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1 | INTRODUCTION

Diffusion MRI sensitizes the MR signal to the random
motion of water molecules in tissue.! By probing the water
motion in tissue, one can infer information about the
underlying microstructure.? The heart is arguably one of
the most challenging organs for diffusion MRI because
of cardiac and respiratory motion. Macroscopic motion
can cause significant signal loss and therefore dedicated
motion-compensation techniques are required to scan the
beating heart.>*

Cardiac diffusion-weighted MR images can be
obtained free breathing using a spin-echo (SE) sequence®
which allows the acquisition within one cardiac cycle.
However, SE cardiac diffusion-weighted imaging (DWI)
with traditional monopolar encoding is sensitive to car-
diac motion which changes phase coherence and can
be mistaken for diffusion. One solution to this problem
is to use motion-compensated diffusion-encoding gradi-
ent waveforms that are sensitive to diffusion motion and
insensitive to bulk motion.3

Nulling the first moment of diffusion gradients
(M;-nulling) to achieve velocity-compensation was first
introduced for SE cardiac DWI by Gamper et al.> Through-
out this paper, M,, means all moments lower than n are also
nulled. More recently, diffusion gradients with moments
nulled up to the second order (M;-nulling), providing
both velocity and acceleration compensation, have been
used.®*7 Velocity and acceleration-compensated methods
are presently the most common approach for SE cardiac
DWI in human hearts where echo times (TEs) of 65-77 ms
at a maximum b-value of 350-500 s/mm? (maximum gra-
dient strength of 80 mT/m) have been reported.?1°

The total duration of any moment-nulled gradient
waveform is longer than the one of monopolar waveforms.
As a result, motion-compensated waveforms increase the
TE which reduces the signal-to-noise-ratio (SNR). Up
to third-order motion compensation, that is, jerk-nulling
(M;-nulling), has so far only been explored in rat hearts on
a preclinical MRI scanner.!!

Unsurprisingly, most of the in vivo human,
second-order motion compensated (M;) SE cardiac DWI
studies so far are limited to a maximum b-value of 500
s/mm? to keep the TE within a reasonable range (TE <
80 ms). However, by increasing the b-value the sensitivity
of the diffusion-weighted signal to smaller spatial scales
increases,'? which allows to probe tissue microstructure
of the heart.!® The advantage of using higher b-values is
shown in several cardiac DWI ex vivo studies.!>!* The
work from Teh et al.!> on in vivo human heart suggested
that higher b-values may be advantageous in inferring
microstructural information from cardiac tissue.

Improved gradient performance allows for shorter dif-
fusion gradient waveforms (at a given b-value) and, there-
fore, shorter TEs, which in turn reduces signal losses from
T2 relaxation.'®!® The Connectom MR system!®!7 fea-
tures magnetic field gradients four to eight times stronger
than those on commonly available clinical MR scanners.
The Connectom MR scanner has significantly reduced the
resolution limit for axon diameter estimation in the brain
or drastically improved the microstructural anisotropy
assessment (see Reference 20 for details). Thus, similar
to these neuro applications, the increased gradient per-
formance can be expected to give new insights into car-
diac microstructure. This scanner therefore also represents
an opportunity to investigate the effect of higher-order
motion compensation in the human heart in vivo.

Here, we demonstrate cardiac DWI investigations of
the human heart on a Connectom MR system. In addi-
tion, we sought to establish the feasibility of applying
third-order motion-compensated (M3) diffusion gradients
at byax = 1000 s/mm?, which would result in prohibitively
long TEs in conventional clinical MR scanners. The main
focus of this work is to compare motion compensations
up to second versus up to third-order (M, vs. M3) and
low versus high b-value (byax = 450 s/mm? VS. byax =
1000 s/mm?).

2 | METHODS

2.1 | Experimental setup
and recruitment

Cardiac diffusion-weighted images were acquired on
a Connectom 3T research-only MR imaging system
(Siemens Healthcare) with a maximum gradient strength
of 300 mT/m and slew rate of 200 T/m/s. An 18-channel
body receive coil was used in combination with a
32-channel spine receive coil. Ten healthy (no known pre-
vious cardiac conditions) volunteers were recruited for this
study (age range 19-36 years old (24.1 + 6.4 years old),
weight range of 54.9-112 kg (72.6 + 20.5 kg), six females
and four males). The studies were approved by the Cardiff
University School of Psychology Ethics Committee and all
subjects provided written consent.

2.2 | Gradient waveform design

Traditional motion-compensated diffusion encoding gra-
dient waveforms comprise trapezoidal gradient waveforms
which are (anti-)symmetric around the 180° radiofre-
quency (RF) pulse.>!! However, spin-echo echo-planar
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imaging (SE-EPI) introduces dead times before the refo-
cusing pulse, therefore, it is more efficient to design asym-
metric waveforms.?"2> Asymmetric waveforms are prone
to concomitant fields** which can have a severe effect on
the signal. To mitigate against this confounder, we con-
sider Maxwell compensation in our waveform design.?
The Maxwell compensated waveform necessitated in our
case an increase of the TE by 4-6 ms (this correction may
not always be essential but it becomes more important for
higher gradient amplitudes since the concomitant fields
scale with G?).

Diffusion gradient waveforms were designed using the
NOW toolbox?®%” (https://github.com/jsjol/NOW) to pro-
vide Maxwell-compensated waveforms that can reach a
specified b-value in the shortest TE.

The waveform design was performed offline. For
designing the waveform, we determined—the timing
before the 180° pulse, the duration of the 180° pulse, the
time after the 180° pulse, Gmax, SRmax, and order of motion
compensation, respectively. During the optimization, the
encoding time was discretized into 77 (the default value
in the toolbox) timesteps (of equal length), and the gra-
dient amplitude varied at the time points to achieve the
highest b-value under the following constraints: (i) lin-
ear shape of the b-tensor (gradients along a single axis);
(ii) slew rate of less than 80 T/m/s to remain within the
MR scanner-imposed stimulation limits (see Table S1 and
Figures S3, S4, and S5, for more details); (iii) maximum
gradient amplitude less than 300 mT/m; (iv) Maxwell
compensation®® (see Figure S7, for more details); and (v)
the gradient moments up to the desired order should be
smaller than a threshold (10™* in unit of s"/m, where
n is the motion compensation order?’). The maximum
b-value, in this work, was 1000 s/mm?, and other b-values
were achieved by scaling the gradient amplitudes while
keeping the shape and timing constant. It is more SNR effi-
cient to design the waveforms for each b-value separately.

Mz-compensated
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However, some part of our work is focused on com-
paring the effect of maximum b-value on the estimated
diffusion metrics (b = [100, 450] s/mm? vs. b = [100,
1000] s/mm?). We therefore considered it as important
to avoid any contribution from TE difference, and kept
the TE constant for both b = [100, 450] s/mm? versus
b = [100, 1000] s/mm? scenarios. The waveforms with
up to second- (M,) and third-order (M3;) motion com-
pensation are asymmetric in time and shape as shown
in Figure 1. Our waveforms are not constrained a pri-
ori to a specific shape (i.e., trapezoidal, sinusoidal, etc.)
since limiting the shape of the waveform makes the design
suboptimal (see Figure S7). The waveforms in Figure 1
do not reach Gpax in the left side of the waveform, due
to the Maxwell-compensation constraint. If we release
this constraint, the waveform gets closer to the Gpax on
either side of the refocusing pulse. Since the NOW toolbox
does not guarantee a global minimum the optimization is
repeated 10 times with random waveforms for initializa-
tion (Figure S9) and the result with the highest b-value
is selected (see References 26 and 27 for more details).
The NOW toolbox provides the waveforms as text files
that can be read by the sequence. The sequence interpo-
lates the gradient waveforms linearly to the raster time
that is used by the scanner. This interpolated waveform
is used to calculate the b-value. A potentially remaining
zeroth-order moment, due to the interpolation, is compen-
sated by adding a short, small balancing gradient pulse.
The optimization processing time was on the order of
minutes.?%

2.3 | Data acquisition

Routine GRE and TRUEFISP sequences were used for car-
diac planning and cine-imaging, whereas cardiac DWI was
performed with a prototype pulse sequence that enabled

Ms-compensated
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FIGURE 1 Numerically optimized motion compensated waveforms up to second- and third-order motion compensation (M, and M3).

The waveforms are optimized for by, = 1000 s/mm?, Gpax = 300 mT/m and maximum slew rate of 80 T/m/s (see Table S1 for more details).
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diffusion encoding with user-defined gradient waveforms
and with EPI readout.?® The cine images were acquired in
short-axis orientation for apical, mid, and basal slices. DWI
was performed at the same location and orientation as the
cine imaging. The phase encoding direction was system-
atically varied in scout DW images (step size of 30°) and
the phase encoding orientation providing the best image
quality was chosen for the full cardiac DWI acquisition
in each subject. The cardiac DWI parameters were: TR =
3RR-intervals, field-of-view = 320 x 195mm?, in-plane
resolution = 2.3 x 2.3 mm?, slice thickness = 8 mm, three
short axis slices (base, mid, and apical), partial Fourier fac-
tor = 7/8, no parallel imaging, bandwidth = 2012 Hz/pixel
and local subject-specific shimming. Each full data set
comprised of b = 100, 450, and 1000 s/mm? in 3, 30, and
30 directions with 12, 6, and 6 repetitions, respectively,
for both M, and M;. Data were acquired with ECG-gating
and under free-breathing.® Neither respiratory navigation
nor respiratory gating were used. Navigators can pro-
long the acquisition time significantly as they depend
on the navigator efficiency. It is common practice to
exclude motion-corrupted diffusion-weighted images in
post-processing prior to diffusion tensor fitting given that
the image space is oversampled with respect to number of
diffusion encoding directions and repetitions. Importantly,
we previously did not find any difference in diffusion
biomarkers in using this approach versus data acquired
with respiratory navigator (unpublished data). The latter
approach came at the expense of significantly prolonged
acquisition times. Saturation bands were placed around
the heart to suppress the signal from outside the vol-
ume of interest. Fat suppression was performed using
the SPAIR method.?® The trigger delay was defined as
~20% of end-systole as determined from the cine images
to acquire the images at peak systole, that is, maximal
wall thickness. The total acquisition time was around
one hour. Both magnitude and phase data were collected
and used to generate complex-valued images. The data
associated with this paper are available from the Uni-
versity of Leeds Data Repository, https://doi.org/10.5518
/1511.

The maximum gradient strength used in this study
for acceleration-compensation acquisition (M;) to gen-
erate the b-value of 1000s/mm? was 296.4 mT/m and
the maximum slew-rate was 80 T/m/s which resulted
in an TE of 74 ms. For the third-order motion com-
pensation (M3), the maximum gradient strength was
293.2 mT/m with a maximum slew-rate of 79.2 T/m/s
to provide the b-value of 1000s/mm? with the TE of
80 ms.

Separate noise-only data sets (magnitude and phase)
were acquired using the same sequence without RF
pulses®® and with a TR of 730 ms.

2.4 | Data analysis

The phase variation in each complex-valued diffusion-
weighted image was removed using the method pro-
posed by Eichner et al3! An in-house developed
toolbox was used for further postprocessing.32-3+
Real-valued diffusion-weighted images were first regis-
tered: for each slice, all low b-value images were registered
to one user-specified low b-value image, and then all
images were registered to the mean of the co-registered low
b-value images. The two-dimensional registration was per-
formed with SimpleElastix,>* with rigid transformation,
separately for basal, middle, and apical slices. Next, an
outlier rejection technique was used to remove the outliers
(e.g., the images with misregistration or motion corrup-
tion) from the data.3? Last, the diffusion tensor was fitted
using weighted linear least squares regression®® to the
data, and diffusion metrics such as fractional anisotropy
(FA), mean diffusivity (MD), helix angle (HA), and sec-
ondary eigenvector angle (E2A)% were extracted for each
voxel.32 The left ventricle in each slice was segmented
manually using an in-house developed toolbox.3? Parts of
the left ventricle corrupted by susceptibility-related dis-
tortion were not included in the averaging for the global
metrics. The noise level, o, was measured as the SD of the
real part of the noise data (acquired without RF pulses) in
the image domain from 256 repetitions. The SNR of the
data is defined as SNR = S/o, where S is the measured
signal intensity for each b-value and direction.'* The data
were divided into four sets to conduct the experiments:

« M, with b = 100 and 450 s/mm?
M, with b = 100 and 1000 s/mm?
M; with b = 100 and 450 s/mm?
M; with b = 100 and 1000 s/mm?

Bland-Altman plots were used to compare the dif-
fusion metrics (FA, MD, and E2A) obtained from M,
versus M3z as well as by, = 450 s/mm? versus by =
1000 s/mm?2. The mean value of MD, FA, and E2A in each
slice was used for comparison. To determine the statisti-
cal significance between different schemes, the Wilcoxon
signed-rank test was used where a p-value less than or
equal to 0.05 was considered statistically significant.

3 | RESULTS

Figure 2 shows representative diffusion-weighted images
averaged over six repeats of a single diffusion direction
acquired with b = 100, 450, and 1000 s/ mm? using second-
and third-order motion compensation (M, and M3). 2%
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Apical Mid Basal
FIGURE 2
averaged over six repeats of a single diffusion direction acquired in
basal, mid and apical slices with b = 100, 450, and 1000 s/mm?
(panels A-C) using second (M,, TE = 74 ms) and third-order motion
compensation (M3, TE = 80 ms). M,- and M;- compensated images
for each b-value are shown with the same window/grayscale level.

Representative cardiac diffusion-weighted images

of diffusion-weighted images were discarded due to poor
image quality and signal dropout and on average 18% of
the voxels were excluded per data set for calculating the
mean global metrics due to the susceptibility-related dis-
tortions. An example diffusion weighted image for each
subject is shown in Figure S8. The measured SNR of the
M,- and Ms-compensated images at b = 100 s/mm? were
33 + 11, and 29 + 10, respectively, over the left ventricle
(Figure 3). This decrease in SNR is in line with the increase
in TE from M, (TE = 74 ms) to M; (TE = 80 ms), assuming
a T2 of 46 ms*’ (exp(—(TEy, — TEy,)/T2) = exp(—6/46) ~
0.88 ~ 29/33). While the SNR decreases slightly going
from b = 100 to 450 s/mm?, the SNR change is more pro-
nounced from b = 450 to 1000 s/mm? (Figure 3). Each
b-value uses a different window/level for better visibility.
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70

M,

100 s/mm?

M

b

40

450 s/mm?

b=

b =1000 s/mm?2

FIGURE 3
basal, mid, and apical slices from a single diffusion direction (the
same diffusion direction as Figure 2) with b = 100, 450, and 1000

s/mm? (panels A-C, respectively) using second (M,, TE = 74 ms)

Signal-to-noise-ratio (SNR) maps obtained in

and third-order motion compensation (M3, TE = 80 ms).

Figure 4 shows the MD, FA, E2A, and HA maps from data
acquired using second- and third-order motion compen-
sated waveforms (M, and M3) with by,x = 450 s/mm? and
bmax = 1000 s/mm? for three different slices. Helix angle
maps obtained from acceleration-compensated diffusion
encoding demonstrate the distinctive rotation from pos-
itive to negative helix angles from the subendocardium
and subepicardium.3® The transmural rotation of the helix
angle is also apparent in the helix angle maps derived from
the Ms-compensated diffusion encoding. The mean and
SD of MD, FA, and E2A for all 10 subjects are shown in
Figure 5A-C. Histogram of HA values for all four schemes
is shown in Figure 5D. The histograms of HA are simi-
lar for all four scenarios. The MD values are higher for
bmax = 450 s/mm? compared to by = 1000 s/mm? for
both motion compensation schemes (Table 1). The MD
values are consistently higher in M3 compared to M, for
both bpm.x values (Table 1). There is no specific trend
in FA, E2A, and HA values between different schemes.
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TABLE 1 The mean and SD of mean diffusivity (MD), fractional anisotropy (FA), and median (interquartile range [25%-75%])
secondary eigenvector angle (E2A) values inside a left ventricle mask over all three slices and over all 10 subjects.

MD (x10~3 mm?/s) FA E2A (degrees)
bmax (s/mm?) (mean + SD) (mean + SD) (median [IQR])
450 M, 1.59 +0.21 0.34 +0.08 1(-2226)

M, 1.62 +0.23 0.34 + 0.09 1(=2125)
1000 M, 1.53 +0.16 0.34 + 0.07 1(-2024)
M, 1.57 + 0.20 0.33 + 0.07 1(=2024)
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FIGURE 6 Bland-Altman plots, comparing the mean diffusivity (MD), fractional anisotropy (FA), and secondary eigenvector angle

(E2A) estimated using by, = 450 s/mm?, and by, = 1000 s/mm? for second- (A-C) and third-order motion compensation (D-F) (M, and

M3). Mean difference + 1.96 SD is given by solid and dashed black lines, respectively (N = 10 subjects). The results for basal, middle, and

apical slices are shown by blue, red, and green squares, respectively. The subscripts indicate the b,y that was used to estimate the metric.

To investigate the difference between diffusion met-
rics from different schemes further, we performed a
Bland-Altman analysis, shown in Figures 6 and 7, for
MD, FA, and E2A values obtained with different exper-
imental settings. Figure 6 depicts the effect of dif-
ferent b-values, while Figure 7 illustrates the impact
of the order of motion-compensation. The top row of
Figure 6 shows the comparison between (a) MD, (b)
FA, (c) E2A values obtained using bp.x = 450 s/mm?
(MDyso, FA4s0, and E2A450) and the ones estimated using
bmax = 1000 s/mm? (MDjgo9, FAigeo, and E2Ajg) for

the second-order motion compensation. The second row
(D-F) shows the results for the corresponding compari-
son between byax = 450 s/mm? and by, = 1000 s/mm?
for the third-order motion compensation (M;) scheme,
respectively. There is a statistically significant differ-
ence of (0.06 + 0.04) X 10~> mm?/s (p = 1.6e — 9) between
MDysqg and MDijggo for M, scenario, while this differ-
ence is slightly higher for the Mj; case, (0.08 + 0.05) X
10~*mm?/s (p = 1le — 9), (Table 2). The mean difference
between FA and E2A from the two by, is almost negligible
(Figure 6B,C,E,F). Figure 7 shows the comparison between
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FIGURE 7 Bland-Altman plots, comparing the mean diffusivity (MD), fractional anisotropy (FA), and secondary eigenvector angle

(E2A) estimated using second- and third-order motion compensation (M, and M3) for by, = 450 s/mm?, (A-C) and by, = 1000 s/mm?
(D-F). Mean difference + 1.96 SD is given by solid and dashed black lines, respectively (N = 10 subjects). The results for basal, middle, and
apical slices are shown by blue, red, and green squares, respectively. The subscript “M,” shows the metric was obtained using second-order
motion compensation and the ones with subscript “M5” are estimated using third-order motion compensation.

TABLE 2

a left ventricle mask for different schemes.

AMD(x1073 mm?/s)

Bimax = 450 versus 1000 (s/mm?), M,

0.06 + 0.04 (p = 1.6e—9) (Figure 6A)

Mean difference + SD of mean diffusivity (MD), fractional anisotropy (FA), and secondary eigenvector angle |E2A| inside

Bimax = 450 versus 1000 (s/mm?), M3

0.08 + 0.05 (p = 1e—9) (Figure 6D)

AMD percentage 4% 5%
AFA 0.008 + 0.016 (p = 0.02) (Figure 6B) 0.002 + 0.016 (p = 0.4) (Figure 6E)
AFA percentage 2% 0.6%

A|E2A|(degrees)

A|E2A| percentage

AMD (x10~2 mm?/s)

1 + 3 (p =0.13) (Figure 6C)

4%

M, versus M3, by, = 450 (s/mm?)
—0.05 + 0.05 (p = 4e—5) (Figure 7A)

1 + 4 (p = 0.26) (Figure 6F)

4%

M, versus M3, by, = 1000 (s/mm?)
—0.03 + 0.03 (p = 4e—4) (Figure 7D)

AMD percentage -3% 2%
AFA 0.006 + 0.018 (p = 0.06) (Figure 7B) 0.001 + 0.011 (p = 0.55) (Figure 7E)
AFA percentage 2% 0.3%

A|E2A|(degrees)
A|E2A| percentage

1+ 6 (p = 0.26) (Figure 7C)
4%

1 + 4 (p =0.19) (Figure 7F)
4%
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the MD, FA, and E2A values using second- and third-order
motion compensation (M, and M3) for by, = 450 s/mm?
and bpax = 1000 s/mm?2. The difference between MDy,,
and MDy;, for bpax =450 s/mm? was (—0.05 + 0.05) X
103 mm?/s (p = 4e — 5) which is slightly higher than
the difference using byax = 1000 s/mm?, —0.03 + 0.0.03 X
10> mm?/s (p = 4e — 4) (Table 2). The difference between
FA and E2A obtained using M, and M3 is almost negligible
(Figure 7B,C,E,F).

4 | DISCUSSION

This work demonstrates the feasibility and benefits of
using gradients that are much stronger than those com-
monly available in the clinical routine setting, for cardiac
diffusion MRI applications. Conventional cardiac imag-
ing sequences (such as cine-MRI) could be applied with-
out any further adjustments. Using the Connectom MR
system, we can reach a b-value of 1000 s/mm? with a
minimum TE = 74 ms for the given imaging parame-
ters and optimized waveforms. Notably, the same b-value
on clinical routine systems with Gp.x = 80 mT/m would
need a TE of at least 100 ms. The approximately 25
ms shorter TE improves the SNR nearly twofold due to
the short T2 of cardiac tissue: assuming a T2 of around
46 ms as reported in the literature®’ the SNR increase
is exp(—74/46)/ exp(—100/46) ~ 1.76. It can be expected
that modern hard- and software (such as parallel transmit)
will provide further TE savings but this was beyond the
current capabilities of the Connectom MR scanner. The
high-gradient amplitudes and relatively thick slices made
it essential to include Maxwell compensation at only a
small TE increase of 4 ms compared to the uncompensated
case (see also Figure S7).

4.1 | Effect of motion compensation
order (M; vs. M3)

Utilizing the high-performance gradient system of the
Connectom MR scanner, we were able to demonstrate
third-order motion-compensated cardiac diffusion MRI
with a TE of 80 ms for by, = 1000 s/mm? which is sim-
ilar to the TE routinely used in clinical scanners for the
M,-compensated SE-sequences at by, = 450 s/mm?.%108

Previous studies demonstrated that SE (diffusion MRI)
with acceleration compensated diffusion gradients (M;)
provided both sufficient SNR and insensitivity to motion
(in at least the systolic phase)>*7° to get satisfactory car-
diac diffusion images in vivo. Our work confirms this
finding. However, considering that the participants in this
study were healthy volunteers, with regular heartbeats, the

quality of the images acquired using M, and M3 were not
qualitatively different. The third-order motion compensa-
tion scheme (M3;) may result in better quality images in
patients with a less regular heartbeat.

The slight difference between MD values using M, and
M; could be due to the difference in the shape and timing
of the diffusion gradient waveforms (Figure 1): the pres-
ence of time-dependent diffusion processes® can affect
MD value estimation from second- and third-order motion
compensated (M, and M3) acquisitions. FA and the angu-
lar diffusion metrics (E2A and HA) were found to be the
same for both motion compensation orders.

4.2 | Effect of byax (450 vs. 1000 s/mm?)
The MD and FA values using bpy.x = 450 s/mm? and
bmax = 1000 s/mm? are in agreement with the results
reported for cardiac DWI spin echo sequences.*04:1046 A
reduction in MD value is observed when the b-value is
increased from b, = 450 s/mm? to by, = 1000 s/mm?.
This reduction is statistically significant and can be
attributed to non-Gaussian diffusion effects which become
more pronounced at higher b-values.!> FA and HA val-
ues obtained from both by, were similar. E2A derived
from both b-value data was comparable, albeit at the lower
end of the range reported in the literature for SE in sys-
tole. This could be due to the timing of the DWI acqui-
sition in the cardiac cycle. We aimed the acquisition to
be in the end-systolic phase but if the timing (trigger
delay) is slightly off, the data may be acquired closer to
the mid-systolic phase which would result in lower E2A
values.*?

4.3 | Limitations and future work

The diffusion-weighted technique used in our study was
based on a SE EPI sequence. It is well recognized that
EPI with long readouts is prone to geometrical dis-
tortions and intensity variations: off-resonance effects
result in a reduced/increased encoding bandwidth in the
phase-encoding direction.** These off-resonances can be
caused by susceptibility-induced local gradients* between
myocardium, deoxygenated blood, and air, which are par-
ticularly pronounced around the posterior vein.**¢ For
the highest possible SNR, the centre of k-space should
coincide with the SE condition. Since EPI does typically
not follow a center-out trajectory, it prolongs TE. In addi-
tion, the minimal TE becomes dependent on imaging
parameters, such as field of view, resolution, and read-
out bandwidth. The lack of two-dimensional RF pulses
(readily available on scanners with newer software and
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state-of-the-art hardware) necessitated the acquisition of
a larger field of view in phase encoding direction, which
increased TE further. A larger field of view in turn was
necessary to avoid aliasing artifacts from signals not fully
suppressed by the saturation bands. Future work will
see the implementation of short, optimized multidimen-
sional RF pulses as proposed by Vinding et al.*’ to over-
come this limitation. To minimize the risk of peripheral
nervous system, cardiac stimulation, and the occurrence of
magnetophosphenes generated by the diffusion encoding
waveforms, we compromised on the slew rate while capi-
talizing on the maximum gradient strength.*® This is based
on our simulations (designed waveforms in Figures S4
and S5) demonstrating that combining maximum gradient
strength with the associated lower slew rate results in the
shortest TE (see Figures S4 and S5, for more details). Thus,
the waveforms here used a slew rate of ~ 80 T/m//s instead
of 200 T/m/s theoretically possible. This added 16/14 ms
to the TE of the M,/Mj; acquisitions, respectively. Notably,
using M; reduces the TE by 4-70 ms. We therefore opted
to maintain the higher level of motion compensation.

The TE can in principle also be shortened through
various complementary approaches: (1) parallel imaging
techniques**° can reduce the time to the k-space center,
but result in an SNR penalty. (2) inner volume imaging>!
with the 90° and 180° RF pulses applied orthogonal to
each other allows for a smaller FOV in phase-encoding
direction, and in turn can translate into a shorter read-
out duration at the same spatial resolution. We refrained
from implementing this technique as this will impact the
three-slice acquisition protocol performed in this study.
The effective TR for each slice was 3 RR intervals (i.e.,
approximately 3 s). Thus, acquiring the same number of
slices would have resulted in threefold longer scan time
(at the same T1 saturation) or caused significantly higher
T1 saturation (i.e., lower SNR) at the same scan time. (3)
Replacing the EPI with a spiral readout has been demon-
strated to improve SNR on high-amplitude gradient sys-
tems!®5253 and in cardiac DWI**>7 and is expected to be
particularly beneficial in this context.

Reaching a b-value of 1000 s/mm? in a reasonable TE is
an important achievement and opens the field for further
investigations. Future work will explore non-Gaussian dif-
fusion such as diffusion kurtosis imaging in more detail.

In this work, we only acquired the data in the sys-
tolic phase of the cardiac cycle. The main reason is that
this study aimed to show the feasibility of cardiac dif-
fusion MRI using strong gradients and spin echo based
acquisitions. In addition, most of the previous spin echo
based works in the literature are focused on the cardiac
diffusion MRI in the systolic phase since diastolic acquisi-
tions are challenging using SE-based sequences.*® To make

comparisons straightforward we focused on the systolic
images, but our future work will consider the cardiac
diffusion MRI in the diastolic phase.

5 | CONCLUSION

We successfully demonstrated SE-based cardiac DWI
acquisitions of the human heart using a Connectom
scanner, which has not been performed to date. The
high-performance gradients on such a scanner, which
are about 4-8x more powerful than those available on
clinical routine MR systems, enabled us to acquire car-
diac diffusion-weighted images with third-order motion
compensation (i.e., compensating for velocity, accelera-
tion, and jerk) at a maximum b-value of 1000s/mm?
while achieving TEs comparable to second-order motion
compensated diffusion gradients at b = 450s/mm?. We
observed a statistically significant reduction in MD val-
ues obtained using b =1000s/mm? compared to b=
450 s/mm?. This can be due to the non-Gaussian diffusion
which is more pronounced at higher b-values and opens
a new avenue for microstructural investigation of the car-
diac tissue. Future work will also establish whether or
not M; motion compensation will be sufficient to improve
cardiac DWI SE acquisitions in diastole.
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SUPPORTING INFORMATION
Additional supporting information may be found in the
online version of the article at the publisher’s website.

Figure S1. Optimized motion compensated waveforms
up to order three (My, M, M,, M3). The waveforms were
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numerically optimized with the NOW toolbox to pro-
vide the shortest echo time for b = 1000 s/mm?, Gyax =
300 mT/m, and a maximum slew rate of 80 T/m/s.
Figure S2. The percentage of magnetophosphenes per-
ception by the participants using different motion com-
pensation (My, My, M,, M) and readouts (EPI, and no
readout).

Figure S3. The hardware limit, peripheral nerve stimula-
tion, and cardiac thresholds for the G, axis of Connectom
gradient.

Figure S4. Diffusion gradient waveforms designed for
bmax = 1000 s/mm? and motion compensation up to the
second order (M,) for different combinations of Gpax
and maximum slew rate (Spax) (provided by the vendor,
Figure S3 and Table S1).

Figure S5. Diffusion gradient waveforms designed for
bmax = 1000 s/mm? and motion compensation up to the
third order (M3) for different combinations of Gp.x and
maximum slew rate (Syax) (provided by the vendor,
Figure S3 and Table S1).

Figure S6. Predicted PNS using SAFE model for the wave-
forms used in this study (shown on X, y, and z axes, it is

clear that the y-axis is the most restrictive axis for the PNS
threshold).

Figure S7. M,-compensated waveforms with different
constraints and the corresponding TE.

Figure S8. Example diffusion weighted images acquired
in a single direction (no averaging), with different b-values
(100, 450, 1000 s/mm?) for all 10 subjects.

Figure S9. Example diffusion gradient waveforms
obtained from 10 consecutive run of the optimization
algorithm (NOW toolbox).

Table S1. The maximum slew-rate (Smax) allowed
by the system for each Gmax (provided by the ven-
dor, Figure S3) with the corresponding minimum echo
time for second- and third-order motion compensation
(M2 and M3).
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