range of 25%-71%, whereas for RR-UNFOLD the error range is kept within 14%.

Perfusion index error

__________________________________________________________________

O UNFOLD
ORR-UNFOLD

Relative perfusion index error (%)

Patient ID

Figure 6-28 The relative error in perfusion index after applying the same processing steps as in
Figure 6-27 to all the 10 patients studied by using the UNFOLD and RR-UNFOLD techniques,
respectively. The mean absolute perfusion index errors and minimum/maximum absolute perfusion
index errors are shown for each patient.
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6.6 Discussion and conclusions

In this study, a new RR-UNFOLD technique for myocardial perfusion imaging has been
introduced. The relative strength and potential pitfalls of the techniques were assessed in
detail, with results demonstrating the potential clinical value of the technique. The method
achieved an overall 45% reduction in image acquisition time, whilst significantly reducing
the image artefact compared to UNFOLD based on the TrueFISP perfusion sequence used.
One of the major advantages of the proposed method is its simplicity, in terms of both
respiratory motion correction and data reconstruction. The method only involves minor
changes to sequence design if prospective navigator echoes are available on the CMR
system. The re-binning algorithm proposed is straightforward to implement, and our study
involving both normal subjects and patients demonstrates the robustness of the technique in

dealing with different respiratory patterns.

For this study, the bin used for each image sub-series was created dynamically, thus making
the technique resilient to changes in respiratory patterns. It is worth noting that for the results
presented in the chapter, a fixed respiratory window was used for all the bins. The
comparison of the different binning methods involved compiling results for a variety of
different bin widths and number of desired bins. While the methods involving the pre-scan
correctly allocated images to the relevant bins, the importance of this was found to be small.
For the pre-scan methods, especially with the histogram the desired effect was to evenly
spread the number of images in each bin. This was found to be of less importance than the
respiratory range that a bin covered. The results for both pre-scan methods were very similar,
on the normal subjects with no contrast agent the more bins that were used the better the
result up to around 14 bins at which point the bin width came close to the 1 mm navigator
resolution so the results were unaffected. This is shown in Figure 6-29 and can be compared
with Figure 6-24 for the no pre scan method. The patients with contrast agent showed
improvement as the number of bins increased up to around 6 bins, at which point the error
increased as the small bin size affected the ability to accurately reconstruct the intensity
change due to the passage of contrast agent. For the complete range tested between 2 and 20
bins for both pre-scan methods the RR-UNFOLD method with 6 extra central lines showed

improvement in comparison with normal UNFOLD with 6 extra central lines.
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Normal subjects without Gd-DTPA
ratio of RR-UNFOLD and UNFOLD subtraction error
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Figure 6-29 The ratio of subtraction errors between RR-UNFOLD and conventional UNFOLD for the
normal subjects (a) and patients (b) studied when different numbers of bins are selected following an
initial pre-scan. The first of the two methods divides the respiratory range evenly while the second
selects bins to divide the histogram distribution from the pre scan evenly.

By creating bins in real time based on a predefined bin width, we are able to discard the
preliminary navigator scan. This reduces the time that the patients must stay in the scanner. It

also reduces the dependency on the relationship between the respiratory pattern of the pre-
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scan and the respiratory pattern of the actual scan. The results for this method were found to
be more consistent than the pre-scan methods. Furthermore, it is also important to consider
the respiration speed during data acquisition as for perfusion imaging the acquisition window
is long compared to that of conventional imaging due to the complete spatial coverage
required for every cardiac cycle. This effect is most pronounced at mid-respiration when the
speed of the diaphragm movement is at its maximum. An optimised solution to these issues,
however, is not trivial and will require prior knowledge of subject specific respiratory
patterns. Although this information can be acquired, to some extent, by using pre-scans so
that the respiratory patterns are monitored for a short period of time before actual perfusion
imaging, it is difficult to put this into practice as respiratory patterns do change during the
course of image acquisition, especially due to the use of pharmacological stress for assessing

the perfusion reserve.

It is worth noting that although all results shown in this chapter are based on a TrueFISP
perfusion sequence, the method is applicable to general perfusion sequences. Our results
have shown that RR-UNFOLD significantly extends the applicability of UNFOLD to
perfusion imaging, which brings a 40% reduction in image artefact (or 70% reduction if the
extra central k-lines were not used for UNFOLD reconstruction). The scan efficiency
achieved can either be used for extending the 3D spatial coverage or shortening the
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