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Abstract

Purpose: To reduce image distortion in MR diffusion imaging using an accelerated multi-shot

method.

Methods: The proposed method exploits the fact that diffusion-encoded data tend to be sparse

when represented in the kb-kd space, where kb and kd are the Fourier transform duals of b and d,

the b-factor and the diffusion direction, respectively. Aliasing artifacts are displaced toward under-

utilized regions of the kb-kd plane, allowing non-aliased signals to be recovered. A main

characteristic of the proposed approach is how thoroughly the navigator information gets utilized

during reconstruction: The phase of navigator images is used for motion correction, while the

magnitude of the navigator signal in kb-kd space is used for regularization purposes. As opposed to

most acceleration methods based on compressed sensing, the proposed method reduces the

number of ky lines needed for each diffusion-encoded image, but not the total number of images

required. Consequently, it tends to be most effective at reducing image distortion rather than

reducing total scan time.

Results: Results are presented for three volunteers with acceleration factors ranging from 4 to 8,

with and without the inclusion of parallel imaging.

Conclusion: An accelerated motion-corrected diffusion imaging method was introduced that

achieves good image quality at relatively high acceleration factors.
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Introduction

Over the last two decades, MR diffusion-weighted imaging (DWI) has evolved into an

immensely useful tool to assess stroke, tissue fiber architecture, and characteristic tissue

Corresponding author: Bruno Madore, Brigham and Women’s Hospital, Radiology Department, 75 Francis Street, Boston, MA 02115,
Phone: (617) 278-0024, Fax: (617) 264-5275, bruno@bwh.harvard.edu.

NIH Public Access
Author Manuscript
Magn Reson Med. Author manuscript; available in PMC 2015 August 01.

Published in final edited form as:
Magn Reson Med. 2014 August ; 72(2): 324–336. doi:10.1002/mrm.24919.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



water diffusion. However, motion sensitivity remains a serious problem in DWI. Diffusion-

encoding gradients are designed for detecting the small displacements of water molecules,

and as a consequence, sensitivity to other types of (undesired) motion such as bulk or

physiological motion appears unavoidable. Even fairly subtle motion, in conjunction with

diffusion-encoding gradients, may cause substantial phase variations throughout the imaged

object. To protect against artifacts that might arise from such phase instability, single-shot

2D echo-planar imaging (EPI) is typically employed in DWI to generate ‘snapshot’ images

of the object, so that the error-prone phase information might be safely dismissed from every

snapshot image. While the single-shot EPI sequence offers an effective means of avoiding

for the most part motion-induced phase problems, it comes at the cost of severe limitations

in overall image quality, especially in terms of geometric fidelity.

Rather than discarding the phase information, one might instead use navigator echoes to

detect and account for unexpected phase variations (1-7). One of the main benefits of

preserving the phase information is to enable multi-shot DWI, whereby k-space is sampled

over several TR periods rather than a single one. Multi-shot imaging can be used, for

example, to alleviate the geometrical distortion problems that tend to plague single-shot

imaging (e.g., see Fig. 1). Multi-shot imaging may even enable 3D DWI, where 3D images

may be acquired with improved SNR and through-slice resolution compared to present 2D

implementations (8, 9). However, multi-shot imaging can readily lead to prohibitively-long

scan times, and the method proposed here was designed to accelerate the acquisition of

multi-shot DWI datasets. As compared to a single-shot EPI sequence as typically used in

DWI, the proposed approach enables improvements in image quality, especially in terms of

geometric distortion, at potentially no cost in scan time.

The present method is based on the observation that DWI data tend to be very sparse when

represented in a kb-kd space, where kb and kd are the conjugate variables associated with b

and d, the b-factor and diffusion direction, respectively. While b is measured as usual in

s/mm2, d is simply a dimensionless integer counting the different diffusion-encoding

directions being sampled. The accelerated multi-shot DWI technique presented here was

designed to fully utilize the available navigator information, for both motion compensation

and regularization purposes. While reliable navigator-based motion-compensation strategies

already exist for DWI (e.g., Atkinson et al. (1)), such methods employ only the phase of

navigator images and discard the magnitude information. In contrast, acceleration methods

such as k-t BLAST (10) use the magnitude information of training images in x-y-f space for

regularization purposes and discard the phase information. The present method proposes an

integrated way of fully exploiting the information from navigator scans, to perform

accelerated and motion-compensated multi-shot DWI. While the phase of the navigator-

images is used in a way consistent with Atkinson et al. (1) to compensate for motion-

induced phase variations, the magnitude of the navigator-images in x-y-kb-kd space is used to

provide both a regularization term and an initial guess toward the numerical solution of the

under-sampled imaging problem. In terms of k-space sampling strategy, the present method

involves shifting the sampling function along the ky and/or kz direction(s) from one b value

to the next and from one d value to the next. In other words, only a subset of all interleaved
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EPI segments are acquired for each diffusion-weighted image and the choice of which

segments are sampled and which ones are skipped is modified according to b and d.

As demonstrated in the Results section, the proposed approach allows sizeable acceleration

rates to be achieved, in a manner that proves readily compatible with additional acceleration

methods such as parallel imaging, or partial-Fourier imaging. The proposed approach may

also possibly prove compatible with compressed sensing as applied to DWI (11), although a

proper demonstration should be considered beyond the scope of the present work. While our

approach aims to subsample the ky axis and thus improve image quality, compressed sensing

typically aims to reduce the total number of diffusion-encoded images required and thus

reduce scan time. As our approach and compressed sensing tend to act differently, on

different dimensions, and for slightly different purposes, it seems reasonable to believe they

might be applied jointly. More generally, modern acceleration schemes often combine a

number of different individual strategies for added effect, and the present approach may well

prove a worthwhile contributor to the mix.

Some of the results presented here were acquired using a single-channel quadrature head

coil, to emphasize the fact that acceleration is obtained in a manner entirely distinct from

parallel imaging. Results from a phased-array head coil where the proposed approach is

combined with parallel imaging are also presented, to show that both methods can readily be

combined for added effect. Acceleration up to 6-fold was reached when using the proposed

method by itself (using a quadrature head coil), and acceleration up to 8-fold was obtained

when further including parallel imaging (using an 8-channel head coil).

Theory

1. Least-square solution and phase correction

As usual in accelerated imaging, the reconstruction problem can be expressed as a matrix

multiplication:

[1]

where s is a vector containing the acquired signal, o is a vector containing the object-related

data to be reconstructed, and E is the encoding matrix relating the two. The least-square

solution to the problem from Eq. [1] can be expressed as (12):

[2]

where ô is an estimated version of o, EH×Ψ-1 is a preconditioning term, λ2L is a damped

least-squares regularization term, and the superscript ‘H’ represents a Hermitian transpose

operation. In the present implementation, Ψ was simply equated to an identity matrix.

Much of the present work is based on the observation that the data in o tend to be very

sparse when represented in the x-y-kb-kd space, where kb and kd are the Fourier transform

duals of b and d, the b-factor and diffusion direction, respectively. For this reason, it seems

natural to represent both ô and s from Eq. 2 in this x-y-kb-kd space. The present method has

Madore et al. Page 3

Magn Reson Med. Author manuscript; available in PMC 2015 August 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



much in common with the phase-corrected multi-coil navigated method from Atkinson et al.

(1), and the expression for the encoding matrix, as presented below in Eq. 3, is similar in

form to Eq. 1 from Ref. (1):

[3]

where Fy, Fb and Fd perform Fourier transforms along y, b and d, respectively, pi is a

motion-related phase correction (from navigator data), Di subsamples k-space, cj is the

sensitivity map for coil j, Wi can be used to suppress unreliable data, and the summation is

made over all interleaved segments, from i = 1 to i = Ns, the number of shots per frame. Ns is

given by the total number of interleaves that would be needed to fully sample the k-space

matrix, NI, divided by the acceleration factor, R, so that Ns = NI / R. Ej in Eq. 3 is specific to

a single coil element, j, and the full E matrix as expressed in Eqs 1 and 2 is obtained by

pasting vertically all Ej sub-matrices:

[4]

where Nc is the total number of coil elements. Assuming that full kx lines are acquired, as is

typically the case with an EPI sequence, the processing in Eqs 2-4 (as well as that from

Atkinson et al. (1)) can be performed one x location at a time, for faster processing.

Furthermore, assuming regular down-sampling along ky, only R pixels in the y direction

need to be considered at a time. In other words, when sampling full kx lines with regular

down-sampling along ky, the processing in Eqs 2-4 can be repeated (Nx×Ny /R) times using E
matrices consisting of only R×Nb×Nd×Nc columns, as opposed to the most general case

where processing would be performed only once using a much larger E matrix consisting of

Nx×Ny×Nb×Nd×Nc columns.

At first sight, the main difference between Ej from Eq. 3 and the bracketed expression in Eq.

1 of Ref. (1) is the presence of Fourier transforms along the b and d axes, i.e., the Fd×Fb and

the Fd
H×Fb

H terms. A possibly more meaningful difference comes from the fact that Ej in

Eq. 3 operates on a 3-D space (e.g., y-kb-kd, or ky-b-d) rather than a 1-D space (y or ky). As

explained below, further differences emerge in the choice of the sampling scheme, Di, and

of a regularization term, λ2L.

2. Selecting the sampling scheme Di (from Eq. 3)

Di in Eq. 3 is a diagonal matrix of size R×Nb×Nd×Nc, (assuming that full kx lines are

sampled using regular down-sampling along ky, as discussed above). The elements of Di are

all equal to either zero or one, and all non-zero entries are found along the main diagonal.

The problem of selecting a Di matrix boils down to deciding which one(s) of the NI

interleaves should be sampled, for each combination of diffusion-encoding parameters, b

and d. Given R different and complementary ways of sampling a fraction 1/R of the k-space

matrix, the elements in Di determine which one of these R different ways gets employed for

each one of the Nb×Nd diffusion-weighted images being acquired. The most desirable Di
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matrix would be one that minimizes the condition number of the associated E matrix (Eq. 3),

for a given acceleration factor, R.

Discriminating desirable signals from artifactual signals is typically easiest when the amount

of overlap between these two types of signals is minimal to begin with. Figure 2a shows

Nd×Nb in vivo diffusion-weighted images tiled side-by-side along kb and kd axes, with each

image Nx by Ny pixels in size. A striking feature of the display in Fig. 2a is that most of the

signal can be found at locations where kb and/or kd = 0, i.e., within the cross-shaped region

highlighted with white dashed lines in Fig. 2a. Using an acceleration factor R, R-1 replicas

of the signals from Fig. 2a may get created. One particular sampling scheme, described in

more details below, has the ability to displace these R-1 replicas and spread them all across

the kb-kd plane. This is shown in Fig. 2b, although it should be kept in mind that signals in

Fig. 2b are further complicated by phase inconsistencies as described by the term pi in Eq. 3.

Because much of the signal from Fig. 2b falls in regions of the kb-kd plane left mostly

unused by desirable signal such as in Fig. 2a, the amount of overlap between desirable and

artifactual signals is relatively low to begin with, which tends to facilitate the solving of the

linear problem as modeled through Eqs 1-4. The displacement of the R-1 replica as shown in

Fig. 1b was achieved by shifting the sampling function by one Δky increment from one b

value to the next as well as from one d value to the next, in a 2D equivalent of the sampling

scheme used in the ‘unaliasing by Fourier-encoding the overlaps in the temporal direction’

(UNFOLD) method (13). A 3D plot of the sampled ky locations as a function of both b and d

is shown in Fig. 3. The matrix Di in Eq. 3 is a diagonal matrix, and the entries along its

diagonal could be obtained from the plot in Fig. 3 as follows: All locations along the planes

in Fig. 3 would be given a value of one, all other locations a value of zero, only the first R

locations along ky are kept, the resulting R×Nb×Nd 3-D grid is reformatted into a 1D

column-vector, and this column vector is replicated Nc times to get the R×Nb×Nd×Nc

diagonal entries.

3. Adjusting the regularization term λ2L (from Eq. 2)

Figure 4 shows a navigator dataset in the same format also used in Fig. 2a. The main

difference between the data from Fig. 2a and navigator data from Fig. 4 comes from the fact

that navigator acquisitions cover only a small central region in k-space, and thus the

navigator data in Fig. 4 are spatially blurred. Zero-padding in k-space was used to

interpolate navigator images to Nx×Ny pixels, the same matrix size as for the imaging data.

In a way similar to the work in (10), a diagonal matrix M is defined here whose diagonal

consists of magnitude values from a training scan. In the present case, there is no training

scan per se, but data from the navigator scan can be used instead. The main diagonal of M
consists of R×Nb×Nd×Nc magnitude values taken from the navigator data, and correspond to

the x-y-kb-kd locations for which a solution is being sought, i.e., to all b and d values for a

given location along x and a given set of R locations along y. For reasons discussed in (14),

the M matrix is normalized here by its Froebinius norm, ||M||2, to make the regularization

term insensitive to arbitrary scaling factors and gains that might affect the acquired data. The

regularization-related matrix L is thus given by:
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[5]

and the regularization term λ2L in Eq. 2 is obtained by multiplying L in Eq. 5 by λ2.

4. On further generalizing Eq. 3

Most of the results presented here were obtained using a Cartesian sampling scheme in b-d

space, in other words, all Nd encoding directions are sampled for each one of the selected

Nb b-factors. Results for a high angular resolution diffusion sampling scheme (15), whereby

a single non-zero b-value is sampled (Nb = 2, bmax = 2000 s/mm2 and Nd = 100), are also

presented. Many other useful sampling schemes have been proposed, such as Hybrid

Diffusion Imaging (HYDI) (15) or Diffusion Spectrum Imaging (DSI) (16). The present

work focuses for the most part on a Cartesian sampling scheme in b-d space because, for this

special case, we have identified a simple Di sampling scheme in ky-b-d space capable of

very much limiting the amount of overlap between desirable and artifactual signals, as

shown in Figs 2 and 3. While generalizing Eq. 3 to other types of diffusion encoding

schemes might be mostly trivial, identifying appropriate Di matrices for these non-Cartesian

diffusion encoding schemes is less obvious.

Methods

1. MR setup and pulse sequence

Imaging was performed on a 3.0 T MR system (GE Signa CVi, Milwaukee, WI, 40 mT/m,

150 T/m/s). Our navigated multi-shot EPI sequence included a spectral-spatial RF

excitation, a pair of diffusion-encoding gradient pulses, two refocusing pulses, a first EPI

echo train to gather imaging data and a second echo train to gather navigator data (see Fig.

5). In the present implementation, the acquisition was not ECG-gated and b-values were

linearly distributed between zero and a maximum setting, bmax; although not implemented

here, the proposed work should prove readily compatible with ECG-gating and/or non-

uniform sampling of the b axis.

The following MR imaging parameters were common to all scans: Axial slices, frequency

encoding along R/L, thickness = 4 mm, spacing between slices = 4 mm, TR = 3000 ms,

echo-train length for imaging data = 32, echo-train length for navigator data = 32 and ramp-

sampled readouts. A bandwidth of ±250 kHz was employed in all cases except for the R = 8

scans, which involved a narrow 17.0 cm FOV along the frequency-encoding direction, for

which a bandwidth of ±167 kHz was employed instead. Other imaging parameters varied

from scan to scan, and parameters for the human scans are listed in Table 1. Some datasets

were acquired using a single-channel quadrature head coil, to help demonstrate that the

proposed approach can accelerate scans independently of parallel imaging, while others

were acquired using an 8-channel head coil instead, for improved results.

Scan time for all b > 0 data was equal to (Nb – 1) × Nd × TR, while scan time for the T2-

weighted image was equal to R × TR. Phase-encoding was turned off for the first 3 TR

intervals, to provide reference data toward EPI-ghost correction. The total scan time was
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thus ((Nb – 1)×Nd + R + 3) × TR. In Fig. 5, the sequence as displayed was obtained using the

following set of imaging parameters: Matrix size = 128x128, echo-train length = 32 echoes,

4-fold acceleration, b = 150 s/mm2", FOV = 22 cm, slice thickness = 4 mm, TE = 51 ms,

TEnav = 81 ms.

2. Image reconstruction

Image reconstruction was performed in Matlab (The MathWorks, Natick, MA), using a

DELL Precision T7500 (Round Rock, Texas, USA). Figure 6 gives a schematic

representation of the reconstruction algorithm. Because it has no directional dependence, the

b ≈ 0 data could be fully sampled at little cost in scan time, and this is why these data are

treated differently from the b > 0 data in Fig. 6. The fully-sampled b ≈ 0 data were

reconstructed, with motion correction, using the method from Ref. (1); the resulting T2-

weighted images were then employed toward calculating the B1 sensitivity maps, i.e., the cj

term in Eq. 3. Similarly, the b ≈ 0 navigator data were also used to generate B1 sensitivity

maps, to combine the navigator images from different coil elements. The navigator signal

was first filtered along the kx and ky directions using a Fermi apodization filter, to suppress

ringing artifacts, and all coil images were then combined using the navigator-derived B1

sensitivity maps. Because different B1 sensitivity maps were used for the imaging data than

for the navigator data, phase inconsistencies between these two signal types could be

‘absorbed’ into the B1 maps, making them compatible for eventual merger (as further

described below).

A main characteristic of the proposed approach is how thoroughly the navigator information

gets exploited, as can be appreciated by the number of branches that follow the ‘combine

coil images’ operation in Fig. 6, in the ‘navigator data’ part of the flowchart. The coil-

combined navigator data were used for motion correction (term pi in Eq. 3), for

regularization (term L in Eq. 3), to initialize the iterative solver, and optionally to substitute

the low spatial frequency information in the final DWI results. All acquired imaging data

were motion-corrected, i.e., none were outright rejected, meaning that the term Wi in Eq. 3

was equated to an identity matrix. While rejecting some of the most heavily-corrupted data

might well prove advantageous, such feature was not part of our present implementation. As

mentioned above, using different B1 maps for imaging and navigator data allowed phase

inconsistencies to be handled, and a scaling factor was obtained by comparing all k-space

locations that were sampled in both the imaging and navigator datasets, making the two

compatible for merger. Different T2 weightings and potentially slightly-different

geometrical distortions could be sources of artifacts when performing such merger, which

was treated as an option in the implementation. In our experience, this option proved

particularly helpful for results obtained at higher acceleration settings and did not appear to

negatively impact image quality even at lower acceleration settings, and for these reasons it

was employed in all of the results presented here.

The diffusion-weighted images generated as an output in Fig. 6 could be analyzed, in a usual

manner, to calculate the diffusion tensor, apparent diffusion coefficient (ADC), fractional

anisotropy (FA), kurtosis parameters (17) or even fiber crossings at every image voxel. All

available b-factors were used in all fits.
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3. Phantom imaging

SNR tests were performed in a diffusion phantom consisting of celery in a water bath using

minimal diffusion weighting (bmax = 20 s/mm2, R = 4, single-channel quadrature head coil,

128x128 matrix, TE/TEnav = 34.3/60.6 ms, echo spacing (ESP) / ESPnav = 604/304 μs, FOV

9 = 25.6x25.6 cm2). A total of 144 images (Nd = 6, Nb, = 24) were reconstructed, and as a

consequence of the very low bmax setting, these images were mostly equivalent to each other

except for noise. The magnitude signal in the raw (aliased) images and in the reconstructed

(de-aliased) images had identical scaling.

Noise in the raw images was measured as the standard deviation in the real channel across

all 144 raw images. A noise value na was obtained for the aliased images by averaging the

standard deviation map over a small 3×3 ROI located in the void, outside of the imaged

phantom. Noise in the reconstructed images was similarly measured as the standard

deviation in the real channel across all 144 reconstructed images. But unlike what was done

for na above, the noise value for reconstructed images nr was obtained from a 3×3 ROI

located within the phantom, not in the void around it.

4. Human imaging

Three human volunteers were imaged with the proposed method following informed consent

with an IRB-approved protocol. For comparison purposes, DWI results were reconstructed

using parallel-imaging as the only source of acceleration when possible, i.e., when a multi-

channel coil was employed. To do so, our reconstruction algorithm was converted into a

more basic (but still motion-corrected) reconstruction by replacing L in Eq. 2 with an

identity matrix to obtain a zeroth-order Tikhonov regularization scheme (λ2 = 0.02), and by

turning off the k-space center substitution scheme described above.

Results

1. Reconstruction example

As exemplified in Fig. 1, the main advantage provided by the proposed method over regular

single-shot non-accelerated DWI is a marked improvement in geometric fidelity, especially

for locations near the sinuses. Figure 7 details the reconstruction process for one given slice

from one given scan, to help better understand how the algorithm from Fig. 6 functions. The

input to the algorithm, the imaging, reference and navigator data, can be visualized in Figs

7a-c. Some of the intermediate results, the T2-weighted image and the navigator image, can

be visualized in Figs 7d and 7e, while the reconstructed results with and without the optional

data substitution are shown in Figs 7f and 7g. Images that correspond to a single b-value and

diffusion-encoding direction were selected for display purposes: b = 471 s/mm and the

second diffusion-encoding orientation (out of six). It may be noted that the aliasing artifacts,

clearly visible in the input imaging data (Fig. 7a), were very effectively suppressed in the

reconstructed results (Figs 7f and 7g).

2. SNR tests in phantom

The ratio between noise in the aliased images, na, and in the reconstructed images, nr, was

measured as described in the Methods section, for an R = 4 case. Signal was identically
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scaled in both datasets, so that the noise ratio could be interpreted directly as an SNR ratio.

In this experiment, the ratio na / nr was measured at about 1.3, meaning that there was less

noise and better SNR in the reconstructed images than in the acquired images. This result is

not surprising, as all acceleration methods that exploit sparseness, such as UNFOLD (13), k-

t BLAST (10) or compressed sensing (18), for example, have a noise-filtering effect. While

the simple filter originally proposed in UNFOLD has an easily-predictable effect on noise,

the more elaborate regularization scheme used here has a more complicated and object-

dependent filtering effect.

3. Adjusting the value of the regularization parameter, λ2

The effect of adjusting the regularization parameter, ι2 from Eq. 2, was explored in Fig. 8. A

slice acquired with acceleration R = 4 using a quadrature coil (described on line #3 in Table

1) and a similar slice acquired with acceleration R = 8 using an 8-channel coil (line #2 in

Table 1) were both reconstructed using several different settings for ι2. Both fractional

anisotropy and diffusion-weighted images (b = 404 s/mm2, 3rd diffusion direction out of 6)

are shown in Fig. 8 for each case. Increasing the value of ι2 has a filtering effect on the

results: The FA maps became more blurred spatially while noise content was decreased.

Conversely, reducing the value of ι2 tended to increase the noise content and to increase the

spatial resolution in the FA maps, up to a point where λ2 became simply too small for the

proposed algorithm to perform properly. At such point, the low spatial frequency content

may still have been correctly captured if the central k-space substitution scheme was

employed, as was the case here, but the high spatial frequency content could not be properly

reconstructed, thus leading to considerable blurring.

A main difference between the R = 4 and the R = 8 cases presented in Fig. 8 had to do with

voxel size, and thus SNR. Voxel size in the R = 4 case was 11.8 mm3, as opposed to only

2.95 mm3 (i.e., 4 times smaller) in the R = 8 case. When trying to select an optimum λ2 set

ting to be used for all R = 8 results, the noise-filtering effect associated with increasing

λ2 proved to be of considerable importance, and a relatively-large value of λ2 = le-2 was se

lected here. The value for λ2 represents a compromise between spatial resolution in the FA

maps, which benefits from λ2 being small, and SNR, which benefits from λ2 being large. For

the larger-voxel R = 4 case, where SNR was less of a problem than in the R = 8 case, a small

er setting for λ2 could readily be considered and a value of λ2 = le-3 was selected. For the

intermediate R = 6 cases, associated here with a 5.25 mm3 voxel size, an intermediate setting

of λ2 = 5e-3 was chosen. While finding an optimum value for λ2 for every given scan and de

fining criteria for optimality would prove a challenging task, the results from Fig. 8 suggest

that precisely tuning the value of λ2 might be associated with only modest gains, and that

identifying the correct order of magnitude (as shown in Fig. 8) might well suffice in

practice.

4. DWI results

Figure 9 shows examples of diffusion-weighted images reconstructed using the present

method. Considerable acceleration, ranging from R = 4 to R = 6, could be obtained even

without involving parallel imaging, using a single-channel coil (Figs 9a, b and d). Results

with R = 8 are shown in Fig. 9c alongside a parallel-imaging comparison. Results in Fig. 9
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represent a collection of different acceleration factors R (4, 6 or 8), for single-channel as

well as 8-channel coils and for different b-values ranging from 202 to 1414 s/mm2. Figure

10 shows all four b-values that were reconstructed for scan #10 in Table 1 (slice #2 out of 9

and diffusion-encoding direction #4 out of 6), along with the corresponding FA map. It may

be noted from Figs 9 and 10 that the proposed algorithm proved very effective at removing

aliasing artifacts, and generated images of improved quality compared to parallel imaging

alone.

Information about reconstruction time is provided in Fig. 11. The processing time for all y

locations at a given (x,z) location is plotted against R × Ny × Nd × (Nb-1) × Nc, for all results

listed in Table 1. Through the linear fit in Fig. 11, the processing time for any given (x,z)

location could be approximated as (m × R × Ny × Nd × (Nb-1) × Nc + 8.54 s), where the slope

m is equal to 2.46×10-4 s. For example, using this relationship, the processing time for all Nx

× Ny × Nz spatial locations for the R = 6 case described on line 6 of Table 1 (Nx = 192, Ny =

192, Nz = 9, Nd =6, Nb = 8 and Nc = 8) would be approximated at 50 hr while it was actually

measured at 53 hr and 4 min. Further optimization of the reconstruction code and/or using a

computer system with more processors might, of course, very much reduce reconstruction

time. Such improvements would reduce the value for the slope m in Fig. 11, but the

relationship described above between processing time and other acquisition parameters

would be expected to remain otherwise mostly unchanged. The fact that reconstruction time

increased only linearly with the overall size of the acquired dataset, rather than more rapidly,

is considered a very good sign in terms of the method’s overall practicality.

5. Tensor-imaging, kurtosis and fiber-crossing results

Tensor-imaging results are presented in Figs 12, 13 and 14. In Fig. 12, diffusion images with

all-directions combined for b = 1060 s/mm2 are presented in the first column, labeled Sb1060,

while the trace and color-rendered fractional anisotropy are presented in the second and third

columns. As in Fig. 9, results are shown for different acceleration factors (4, 6 and 8) and for

the two different types of coils used here (8- and single-channel). In Fig. 13, results for the

first 6 slices of scan #2 from Table 1 are shown. It may be noted from Fig. 13 that as

expected from reducing the echo-train length, fairly good geometric fidelity was obtained

even near the sinuses and ear canal. Reconstruction results from parallel imaging only and

from the present method are compared in Fig. 14a for a case with R = 4 (Nb = 4, first 4 b-

values from scan #9 in Table 1, slice 5/10). As the two results in Fig. 14a were reconstructed

from the same acquired data, the geometric fidelity is the same in both cases; however an R

= 4 setting proved beyond what could readily be achieved with our phased-array coil and

parallel imaging alone, leading to a lower-quality FA map compared to that achieved using

the proposed approach (see Fig. 14a).

Reconstruction involving a Funk-Radon transform was applied to the Nd = 100 data

described by entry #5 in Table 1, to resolve fiber crossings, and results are shown in Fig.

14b overlaid on an FA map. Kurtosis analysis (17) was applied to the data described by

entry #9 in Table 1, and results are shown in Fig. 15. Overall, results from Figs 12-15

demonstrate that diffusion-weighted images reconstructed using the proposed method can be
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readily reconstructed using a variety of common and widely-available diffusion-imaging

models and algorithms.

Discussion

A multi-shot motion-compensated acceleration method was proposed for DWI applications.

As compared to non-accelerated single-shot methods, the present approach allows a

reduction in the length of the echo train and, accordingly, a reduction in geometrical

distortions. As compared to non-accelerated multi-shot methods, it allows a reduction in

scan time at no cost in terms of geometrical fidelity. A key characteristic of the proposed

method is how thoroughly the navigator signal gets utilized. As can be seen in Fig. 6, the

navigator signal gives rise to a phase term employed for motion-correction purposes, a

regularization magnitude term, an initial guess for the iterative solver and, optionally, it can

be used for direct substitution of the central k-space region. Acceleration factors up to 6 and

8 have been obtained here without and with the inclusion of parallel imaging, respectively.

While acceleration factors beyond 8 could probably have been obtained, the small

improvements in geometric fidelity associated with further increasing acceleration might not

have been worth their associated SNR cost. In other words, the maximum 8-fold

acceleration used here was limited more by how much acceleration we could usefully

employ in our present 2D multi-shot EPI implementation rather than by any actual

acceleration limit of the proposed method itself.

Many different diffusion-encoding schemes have been proposed over the years, whereby a

number of diffusion-encoded images are acquired using different b-values and/or diffusion

directions. Most of the results presented here involved one particular Cartesian scheme,

whereby the sampled b-values were linearly distributed between b ≈ 0 and some maximum

value, bmax, and six different diffusion directions were sampled for each b-value. In contrast,

results were also presented that involved acquiring a single non-zero b-value and many more

diffusion directions. In principle at least, the present acceleration method does not impose

any clear constraints on Nb and Nd, and any practically-achievable values could potentially

be used. But intuitively, the bigger Nb ×Nd gets while keeping Nb ≈ Nd, the greater the area

in kb-kd space that can be exploited toward the safe disposal of aliased signals, and the better

the proposed method can be expected to perform.

A multiple b-value sampling scheme, as used for most of the results presented here, may

often be desirable as the diffusion signal decay in biological tissues cannot be accurately

described using a mono-exponential model. The proposed acceleration method makes no

assumptions about decay, non-exponential decay is preserved through the reconstruction of

a multiple b-value dataset, and processing tools such as multi-exponential fitting or kurtosis

analysis can be applied on the reconstructed DWI results (e.g., see kurtosis results in Fig.

15). In a special case where the acceleration factor, R, would be equal to the number of b-

factors minus 1, (Nb – 1), the present method as currently implemented would be no faster

than a non-accelerated acquisition with Nb = 2. As compared to such a minimum-Nb

acquisition, the present method can allow the number of b-values to be increased from 2 to

(R + 1) while keeping scan time and geometric fidelity essentially unchanged. Sampling

more b-values may help appropriately capture a wider range of diffusion coefficients, and/or
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potentially enable more elaborate fitting procedures to assess the non-monoexponential

diffusion signal decay properties of water in tissues (19, 20). On the other hand, even in

cases where a single non-zero b-value is sampled, the proposed scheme may still be utilized

to help reduce spatial distortion.

The proposed method is meant as an adjunct to existing acceleration methods such as

parallel imaging, partial-Fourier imaging and compressed sensing. Parallel imaging is

typically used to help reduce the echo-train length and the spatial distortion from EPI

sequences, while partial-Fourier imaging also reduces echo-train length but does not help in

terms of spatial distortions (unless it is implemented along the kx direction instead of ky,

which would be unusual for DWI applications). These methods do not reduce the number of

diffusion-encoded images that need to be acquired, but rather the number of k-space lines

acquired for each one of these images. Compressed sensing, on the other hand, can be used

to reduce the number of acquired diffusion-encoded images, and thus reduce the overall scan

time. Compressed sensing is not typically used to reduce the number of ky lines acquired

with a 2D EPI sequence, as doing so would require randomizing the size of the EPI gradient

blips that perform the spatial encoding along the y direction, potentially causing artifacts

related to eddy currents. It should be possible to combine all of these methods for added

effect, whereby the EPI echo-train length would be reduced by a combination of our

proposed method, parallel imaging and partial-Fourier imaging, while scan time and the

number of sampled diffusion-encoded directions would be reduced by compressed sensing.

Both fast imaging and good geometric fidelity might thus be simultaneously attained, but

doing so is considered beyond the scope of the present work.

Conclusions

An accelerated motion-corrected diffusion imaging method was introduced that achieves

good image quality at relatively high acceleration factors. Up to 8-fold and 6-fold

acceleration was achieved here with and without including parallel imaging, respectively. A

main characteristic of the method is how thoroughly the navigator-echo data are employed,

especially for motion correction and regularization purposes.
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Fig. 1.
Single-shot EPI images may greatly suffer from geometric distortions, as shown in (a), a

problem that can be very much alleviated using k-space segmentation, as shown in (b). The

acquisition in (b) was made over 4 TR intervals as opposed to a single TR interval in (a),

and these 4-shot data were reconstructed as described in Ref. (1). The main goal of the

present work was to accelerate multi-shot imaging, to make it essentially as fast as single-

shot imaging while preserving the geometric-fidelity advantages seen here. (The single-shot

image in (a) was acquired using 80 echoes, 62.5% partial-Fourier, echo spacing = 668 μs,

matrix size = 128×128, FOV = 25.6 cm, TR = 3 s, 4 mm slice, b ≈ 0 s/mm2. The four-shot

image in (b) involved the same parameters as above, except for 32 echoes per echo train, no

partial-Fourier and echo spacing = 664 μs).
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Fig. 2.
a) Diffusion-weighted images for 7 different b-values, from 202 to 1414 s/mm2, and 6

different directions were Fourier transformed along the b and d directions (the imaging

parameters are the same as in Fig. 1a). Most signal is concentrated in the cross-shaped

region characterized by kb = 0 and/or kd = 0, highlighted with white dashed lines. b)

Subsampling ky by a factor 4 leads to a more complicated kb × kd space, heavily corrupted by

aliasing artifacts. The fact that the desired solution tends to be sparse, as seen in (a), greatly

facilitates the task of numerically sorting out the signal in (b). In addition to aliasing artifacts

caused by 4-fold subsampling, the signal in (b) is further complicated by motion-induced

and possibly drift-induced phase variations in b-d space, i.e., the term pi from Eq. 3.
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Fig. 3.
The subsampling scheme can be visualized in a ky-b-d space. In the present example, 16

planes separated by 8 ky lines would be acquired to reconstruct 128 y locations with an

acceleration factor of 8. Intersecting black lines indicate the sampled b-d locations. A cross-

section of these planes in a ky-b plane would give straight lines with slope ∆ky/∆b, where

∆ky is the distance between consecutive ky lines and ∆b is the distance between consecutive

b values, while a cross-section in a ky-d plane would give straight lines with slope ∆ky.
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Fig. 4.
The magnitude of the navigator images, in x-y-d-b space, is Fourier transformed to x-y-kd-kb

space. The magnitude of the result, displayed here, is used toward generating the

regularization term L in Eq. 2, as described in the text.
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Fig. 5.
Our navigated multi-shot EPI sequence is depicted here. See text for more details.
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Fig. 6.
The reconstruction algorithm takes as an input the acquired imaging data, the navigator data,

and the reference data (i.e., three TR worth of data acquired without any phase encoding).

Aliasing-free diffusion-weighted images are generated at the output. These images can then

be analyzed, as usual, to calculate the diffusion tensor for each image voxel. A key

characteristic of the method is how thoroughly the navigator data get utilized: To obtain a

motion-correction phase term, a regularization magnitude term, an initial guess for the
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iterative solver and, optionally, for direct replacement of the central k-space region in the

final results. See text for more details.
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Fig. 7.
The images shown here aim to illustrate key steps of the algorithm from Fig. 6. a-c) The

input to the algorithm from Fig. 6 consists of imaging data, navigator data and at least one

TR worth of non-phase-encoded reference data to correct for EPI ghosting artifacts. d) The

fully-sampled b ≈ 0 data were reconstructed using the method from (1), one coil-element at

a time (coil element 2/8 here). e) All coil elements were combined for the navigator data,

and the resulting images were used for motion-correction, regularization, solver

initialization and optionally for direct data replacement (see Fig. 6). f,g) The reconstructed

result is displayed with and without the optional data replacement, which had little effect in

this particular case. The dataset was acquired using R = 6, 192×192 matrix size, Nb = 4, Nd =

6, and the 9 displayed slice corresponds to b = 471 s/mm2.
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Fig. 8.
The effect of the regularization parameter, λ2 from Eq. 2, was analyzed in the reconstruction

of two different datasets: One with acceleration R = 4 and another with R = 8. An FA map

and a diffusion-weighted image are shown in all cases. The noise content had a tendency to

decrease with increasing λ2 values, while both large and small values for λ2 led to blurring.

See text for more details.
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Fig. 9.
Examples of diffusion-weighted images reconstructed using the proposed method. The

subject number, acceleration factor R, matrix size, number of receiver elements, b-value,

diffusion-encoding direction, slice number and entry number in Table 1 are provided for

each example.
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Fig. 10.
All four diffusion-weighted images reconstructed for scan #10 from Table 1 are shown here

(slice #2 out of 9, diffusion-encoding direction #4 out of 6), along with the corresponding

FA map.
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Fig. 11.
Reconstruction time for all y locations at a given x-z location was found to increase roughly

linearly with (R × Ny × Nd × (Nb-1) × Nc), with a slope of m = 2.46×10-4 s in the present

implementation.

Madore et al. Page 25

Magn Reson Med. Author manuscript; available in PMC 2015 August 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



Fig. 12.
Examples of diffusion tensor results are presented. For each case, the subject number,

acceleration factor R, matrix size, number of receiver elements, slice number and entry

number in Table 1 are provided. See text for more details.
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Fig. 13.
The first (most inferior) six slices for one given scan are shown here (scan #2 from Table 1,

R = 8, matrix size = 192×256, 8-channel coil). It may be noted that good geometric fidelity

was obtained even for slice #1, located closest to the sinuses.
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Fig. 14.
a) A 4-fold accelerated dataset was reconstructed using parallel-imaging only and using the

proposed method (Nb = 4, the 4 first b-values from scan #9 in Table 1 were used here). b)

The 100-direction dataset from entry #5 in Table 1 was reconstructed so that fiber crossings

could be identified and mapped. Results from an ROI are shown and can be compared to the

corresponding FA map.
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Fig. 15.
The data from entry #9 in Table 1 were reconstructed using both a kurtosis model and a

mono-exponential tensor model. Kurtosis and fractional anisotropy results are shown side-

by-side for an inferiorly-located and a mid-brain slice.
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