
Diffusion-Weighted Magnetic
Resonance Imaging with

Readout-Segmented Echo-Planar
Imaging

Robert Frost
FMRIB Centre

and Magdalen College

University of Oxford

A thesis submitted for the degree of Doctor of Philosophy

Supervisors: Prof. Peter Jezzard and Dr. Karla L. Miller

Trinity Term 2012





Diffusion-Weighted Magnetic Resonance Imaging with
Readout-Segmented Echo-Planar Imaging

Robert Frost
Magdalen College, University of Oxford

A thesis submitted for the degree of Doctor of Philosophy

Trinity Term 2012

Abstract
Diffusion-weighted (DW) magnetic resonance imaging is an important neu-

roimaging technique that has successful applications in diagnosis of ischemic
stroke and methods based on diffusion tensor imaging (DTI). Tensor measures
have been used for detecting changes in tissue microstructure and for non-invasively
tracing white matter connections in vivo. The most common image acquistion
strategy is to use a DW single-shot echo-planar imaging (ss-EPI) pulse sequence,
which is attractive due to its robustness to motion artefacts and high imaging
speed. However, this sequence has limited achievable spatial resolution and suf-
fers from geometric distortion and blurring artefacts.

Readout-segmented echo-planar imaging (rs-EPI) is a DW sequence that is
capable of acquiring high-resolution images by segmenting the acquisition of k-
space into multiple shots. The fast, short readouts reduce distortion and blurring
and the problem of artefacts due to motion-induced phase changes between shots
can be overcome with navigator techniques.

The rs-EPI sequence has two main shortcomings. (i) The method is slow to
produce image volumes, which is limiting for clinical scans due to patient welfare
and prevents us from acquiring very many directions in DTI. (ii) The sequence
(like other diffusion techniques) is far from the optimum repetition time (TR) for
acquiring data with the highest possible signal-to-noise ratio (SNR) in a given
time. The work in this thesis seeks to address both of these important issues
using a range of approaches.

In Chapter 4 a partial Fourier extension is presented, which addresses point (i)
by reducing the number of readout segments acquired and estimating the missing
data. This allows reductions in scan time by approximately 40% and the reliability
of the images is demonstrated in comparisons with the original images.

The application of a simultaneous multi-slice scheme to rs-EPI, to address
points (i) and (ii), is described in Chapter 5. Using the slice-accelerated rs-EPI
sequence, tractography data were compared to ss-EPI data and high-resolution
trace-weighted data were acquired in clinically relevant scan times.

Finally, a 3D multi-slab extension that addresses point (i) is presented in Chap-
ter 6. A 3D sequence could also allow higher resolution in the slice direction than
2D multi-slice methods, which are limited by the difficulties in exciting thin, accu-
rate slices. A 3D version of rs-EPI was simulated and implemented and a k-space
acquisition synchronised to the cardiac cycle showed substantial improvements in
image artefacts compared to a conventional k-space acquisition.
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Chapter 1

Introduction

This DPhil thesis concerns the development of a high-resolution diffusion-weighted

pulse sequence for magnetic resonance imaging (MRI) of the brain. In neuroimag-

ing, diffusion-weighted MRI is the only widely available clinical tool to diagnose

the early stages of ischemic stroke. It is also the only way to non-invasively trace

white matter connections in the brain. This chapter describes the motivation for

the research and an outline of the thesis.

1.1 Motivation

Diffusion-weighted MRI generates image contrast based on the self-diffusion of

water molecules. Each image is sensitised to diffusion in a chosen direction so the

contrast is sensitive to the average displacement during the echo time of water

molecules along that particular direction. The further molecules diffuse in the

sensitisation direction, the lower the signal in the diffusion-weighted image. For

example, in the brain, white and grey matter will generally have higher signal

than cerebrospinal fluid (CSF), since there are more obstructions to movement of

water molecules. This signal has been shown to change as the result of a stroke, as

soon as minutes after the onset of the infarct. Ischemic stroke is the most common
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CHAPTER 1. INTRODUCTION

neurological cause of severe disability and death [1] and it is estimated that in a

typical patient 1.9 million neurons are lost every minute the stroke is untreated

[2]. Using diffusion-weighted MRI it is possible to diagnose the location and

the severity of the stroke almost immediately afterwards. Smaller strokes with

more benign symptoms or transient ischemic attacks that do not cause lasting

damage may be predictive of more damging strokes in the future. Often these

small infarcts can not be seen at the resolution of standard diffusion-weighted

images so a higher resolution image acquisition method would be valuable.

The directional dependence of the diffusion-weighted signal can also inform

on the architecture of the brain. In white matter, there is less diffusion across the

direction of the ordered fibre tracts than along them, so the diffusion is said to be

anisotropic, whereas in CSF, the diffusion is approximately isotropic. Differences

in signal can be observed by acquiring multiple images with diffusion encod-

ing in different directions and the degree of anisotropy can be mapped with a

technique termed diffusion tensor imaging [3]. Voxel-wise estimates which quan-

tify the anisotropy can be used to detect changes in tissue microstructure due to

pathology or normal development. By assuming that white matter tracts run in

the direction of fastest diffusion, fibre pathways can be traced through the brain

non-invasively. These white matter tracts transmit information between localised

regions of specific function in grey matter cortex. Although the fibre tracing meth-

ods have limitations, knowledge of how these connections are wired is important

for understanding of neurological function and can also have clinical applications

[4].

The applications of diffusion-weighted imaging would benefit from improve-

ments to image acquisition methods. The conventional diffusion imaging se-

quence encodes the image with a single-shot echo-planar imaging (ss-EPI) read-

out [5]. The resolution is limited to around 2⇥2⇥2 mm voxels because the image

2
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must be encoded while there is sufficient signal following a single excitation of

the spins. Also, the long k-space readout time degrades the quality of the im-

ages, specifically through spatial distortions and blurring. Resolution and image

quality can be improved by using multiple short readouts to encode the image.

However, because diffusion imaging sequences are sensitive to motion on a mi-

cron scale, motion during the diffusion-weighting section will cause encoding

inconsistencies between readouts that ruin the images if they are not properly

accounted for. The ss-EPI sequence is not affected by this problem to the same

degree because the whole image is acquired in one readout. So-called multi-shot

sequences can be corrected using “navigator” techniques that effectively measure

the motion at each shot, so that it can be accounted for in reconstruction. One se-

quence that has addressed this motion problem is readout-segmented echo-planar

imaging (rs-EPI) [6], which has been implemented by Porter and co-workers and

is the subject of the research in this thesis. This method enables robust high-

resolution diffusion-weighted imaging with less distortion and blurring by virtue

of the shorter readouts. However, apart from motion insensitivity, another fac-

tor in the continued success of ss-EPI is its rapid imaging speed, which allows

acquisition of all slices of a whole brain volume in roughly 10 seconds. This is

particularly important in DTI and related methods where 60 or more images with

diffusion-weighting in different directions are typically acquired. Segmenting the

image acquisition into different shots increases the scan time per volume (roughly

by the number of shots) and therefore DTI studies can become prohibitively long.

Before high-resolution diffusion imaging can be used in this context, methods for

reducing the scan time are required.

Another limitation of the current diffusion imaging, is the reliance on 2D

multi-slice sequences, which “excite” and then encode signal from 1.5-5 mm thick

slices of the brain. These slices are shifted in separate excitations so that the

3



CHAPTER 1. INTRODUCTION

whole brain is covered. It is difficult to accurately excite slices much thinner

than 1.5 mm thick and because signal-to-noise ratio scales with voxel volume,

signal decreases with thin slices. 3D sequences, which excite thicker slabs of sig-

nal and then encode slices in the through-slab direction, can be used to image

high-resolution slices. However, despite a large volume of previous research 3D

diffusion-weighted sequences have not been adopted for standard use. The diffi-

culties arise in accounting for motion in the slice direction when exciting a thicker

slab because measuring the motion in all three dimensions is challenging in the

short time available for signal encoding. However, recent research indicates that

3D diffusion-weighted imaging could be possible by limiting the thickness of the

slabs.

1.2 Thesis Outline

This thesis describes the implementation of image acquisition and reconstruction

methods to develop the rs-EPI sequence [6], which was shared with the University

of Oxford as part of a research collaboration with Siemens Healthcare. Chapter

2 gives a brief background in the basics of MRI, fast imaging methods which are

relevant to diffusion imaging, the origin of the diffusion-weighted signal and the

image analysis methods used in stroke diagnosis and diffusion tensor imaging.

Chapter 3 describes the origin of artefacts in diffusion-weighted imaging and

some correction strategies and assesses current diffusion imaging sequences and

the rs-EPI sequence in particular.

Chapter 4 is the first research chapter on the reduction of the scan time in rs-

EPI by reducing the number of acquired shots and reconstructing the missing data

with a partial Fourier algorithm. The homodyne and projection onto convex sets

(POCS) algorithms are compared relative to the original (full k-space) acquisition

4
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in terms of image quality and in region of interest (ROI) analyses of estimates of

diffusion parameters.

Chapter 5 presents another approach to reducing scan time where the number

of excitations required to encode a full image is reduced. A recently published

method is adapted for rs-EPI to simultaneously excite and readout multiple slices

together. The images from the different slices are collapsed on top of each other in

the reconstructed images but a reconstruction that takes advantage of multiple re-

ceive channels can be used to separate the data into separate slices. The modified

rs-EPI sequence is used to acquire tractography data for comparison with ss-EPI

data and trace-weighted images which are used for clinical stroke diagnosis.

In Chapter 6 the 2D multi-slice rs-EPI sequence is adapted for 3D multi-slab

imaging. A model for the pulsatile motion of the brain during the cardiac cycle is

used to simulate the effects of motion on image encoding. Using this simulation

framework, different approaches to correction of motion artefacts in 3D imaging

are tested. The simulations suggest that a correction can be applied using 2D

navigator data and that an encoding scheme that is synchronised to the cardiac

cycle reduces artefacts. The simulation results are confirmed in experiment and a

simultaneous multi-slab acquisition is presented, which builds upon the work in

Chapter 5.

Chapter 7 summarises the research in the thesis and discusses possible future

directions of research.
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Chapter 2

Background

2.1 Principles of MRI

This section gives a brief introduction to magnetic resonance imaging (MRI) that

is based on descriptions in standard texts [7, 8, 9, 10]. The magnetic resonance

(MR) phenomenon is explained using classical physics with the postulate that

sub-atomic particles have an intrinsic quantised angular momentum, or ”spin”. A

rigorous derivation requires detailed quantum mechanics but a classical overview

is sufficient for understanding of the macroscopic MR physics.

Observation of the electron spin (in 1924 by Stern and Gerlach) [11] and mea-

surement of nuclear magnetic moment (in 1938 by Rabi and co-workers) [12] led to

the independent discoveries of nuclear magnetic resonance (NMR) by Bloch and

Purcell [13, 14] in 1946, for which they received the 1952 Nobel Prize in Physics.

Nuclei with an odd number of protons and/or neutrons have a net nuclear spin

angular momentum and this, coupled with their charge, creates a nuclear mag-

netic moment. This magnetic moment is the origin of the NMR signal and the

nuclei being studied are often referred to as spins. Hydrogen-1 (with a nucleus

consisting of a single proton) is the most commonly used nucleus in NMR and

6



2.1. PRINCIPLES OF MRI

MRI experiments because it has a strong nuclear magnetic moment (strong signal)

and is the most abundant in biological tissue (which is mostly water). NMR has

allowed the study of the biochemistry of nuclei such as hydrogen-1, phosphorous-

31 and carbon-13 in vitro and in vivo.

MRI was first described by Lauterbur and Mansfield in 1973 [15, 16]. Their

innovation was to apply spatial localisation to NMR using linear magnetic field

gradients. MRI is very powerful due to its flexible image contrast and experimen-

tal set up and, importantly, is non-invasive and safe. Despite the drawbacks of

the expensive hardware and lengthy scan times in some situations, use of MRI

is widespread and in 2003 Lauterbur and Mansfield shared the Nobel Prize in

Physiology and Medicine.

In MRI, manipulation of the hydrogen-1 spins using the main magnetic field

(B0), radiofrequency magnetic fields (B1) and linear gradient fields (G) enables

polarisation, excitation and spatial localisation, respectively. These concepts and

the k-space formalism for data acquisition are discussed in the remainder of this

section.

2.1.1 The MR Signal

When a hydrogen nucleus is placed in a magnetic field B0, which by convention is

defined to be along the z direction, two energy levels are created by the quantum

Zeeman effect. These energy states can be thought of as two possible orientations

of the z component of the nuclear magnetic moment. The lower energy level

corresponds to the z component of the spin being aligned with B0 and in the

higher level the z component is anti-aligned with B0. These energy states are

separated by �E:

�E = �~B0 (2.1)

7



CHAPTER 2. BACKGROUND

where � is the gyromagnetic ratio of hydrogen (equal to 2⇡⇥42.577⇥10

6 rad/s/T),

~ is Planck’s constant divided by 2⇡, and B0 is the magnitude of B0. The ratio

of the anti-parallel population (n#) to the parallel population (n") is given by the

Boltzmann distribution:
n#

n"
= e��E/k

B

T (2.2)

where kB is Boltzmann’s constant and T is the absolute temperature. The lower

energy parallel state is favoured but at 3 T and physiological temperatures kBT �

�~B0 so there is only an excess of ~10 spins per million in the parallel state. The

net magnetisation M of a sample in a magnetic field is the vector sum of all the

spins’ magnetic moments µ (M =

P
µ) so most of the magnetic moments cancel

out but the imbalance in the spin populations causes a small polarisation. The

magnitude of M is approximately:

M0 ⇡ ⇢0
⇣�~

2

⌘2 B0

kBT
(2.3)

where ⇢0 is the number of hydrogen nuclei per unit volume. This net magneti-

sation is detectable as signal due to the high number density of hydrogen in

water-based samples such as biological tissue.

At equilibrium M and B0 are aligned but if M is perturbed to point in a

different direction it will precess around B0. This can be seen from the classical

definition of torque (rate of change of angular momentum, S) on the individual

magnetic moments µ = �S in the B0 field:

dS

dt
= µ ⇥ B0 (2.4)

8



2.1. PRINCIPLES OF MRI

Multiplying by � and summing all the magnetic moments gives:

dµ

dt
= µ ⇥ �B0 (2.5)

dM

dt
= M ⇥ �B0 (2.6)

The solutions to Equations 2.6 and 2.5 are for µ and M to precess around B0 at

the Larmor frequency:

⌫0 =
�

2⇡
B0 (2.7)

where ⌫0 (= !0/2⇡) is the frequency in Hz, �/2⇡ is in Hz/T and B0 is in T. For ex-

ample, at 3 T, individual hydrogen-1 spins and their resultant magnetisation will

precess at ~128 MHz. This is also the frequency associated with the energy level

separation, �E, in Eq. 2.1. If the magnetisation is excited with a radiofrequency

(RF) magnetic field, B1, at the Larmor frequency a transition can be induced be-

tween the energy states. From a classical perspective, the B1 field exerts a torque

on M so that it rotates away from the equilibrium z direction whilst precessing.

The magnetisation will be perturbed from the z direction and precess in the x-y

plane. The angle of perturbation or the flip angle, ✓, depends on the magnitude,

B1, and duration, ⌧ , of the RF pulse:

✓ = �

Z ⌧

0

B1(t) dt (2.8)

The z axis and the x-y plane are often referred to as the longitudinal axis and

the transverse plane, respectively. After B1 is switched off, the transverse com-

ponent of M, Mxy, can be detected as a small electromotive force in a conducting

coil placed around the sample via Faraday’s law of induction. The same RF coil

used to transmit the B1 field can be switched to receive mode to detect the signal.

The maximum signal will be seen after a 90� RF pulse and no signal is generated
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by a 180� pulse because there is no component of magnetisation in the trans-

verse plane. The longitudinal component of M, Mz, subsequently regrows with

time constant, T1. The precession of any transverse component will generate an

oscillating signal called a free induction decay (FID) which decays under an expo-

nential envelope. This decay is caused by small fluctuations in the magnetic field

which means that the spins precess at frequencies that are slightly different from

the intended Larmor frequency. Therefore some spins will be ahead of the reso-

nance frequency and some spins will be behind, so the transverse magnetisation

vector loses phase coherence or dephases. Following an excitation pulse, the FID

will decay according to the apparent transverse relaxation time constant, T ⇤
2 , due

to variations in field caused by imperfections in the main magnetic field as well

as random fluctuations caused by the motion of the molecules. The dephasing

caused by inhomogeneities in the main magnetic field can be refocused with a

180� pulse, in which case the signal will depend on the transverse relaxation time

constant, T2. The phenomenological relaxation terms, T1 and T2, and the evolution

of M following RF excitation are summarised by the Bloch equation:

dM

dt
= M ⇥ �B0 � Mx̂i+My ĵ

T2

� (Mz � M0)k̂

T1

(2.9)

where î, ĵ and k̂ are unit vectors in the x, y and z directions, respectively.

2.1.2 Image Formation

In MRI, the NMR signal is spatially resolved by applying linear magnetic field

gradients, G, on top of the main magnetic field B0. Gradients are used to se-

lectively excite slices of magnetisation and for the subsequent frequency- and

phase-encoding of the signal required in Fourier imaging. These concepts are ex-

plained below, after a brief description of how gradients modify the precessional
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frequency of spins in order to determine their position.

Under the influence of a gradient, the main magnetic field becomes a function

of position, r:

B = (B0 +G · r) k̂ (2.10)

where

G =

0

BBBB@

Gx

Gy

Gz

1

CCCCA
=

0

BBBB@

dBz/dx

dBz/dy

dBz/dz

1

CCCCA
(2.11)

It is important to note that the magnetic field still points in the z direction but

the field strength varies with position. Hence the Larmor frequency of precession

becomes a function of position. For example, in the presence of a gradient in the

x direction, Gx the Larmor frequency is:

⌫(x) =
�

2⇡
(B0 +Gxx) = ⌫0 +

�

2⇡
Gxx (2.12)

The time domain signal under the influence of a gradient can be Fourier trans-

formed [17] to obtain the signal contributions as a function of frequency. The

signal can then be localised by using Eq. 2.12 to map frequency to position. Typ-

ically the maximum gradient strength on a clinical scanner is 40 mT/m, which

creates a frequency variation of 1.703 MHz/m or a bandwidth of 170.3 kHz across

a 10 cm object.

Slice Selection

The first step in MR image formation is often excitation of a thin slice (1.5-6 mm

thick) of magnetisation through the sample. This is achieved by playing out a

gradient in the direction perpendicular to the slice during the RF excitation pulse.

The RF pulse is designed so that its excitation (or frequency) profile is as close to
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a rect or “top hat” function as possible so that a sharp section of magnetisation

is excited. For small flip angles, there is an approximate Fourier relationship

between the excitation profile and the temporal envelope of the RF pulse, so a

sinc shaped RF pulse should excite a rect function. However, the sinc shape

must be truncated to limit the duration of the RF pulse (to limit the echo-time

and phase accrual artefacts during the pulse) so the resulting excitation profile

is not an ideal rect function, as shown in Fig. 2.1a. The time bandwidth product

time frequency

frequency (ν)

position (z)

νc

zc

BW

Δz

FT

BW

ν = (γ/2π)(B0 + Gz z)

a

b
νc

Figure 2.1: (a) Illustration of the approximate Fourier relationship between the RF pulse
and the excited slice profile. The RF bandwidth (BW) is approximately the full width
at half maximum of the slice profile. (b) Illustration of the conversion from frequency
to position. The slice-select gradient amplitude Gz determines the slice position zc and
thickness �z of a RF pulse with carrier frequency ⌫c and bandwidth BW.

(TBWP), a dimension-less parameter of a RF pulse (the product of its duration and

RF bandwidth) is a measure of the quality of the slice profile. For a sinc pulse

the TBWP is proportional to the number of zero crossings in the RF envelope.

Higher TBWP pulses excite sharper slices but for a fixed pulse duration they
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require higher RF amplitude (B1) as well as stronger gradients (which are limited

by hardware) to achieve the same slice thickness. The peak B1 is limited by the

maximum voltage that can be played out in the transmit coil. If the requested

B1 amplitude exceeds the limit then the RF pulse will be ”clipped” i.e., only the

maximum available will be played out. Therefore to ensure that the desired RF

envelope can be achieved, a trade-off between slice profile and pulse duration is

necessary. Typical excitation pulses are in the range of several milliseconds and

have a TBWP of about 5.

The carrier frequency (⌫c) of the RF pulse defines the slice position and the

combination of the RF bandwidth (BW) and the gradient strength (Gz) determines

the slice thickness, as shown in Fig. 2.1b.

Fourier Imaging

Fourier imaging is the basis for the zeugmatography [18] and spin-warp or 2DFT

sequences [19]. The projection reconstruction method, as used in x-ray computed

tomography scans [20], was the first MRI reconstruction but Cartesian Fourier

transform methods are now more common.

The use of a gradient to separate signal from different locations in one dimen-

sion was mentioned previously. This is usually called “frequency-encoding” and

the gradient is referred to as the readout gradient. If the readout gradient is ap-

plied along x, the 1D profile obtained after Fourier transformation of this signal

is the image collapsed along the y direction. To achieve resolution in the orthog-

onal y direction this acquisition can be repeated but with incremental amounts

of “phase-encoding” before the readout. The phase-encoding gradient is played

out along y so that the different readouts have different phase variation as shown

in Fig. 2.2. With a complete set of phase-encoded readouts a 2D image of the

slice can be obtained via a 2D Fourier transform. This approach is called Fourier
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imaging and can be understood by considering the signal under the influence of

gradients.

B - B0

y

B - B0

y

B - B0

y

Gy Gy Gy

a

b

c

y

x

y

x

y

x

t t t

Figure 2.2: Demonstration of phase variation generated by a phase-encoding gradient,
Gy, for three different gradient amplitudes: (a) plot of time-varying gradient waveform.
Phase accumulation is proportional to the area of the gradient. (b) Variation in magnetic
field, B, with position, y during the gradient. The magnetic field is given by B = B0+Gyy.
(c) Phase of the transverse magnetisation. Spins that experience a stronger magnetic field
accumulate more phase and the result is a variation in phase in the y direction. Spins at
gradient isocentre (y = 0) are not influenced by the gradient.

The MR signal, demodulated at the Larmor frequency, is proportional to the

spin density at each voxel location, ⇢(x, y, z), multiplied by the complex phase

(relative to the Larmor frequency, ⌫0) of the voxel. After slice selection (with

rephasing so that all spins the slice have common phase), the signal in a slice of
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magnetisation centred at z0 with thickness �z is given by:

S(t) /
Z

x

Z

y

"Z z0+
�z

2

z0��z

2

⇢(x, y, z)dz

#
e�i�(x,y,t)

dx dy (2.13)

where i =

p
�1 and the accumulated phase, �, is the integral over time of

⌫(x, y, z, t) relative to ⌫0, which can be related to the applied gradients, G (us-

ing Equations 2.7 and 2.10):

�(x, y, t) = 2⇡�

Z
(⌫(x, y, t) � ⌫0) dt = �

Z
(Gxx+Gyy) dt (2.14)

The gradient area can be defined generally as:

k(t) = �

Z
G dt (2.15)

so that the signal equation can be expressed as a function of k(t):

S(kx, ky) /
Z

x

Z

y

⇢(x, y, z0)e
�i2⇡(k

x

x+k
y

y)
dx dy (2.16)

This equation (where the integral over z has been suppressed) has the same form

as the 2D Fourier transform of the spin density. This shows that the signal is

acquired in the Fourier domain of the image, which is referred to as k-space.

The imaging gradients are used to control the frequency- and phase-encoding of

the image and thereby define the so called k-space trajectory [21]. As shown in

Fig. 2.3, the signal collected during a readout gradient, Gx, consists of a line of kx

points and readouts with different amounts of Gy phase-encoding correspond to

lines of k-space data at different ky values. Cartesian k-space trajectories are the

most common but other sampling schemes such as radial and spiral are possible.

Non-Cartesian trajectories can have advantages such as more efficient coverage
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of the high signal region at the centre of k-space but require re-sampling onto a

regular grid before the Fourier transform, which can be time consuming in image

reconstruction, and the image artefacts are generally more complicated.

The inverse relationship between image space and k-space means that the

image field of view (FOV) and resolution are determined by the spacing of k-

space points (�k) and the extent of k-space (kmax), respectively. The time between

samples during the readout is called the dwell time, �t, which is the inverse of

the rate or frequency bandwidth of the sampling. For a constant readout gradient

of magnitude Gx the k-space spacing can be calculated from Eq. 2.15:

�kx = �Gx�t (2.17)

The Nyquist sampling theorem dictates that in order to represent a frequency

spectrum of bandwith BW without aliasing, the signal must be sampled with:

�t =
1

BW

(2.18)

The frequency range of an object of length Lx in a gradient Gx is:

BW =

�

2⇡
GxLx (2.19)

Substituting Equations 2.18 and 2.19 into Eq. 2.17 gives:

�kx =

2⇡

Lx
(2.20)

The extent of k-space sampled (i.e. from �kmax
x to +kmax

x ) is related to the image

resolution �x by:

2kmax
x =

2⇡

�x
(2.21)
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1
Gy

Gx

Gz

RF

2

2

1

kx

kya b

kx

ky

Δky

Δkx

kxmax

kymaxc

Figure 2.3: Illustration of (a) the basic 2D Fourier transform pulse sequence and (b)
the corresponding k-space trajectory. The two different Gy amplitudes correspond to
the labelled phase-encode lines which are at different ky values. This pulse sequence
is repeated, with varying Gy amplitudes until all the required k-space lines have been
acquired. (c) Illustration of k-space sampling. The spacing between points, �k, and the
extreme k-space value, k

max, determine the image FOV and resolution, respectively.
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Hence, given a desired FOV and image resolution, the appropriate k-space sam-

pling and gradient parameters can be calculated. Analogous considerations apply

to the y direction to determine the spacing between and number of phase-encode

lines. In 3D imaging where a thicker slice or slab of magnetisation is excited,

phase-encoding can be extended to the z direction so that a 3D k-space matrix of

kx, ky and kz points is acquired.

Image Contrast

As mentioned above, the MR signal is proportional to the number density of

water protons. The water content of grey matter, white matter and CSF are rela-

tively similar [22] so images weighted by the proton density do not provide much

contrast between tissue types. However, contrast can be generated by choosing

sequence parameters to accentuate differences in tissue relaxation times, T1, T2

and T ⇤
2 . Other strategies include injecting a contrast agent to increase relaxation

in particular tissues, exploiting physiological changes such as blood oxygenation

that affect relaxation and sensitising the signal to diffusion or perfusion.

T1-weighted images can be acquired by choosing a short repetition time (TR)

between subsequent RF pulses. When TR is shorter than the T1 value of a tissue,

the longitudinal component of magnetization, Mz, does not fully recover. Hence,

signal from different tissues will be weighted by their T1 relaxation times. T2-

weighting is controlled by the choice of echo time (TE). In spin-echo sequences,

the decay of the transverse component of magnetisation, Mxy, in different tissues

depends on the T2 value. By setting a long TE, short T2 species will have low signal

compared to those with longer T2 values. Similarly, in gradient-echo sequences

long TE will generate T ⇤
2 contrast between tissues. The TE is defined as the time

from the excitation pulse to the centre of the spin- or gradient- echo, or to the

acquisition of the centre of k-space if multiple phase-encode lines are readout in
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each TR.

2.2 Fast Imaging

This section discusses the echo-planar imaging (EPI) k-space readout, which is

used extensively to acquire ~2 mm isotropic full brain images in ~3-10 s, and

parallel imaging techniques, which can improve resolution, scan times and image

artefacts.

2.2.1 Echo-Planar Imaging

Echo-planar imaging [23, 24] is a technique which can be used to acquire a 2D im-

age in less than 0.1 s after a single RF excitation pulse. Multiple gradient-echoes

are formed by repeatedly reversing the readout gradient, in contrast with RARE

sequences [25], which generate a train of spin-echoes with RF refocusing pulses.

Phase-encode blip gradients are applied between each echo so that each readout

corresponds to a different line in k-space. The first implementation by Mansfield

and Pykett [23, 24] used a constant phase-encode gradient during the whole read-

out thereby creating a zig-zag trajectory through k-space. Several modifications

to the sequence were introduced, such as the blipped phase-encode gradients

[26], time-reversal of data acquired during the reversed readout gradient [27] and

non-linear time sampling during the ramps of the trapezoidal gradients to en-

sure regularly spaced k-space samples [27]. Later implementations encoded the

complete k-space in order to allow reconstruction of more robust magnitude im-

ages [26, 28, 29]. Previously, when half of k-space was acquired, the imaginary

part was discarded in the Margosian reconstruction [30] so the real images were

sensitive to phase errors caused by field inhomogeneities and dephasing by flow-

ing blood [29]. The encoding time is limited due to T ⇤
2 decay, such that in order
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to traverse k-space more quickly improvements in hardware were necessary to

allow stronger gradients with faster switching. More powerful gradient current

amplifiers were used and shielding coils were designed for the main gradient

coils [31, 32, 33] to remove fringe fields, which generate unwanted eddy currents

in metallic structures around the magnet and limit switching.

A major benefit of EPI is the reduced sensitivity to subject motion, which

is effectively frozen during the timescale of the ~50 ms acquisition (unless the

motion is of a similar time-scale). The high temporal resolution and robustness to

motion artefacts made it suitable for diffusion imaging [34, 5, 35] and functional

MRI [36, 37, 38, 39] as well as perfusion, cardiac and real-time imaging. For a

more detailed account of the origins, methods and applications of EPI, see the

book by Schmitt, Stehling and Turner [40].

EPI Pulse Sequence

The basic EPI pulse sequence for one slice and the corresponding k-space trajec-

tory are shown in Fig. 2.4. After the slice selective excitation, pre-phasing gradi-

Gy

Gx

Gz

RF

kx

ky
ADC
a b

Figure 2.4: (a) Illustration of the EPI pulse sequence and (b) the corresponding k-space
trajectory. After pre-phasing to �k

max
x , �k

max
y (dotted line), the Gx readout gradient and

the ADC are turned on to acquire one line of k-space. The Gy blip moves the k-space
position to the next phase-encode line and the process is repeated until the whole of
k-space’ has been traversed.
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ents are played out on the readout (kx) and phase-encode (ky) axes to move to the

�kmax
x ,�kmax

y starting position. The positive readout gradient (Gx) moves the ac-

quisition forward in k-space and the analog to digital converter (ADC) is opened

to acquire the signal. After this first readout the ADC is turned off and a positive

phase-encode gradient (Gy) “blip” is played out to move to the next k-space line.

k-Space lines are acquired in this fashion during the train of positive and negative

gradient-echoes until the full k-space path shown in Fig. 2.4b has been traversed.

The number of echoes (or the number of positive and negative readout gradi-

ents) is called the echo train length (ETL) and is equal to the number of acquired

k-space lines. The time between echoes is called the echo-spacing (tES) and is

usually ~1 ms. The encoding time is limited by the T ⇤
2 decay of the signal so the

objective is to acquire as many k-space lines as possible, which can be achieved

by sweeping through k-space quickly to minimize the echo-spacing. Minimiz-

ing the echo-spacing also reduces bandwidth-related artefacts (see Off-Resonance

and Blurring sections below). However, the speed of k-space traversal is limited

by the gradient slew rate, gradient amplitude, receiver bandwidth and the k-space

matrix size along the readout direction (nx). An accumulation of gradient events

with high slew rates can cause unpleasant peripheral nerve stimulation (PNS) in

subjects as well as gradient coil heating. The readout time per line TRO is given

by the product of the dwell time per k-space point (�t) and nx:

TRO = nx�t =
nx

BW

=

2⇡nx

�LxGx
(2.22)

using Equations 2.18 and 2.19. Signal-noise-ratio (SNR) is inversely proportional

to
p
BW but having a high BW can also increase SNR by reducing signal loss

due to T ⇤
2 decay. A compromise between the echo-spacing, SNR and achievable

gradient amplitude results in readout bandwidths in the range of 100 kHz to 1
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MHz.

To increase efficiency of the encoding, signal can be sampled during the fi-

nite Gx rise-times [41, 42] as well as during the constant part (often called the

“flat-top”) of the trapezoid waveform. If ramp-sampling is used with linear tem-

poral sampling, the k-space samples will be unevenly spaced and lead to a ripple

artefact in the x direction of the image, if left uncorrected. The distance between

k-space samples is the integral of the gradient over time, as shown in Eq. 2.15,

so the irregular k-space samples can be “regridded” to a regularly spaced grid

with interpolation techniques [43]. Alternatively, non-linear time sampling can be

used to compensate for the changing k-space velocity during the gradient ramp

[27]. Sinusoidal readout gradient waveforms can also be used in conjunction with

either constant time sampling and regridding or with non-linear time sampling.

Ghosting

In EPI, even lines are acquired under positive Gx and odd lines under negative

Gx. The data from odd lines are time-reversed [27] because they have negative

velocities in k-space. The odd and even lines have slightly different characteristics

due to background susceptibility gradients, imperfections in the gradient pulses

or any gradient-induced eddy-currents. There can be relative shifts between k-

space lines caused by image-space phase gradients (Fourier shift theorem). The

mismatch between lines causes a faint repeat of the image shifted by half a FOV

in the phase-encode direction, which is a called a Nyquist or N/2 ghost. A cali-

bration scan where the central k-space line is repeatedly acquired under positive

and negative readout gradients is used to determine the constant (�0) and linear

(�1) phase difference (and higher order terms if required) between the odd and

even lines. This phase difference can be added to even lines in reconstruction [44].
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Off-Resonance

Spins that are not precessing at the Larmor frequency are said to be off-resonance.

Two types of off-resonances generate artefacts in EPI: chemical shifts in frequency

arising from different tissue types (e.g. fat) or main field inhomogeneity due to

an imperfect shim or susceptibility differences, which are common at boundaries

between tissue and air or bone, for example, above the frontal sinuses. The slow

traversal of k-space in the phase-encode direction in EPI allows off-resonance

phase to accumulate during the readout, which results in a constant shift of fat

signal and geometric distortions due to main field inhomogeneity.

The EPI readout has high bandwidth in the readout direction BWRO and low

bandwidth in the phase-encode direction BWPE. The bandwidth is a measure of

the k-space velocity and can be calculated from the inverse of the time between

k-space samples in the particular direction:

BWRO =

1

�t
(2.23)

BWPE =

1

tES
(2.24)

where �t and tES are the previously mentioned dwell time and echo-spacing,

respectively. Main field inhomogeneity �B0 and chemical shift frequency off-

sets between different tissues �⌫ generate image encoding artefacts in the phase-

encode direction because they modify the precession frequency. The frequency at

position x under the influence of a gradient Gx is given by:

⌫ =

�

2⇡
(B0 +Gxx+�B0) + �⌫ (2.25)
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The position is given by:

x =

2⇡⌫
� � B0

Gx
� �B0

Gx
� 2⇡�⌫

�Gx
(2.26)

which is different from the expected position that does not account for the �B0

and �⌫ terms. The distortions due to field inhomogeneity and chemical shift in

the readout direction are given by:

dcs =
2⇡�⌫

�Gx
=

�⌫Lx

BWRO

(2.27)

ddist =
�B0

Gx
=

��B0Lx

2⇡BWRO

(2.28)

Analogous expressions apply for the phase-encode direction. This equation shows

how the low bandwidth (BWPE) in the phase-encode or ky direction in EPI gener-

ates chemical shift and distortion artefacts (the artefacts in the readout direction

are negligible in comparison). At 3 T, the frequency difference between water and

fat �⌫ = 440 Hz and for �t = 10 µs and tES = 1 ms, BWRO = 100 kHz and BWPE

= 1 kHz. In this case the fat signal is shifted by 0.0044Lx and 0.44Ly, i.e. a neg-

ligible shift in the readout direction and almost a half FOV in the phase-encode

direction. The fat signal can be suppressed with a fat saturation module before

the excitation pulse which excites at the frequency of fat and then dephases the

signal with strong “crusher” gradients. Alternatively, a spatial-spectral pulse can

be used, where both the slice location and the spectral content are defined, so

that only water spins within the slice of interest are excited [45]. In spin-echo

sequences the polarity of the 180� slice selection gradient can be reversed relative

to that of the 90� so that only on resonance water spins are refocused [46, 47].

The component of �B0 due to magnet imperfections varies slowly across the

imaging volume and can be reduced by shimming. However the susceptibility
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contribution to �B0 can have sharp changes that can not be shimmed. The degree

of stretching and compression (or signal pile-up) varies throughout the image and

is worst in the vicinity of susceptibility boundaries, which limits EPI around the

sinuses and lower in the brain where air/tissue boundaries exist. Distortions can

be corrected to some extent in post-processing by acquiring a B0 field map to

characterise the distortions [48]. Also, the direction of the distortions is reversed

if k-space is acquired with the opposite phase-encoding polarity (i.e. from +kmax
y

to �kmax
y rather than from �kmax

y to +kmax
y ) so if two images are acquired with

opposite phase-encoding they can be used to derive a correction [49, 50]. Large

changes in resonance frequency within a voxel can also reduce signal through

intravoxel dephasing. This means SNR in some voxels can increase by choosing

a smaller slice thickness even though SNR generally scales with voxel volume.

Susceptibility effects increase at higher field strengths so areas of distortion which

are manageable at 3 T may become a severe challenge for EPI at 7 T.

Diffusion imaging with EPI introduces another source of distortions as a con-

sequence of eddy currents that are generated during the strong diffusion-weighting

gradients. These distortions are discussed in Section 3.1.3 in the next chapter on

diffusion imaging sequences.

Blurring

The decay of signal during the long EPI readout weights the k-space data resulting

in blurring in the phase-encode direction [51]. It is this blurring and the resulting

signal loss which effectively limits the EPI encoding time. In gradient-echo (GRE)

EPI the signal decay has the form:

S(t) / e�t/T ⇤
2 (2.29)
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where t = 0 at the excitation. In spin-echo (SE) EPI the signal has the form:

S(t) / e�(t+TE)/T2e�|t|/T 0
2 (2.30)

where t = 0 at the echo-time (TE). T ⇤
2 is the combined effect of the transverse

relaxation constant T2 and the local main field inhomogeneity constant T 0
2:

1

T ⇤
2

=

1

T2

+

1

T 0
2

(2.31)

If the inhomogeneity is Lorentzian, T 0
2 is approximately

1

T 0
2

⇠ ��B0

2

(2.32)

In SE EPI the 180� pulse refocuses the T 0
2 decay so the signal peaks at TE according

to Eq. 2.30. This signal modulation in k-space degrades the point spread function

(PSF) in image-space. The PSF is a mathematical description of how a point is

depicted by an imaging method. The effective phase-encode resolutions in GRE

and SE sequences are given by Equations 2.33 and 2.34 [7]:

�y0GRE =

p
3

⇡
�y

Tacq

T ⇤
2

(2.33)

�y0SE =

p
3

⇡
�y

Tacq

T2

+

1

⇡
�y

Tacq

T 0
2

(2.34)

where �y is the nominal phase-encode resolution and Tacq is the duration of the

readout. Improved shimming and higher phase-encode bandwidth reduce the

inhomogeneity and hence signal loss and blurring.

26



2.2. FAST IMAGING

Variants of EPI

Single-shot EPI (ss-EPI) is the most widely used form of EPI because of its excel-

lent time resolution and robustness to motion. However, as discussed in the above

the long readout time and low phase-encode bandwith cause artefacts and limit

spatial resolution. The readout duration can be shortened to reduce TE by omit-

ting k-space lines (as shown in Fig. 2.5a) and reconstructing them with a partial

Fourier algorithm [30]. The SNR of a partial Fourier acquisition is lower than a

kx
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kx
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Figure 2.5: k-space trajectories of (a) partial Fourier and (b) interleaved EPI. In (a) the
missing k-space lines are estimate with a partial Fourier reconstruction algorithm. In
(b), the black and grey trajectories correspond to two different interleaves acquired in
different TR periods. The k-space data are combined to form the fully sampled matrix.

full k-space acquisition by approximately
q
nPF
y /nFull

y where nPF
y and nFull

y are the

number of ky lines in a partial Fourier and full k-space acquisition, respectively.

However this loss in SNR is usually equal to or outweighed by the SNR gained

from a lower TE, particularly in diffusion-weighted protocols where TE can be

lengthy because of the diffusion preparation module before the readout. Partial

Fourier reconstructions exploit the conjugate symmetry of k-space and the most

common algorithms are homodyne [52] and projection onto convex sets (POCS)

[53].

The spatial resolution can be increased if data from multiple k-space shots are

combined. Interleaved EPI [54, 55] where k-space lines are skipped in each shot
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(as shown in Fig. 2.5b) allows higher phase-encode bandwidth or lower effective

echo-spacing because the effective temporal separation between k-space lines is

smaller than in an otherwise equivalent single shot acquisition. This reduces

off-resonance artefacts such as chemical shift and distortion but the scan time is

increased by the number of shots. The longer scan times also make multi-shot

EPI more sensitive to motion between the different excitations.

The EPI readout can be used in 3D volume excitation sequences, such as 3D SE

EPI and magnetisation-prepared 3D GRE EPI, where the second phase-encode di-

mension (kz) is acquired in multiple shots. Echo-volume imaging (EVI) [56, 57, 58]

is a true 3D sequence which acquires multiple kz planes after a single excitation.

The T ⇤
2 signal decay and gradient limitations only allow relatively modest acqui-

sition matrices (~64⇥64⇥8) but by under-sampling k-space and estimating the

missing data with parallel imaging techniques (see Section 2.2.2) higher resolu-

tion (3 mm isotropic 64⇥64⇥48 or 2 mm isotropic 128⇥128⇥16) has been demon-

strated [59]. The advantage of the EVI approach is that all slices have the same

phase behaviour and are acquired at the same time (rather than with delays as

in multi-slice sequences), which can be important in functional studies. However,

because encoding in the kz dimension is usually slower than ky encoding in 2D

EPI, the distortion and blurring artefacts in the z direction can be severe.

2.2.2 Parallel Imaging

Parallel imaging is a technique for accelerating image acquisitions by reducing

the number of phase-encoding steps. It is made possible by the encoding power

of array coils [60] used for RF signal reception that arises from the spatial sensi-

tivity variation between individual elements of the RF coil array. The originally

intended application for array coils was to increase SNR in large field field of

view (FOV) images. The basic principle behind this concept (which is discussed
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in Refs. [9] and [61]) is that a small and a large coil would see the same signal

(assuming that they are both close to the object) but the noise (dominated by ther-

mal noise in the object), which is integrated over each coil’s sensitivity profile,

would be higher in the larger coil. If the object is further away then the larger coil

would detect a stronger signal so on balance the SNR is higher. Hence an array

of independent coils around the object can limit the noise and detect approxi-

mately the same signal thereby increasing the measured SNR. To reduce coupling

between coils in the array they have individual receiver systems so separate coil

images can be reconstructed. The optimal combination of coil images is weighted

by the coil sensitivity profiles but in the high SNR regime sum-of-squares is a

good approximation [60].

In Cartesian acquisitions that are accelerated with parallel imaging, the same

extent of k-space (the same spatial resolution) is sampled but the distance between

phase-encode (ky) lines is increased by a factor RPE , which reduces the encoding

time by the same factor. The regular under-sampling of k-space reduces the size

of the FOV by a reduction factor RPE and leads to aliasing (signal wrap-around)

when the Nyquist condition is not met because the reduced FOV is smaller than

the object. The aim of a parallel imaging reconstruction is to remove image alias-

ing from under-sampled data. The SNR of the reconstructed images is less than

a fully sampled image by a factor
p
RPE due to the reduction in Fourier aver-

aging and by a factor g that describes the parallel imaging performance of the

array coil configuration. The geometry-factor (or g-factor), which varies spatially

in the image depending on the degree of under-sampling, the array coil and the

reconstruction details, is lower when there is a large sensitivity variation between

aliased pixels, which makes it easier to separate the signal into un-aliased com-

ponents. As RPE is increased, the distance in image space between aliased pixel

locations, and hence the sensitivity variation between them, decreases. Thus the
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g-factor is higher and residual aliasing and spatially varying noise amplification

is evident in the reconstructed images. Noise amplification is usually most pro-

nounced at the centre of the array coil where there is least sensitivity variation and

where most of the aliased signal is collapsed onto itself. Clinical quality images

can be obtained using standard array coils for acceleration factors of RPE~2-3.

Partially parallel imaging (the “partially” is usually dropped but was initially

used to distinguish combined coil and Fourier encoding from pure coil encod-

ing [62]) was first demonstrated in a phantom in 1993 [63] and then in vivo in

1997 with the k-space-based SMASH technique [64]. The most commonly used

techniques on clinical scanners are the SENSE [65] and GRAPPA [66] algorithms,

which operate in the image and k-space domains, respectively. These algorithms

are less computationally expensive and more robust than alternative methods so

they can be used for fast reconstruction of diagnostic quality images.

SENSE

In SENSE (SENSitivity Encoding) signals overlap from RPE equally spaced loca-

tions in the image. This is demonstrated for RPE=2 in the following equations:

S1(x, y) = C1(x, y)⇢(x, y) + C1

✓
x, y +

FOV

2

◆
⇢

✓
x, y +

FOV

2

◆

S2(x, y) = C2(x, y)⇢(x, y) + C2

✓
x, y +

FOV

2

◆
⇢

✓
x, y +

FOV

2

◆
(2.35)

where Sj is the aliased image from the jth coil in the aliased image, Cj is the

coil sensitivity (which can be estimated experimentally) and ⇢ is the desired spin

density of the object. A diagram of this equation from Larkman and Nunes [61]

is shown in in Appendix A as Fig. A.1, which demonstrates the role of the coil
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sensitivity profiles in aliasing. Equation 2.35 can be generalised to matrix form:

S = C⇢ (2.36)

This equation can be solved by inverting the matrix C as long as the number

of coils is greater than or equal to the acceleration factor and the coil profiles

are sufficiently different from each other (so that C is not rank deficient). The

estimate of the spin density in the SENSE reconstruction is given by:

⇢0
= (CH �1C)

�1CH �1S (2.37)

where  is the noise correlation matrix between receiver channels. Pruessman et

al. [65] derived the SNR at pixel p of the SENSE parallel imaging reconstruction

SNR

PI
p :

SNR

PI
p =

SNR

full
p

gp
p
R

(2.38)

where the g-factor at pixel p is given by:

gp =
q

[(CH
 

�1C)

�1
]p,p[(CH

 

�1C)

�1
]p,p (2.39)

The g-factor (which is greater than or equal to one) is a common measure of the

performance of a parallel imaging reconstruction that takes into the acceleration

factor and the coil array configuration. Estimated g-factor maps also show how

the noise varies spatially in the reconstructed images. In highly accelerated ac-

quisitions noise enhancement in images can be noticeable, particularly in regions

close to the centre of the array coil where there is typically less sensitivity varia-

tion between aliased pixels. Due to the g-factor penalty, an acceptable acceleration

factor is in general much smaller than the number of receiver coils in an array. In

fact, even with highly dedicated 32-channel array coils, achieving good image
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quality in EPI with R = 4 is challenging.

GRAPPA

The GRAPPA (GeneRalised Auto-calibrating Partially Parallel Acquisition) recon-

struction estimates the missing k-space lines so that the data can be Fourier trans-

formed to an un-aliased image. To estimate a missing data point in the accelerated

(under-sampled) k-space data, surrounding points from all N coils are multiplied

by a set of linear weights which relate these points to the missing data point.

To determine the relationship between missing and acquired points, the set of

weights is trained on fully-sampled calibration data using a least-squares fit to

all the available calibration data (also called auto-calibration signal (ACS)). The

number of surrounding points is defined by the GRAPPA kernel. The fitting ap-

proach in GRAPPA is different to the original k-space-based technique SMASH,

which linearly weights the coil sensitivity profiles to synthesise spatial harmonics

that mimic phase-encoding. The fitting equation for a typical 5⇥4 kernel is given

by:

Sj(kx, ky) =
NX

l=1

2X

b
x

=�2

1X

b
y

=�2

nb
x

,b
y

j,l,mSl(kx + bx�kx, ky + (byRPE + 1)�ky) (2.40)

which relates the k-space signal Sj in coil j to the points defined by the kernel

indices bx, by in all of the N coils. There are (RPE-1) missing lines between ac-

quired lines and m denotes the different kernels for each set of missing lines when

RPE>2. Equation 2.40 can be written in matrix form:

Sj = nS (2.41)
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In the ACS data, the target points, Sj , and the source points, S, are known so n

can be estimated:

ˆn = (SHS)�1SHSj (2.42)

where ˆn is the linear least-squares estimate of the weight set n. Hence, in the

accelerated data, missing lines, S0
j , can be estimated by applying ˆn to the acquired

lines, S0:

S0
j = ˆnS0 (2.43)

Using this procedure fully-sampled k-space can be reconstructed for all coils in

the array, which can then be Fourier transformed and combined using a sum

of squares reconstruction. The auto-calibration reference data [67] is so called

because the parallel imaging reconstruction parameters are determined directly

from the k-space data. The ACS data is usually acquired at the start of the ac-

quisition but can be integrated into the accelerated data to reduce sensitivity to

motion after the calibration. In EPI a variable density acquisition where the cen-

tre of k-space is fully sampled and the outer parts are accelerated would have

image artefacts due to variable off-resonance phase accrual during the echo train.

Therefore separate calibration scans for all slices are acquired in one TR period at

the start of the sequence.

GRAPPA can be understood by considering the effect of the coil sensitivities

in k-space. In the image domain, a single coil image is the spin density multiplied

by the coil sensitivity. The k-space signal seen by a single coil is a convolution of

the Fourier transform of the spin density with the Fourier transform of the coil

sensitivity. The fitting of a GRAPPA kernel to the k-space data tries to estimate

the effect of this convolution, which in theory should be the same throughout

k-space. Small kernels can be used because the coil sensitivities usually contain

a small number of Fourier terms (slowly varying in image space translates to
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closely spaced in k-space). To improve the accuracy of the fit the weight set is

estimated at multiple locations in the ACS data (and the reconstructed line can

be an average of different kernels or blocks). The g-factor in GRAPPA reconstruc-

tions can be estimated from the GRAPPA weights [68] or using a gold standard

”pseudo multiple replica” method which is applicable to any parallel imaging

reconstruction [69].

The SENSE reconstruction is an exact solution to the system of equations so if

the coil sensitivities were perfectly known, then SENSE would perform better than

GRAPPA, which is a least-squares fit. However experimental errors in estimating

coil sensitivities and motion between calibration and acquisition degrades SENSE

reconstructions. GRAPPA is generally more robust because auto-calibration re-

moves the need for sensitivity maps and the least-squares fit can limit the errors

due to motion.

Applications

Parallel imaging has had a significant impact on MRI and it is now routinely

used to reduce scan time in conventional 2DFT sequences or to shorten the ef-

fective echo-spacing and the readout duration in EPI to reduce off-resonance and

blurring artefacts, respectively. Phase-encode under-sampling can be applied in-

dependently to the ky and kz dimensions [70], which has been of great benefit in

time-consuming 3D sequences.

Array coils and parallel imaging reconstruction can also be used to un-alias

multiple slices which have been excited and encoded simultaneously, as demon-

strated by Larkman et al. [71]. The benefit of this technique is that slices can be

acquired simultaneously so fewer excitations are necessary to acquire the same

number of slices. Hence TR can be reduced, which is especially valuable in multi-

slice protocols with large numbers of thin slices that require a long TR (e.g. in
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diffusion imaging and functional MRI). The reduction in TR translates directly

into a reduction in scan time by the same factor. Also, as demonstrated by Fig. 3.8

in Chapter 3, decreasing TR will increase SNR efficiency until TR is ~T1.

Multiband RF pulses are used to localise signal from multiple slice locations

before image encoding with conventional readouts. The result of this is that the

simultaneously excited slices are on top of each other or multiplexed in the recon-

structed images. If there is sufficient sensitivity variation in the slice direction of

the array coil, parallel imaging reconstructions can be used to separate the mul-

tiplexed images into separate images of each slice. The g-factor related SNR loss

in these reconstructions can be minimized by using RF- [72] or gradient-induced

[73, 74] phase to shift the slices relative to each other within the FOV. This means

that slice-aliased pixels have additional in-plane sensitivity variation (as well as

the sensitivity variation in the slice direction) between them and therefore the g-

factor is reduced. This is important because often array coils have less sensitivity

variation in the slice direction than in-plane and the slice FOV can be small, which

means that aliased pixels can be close together. Larkman et al. [71] used a SENSE

reconstruction to un-alias the slices and since then a combination of SENSE and

GRAPPA [75, 76] and a GRAPPA-based algorithm [74] have been demonstrated.

2.3 Diffusion Imaging

An MRI experiment can be sensitised so that image contrast depends on the de-

gree of self-diffusion of water molecules. Diffusion is caused by the collisions

between molecules in liquids or gases and the random motion was first described

by Robert Brown [77]. An expression for the root-mean-squared (RMS) displace-

ment (rRMS) of a particle in a random walk during time t was derived by Einstein
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[78, 79] using the diffusion coefficient (D) in Fick’s law:

rRMS =

p
2Dt (2.44)

Hahn showed that the spin-echo signal was reduced by the dephasing due to

diffusion [80] and Carr and Purcell applied magnetic field gradients during the

sequence to measure the effect [81]. Stejskal and Tanner built on this approach

by using finite gradient pulses either side of the 180� refocusing pulse [82]. In a

spin-echo sequence these pulses are of the same polarity but the same diffusion

weighting can be achieved in a gradient-echo sequence (without a 180� pulse) by

using a bipolar pair of gradients, that have opposite polarity, as shown in Fig. 2.6.

When a gradient (G) is applied along a particular direction, spins acquire a phase

proportional to their position (r) along the gradient direction and the gradient

area:

� = �

Z t

0

G · r dt (2.45)

During a bipolar gradient pair (shown in Fig. 2.6), static spins will be dephased

GD

Gz

RF

�

�

G

Figure 2.6: Illustration of diffusion-weighting gradients, GD. The diffusion-weighted
signal is acquired after this preparation module.

by the first lobe and refocused by the second lobe so they will accumulate no

phase. Diffusing spins will have components of motion along the gradient direc-
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tion and therefore their phase is not refocused by the second gradient lobe (be-

cause they experience a changing field during the gradients due to their motion).

Thus a voxel that contains diffusing spins will experience signal attenuation from

destructive interference if the spins move far enough to accumulate significant

dephasing. The signal attenuation is described by the following equation:

S = S0e
�bD (2.46)

where S0 is the signal in the absence of diffusion and b is a measure of the degree

of diffusion weighting. The “b-value” is calculated from the gradient amplitude

(G) and timing:

b = �2

Z TE

0

����
Z t

0

G(t0)dt0
����
2

dt (2.47)

In a diffusion-weighted (DW) image, regions of fast diffusion, such as cerebrospinal

fluid (CSF), have low signal intensity. A map of the diffusion coefficient can be

estimated from the ratio of an image with diffusion gradients (finite b-value) and

without (b = 0). From Eq. 2.46, the diffusion coefficient is given by:

D =

ln S(b)
S(b=0)

�b
(2.48)

The diffusion coefficient of water in biological tissue is on the order of 10�3

mm2/s, which is roughly a third of the value in pure water. So according to

Eq. 2.44, a spin in tissue will diffuse ~10 µm in 50 ms. The b-value is usually

chosen to be ~1000 s/mm2 so that the product bD in Eq. 2.46 is on the order of 1

and the signal is attenuated by a factor e�1. The diffusion weighting is adjusted by

varying the gradient amplitude (G) and duration (�) and the separation between

lobes (�), which is called the diffusion time. If the finite gradient rise times are
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neglected, the b-value of the gradients shown in Fig 2.6 is given by:

b = (�G�)2
✓
�� �

3

◆
(2.49)

It is important to minimize TE so that signal loss due to T2 decay (in spin-echo

diffusion) is minimized. Therefore the diffusion preparation module should be

as short as possible so typically the gradient duration and separation are min-

imised and the amplitude is maximised. The maximum gradient amplitude on

clinical scanners is usually ~40 mT/m. High gradient slew rates can be used to

quickly ramp up to the maximum amplitude but these increase gradient-related

eddy currents that can cause artefacts and image distortion, especially in diffusion

imaging (see Section 3.1.3), and can also induce peripheral nerve stimulation.

In biological tissue, the presence of membranes and other cellular structures

decreases diffusion [83] and the reduction can be greater in some directions than

others. For this reason, the apparent diffusion coefficient (ADC) in a particular

direction is measured because the experiment depends on the direction of the

diffusion-encoding gradient. The direction of diffusion sensitisation is the vector

sum of the gradient amplitudes along the three gradient axes so the amplitudes

can be chosen to generate weighting in the desired direction. In some tissue

types in the brain, such as grey matter, the ADC is approximately the same in

all directions hence diffusion can be described by a single ADC and the diffusion

is said to be roughly isotropic. In white matter, diffusion appears anisotropic

because water molecules are able to move more freely along the fibres than across

them. In an anisotropic medium, diffusion can be represented by a second order

tensor:

D =

2

66664

Dxx Dxy Dxz

Dxy Dyy Dyz

Dxz Dyz Dzz

3

77775
(2.50)
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The tensor is a symmetric 3⇥3 matrix so it is described by six independent el-

ements and can be thought of an ellipsoid whose three axes are the root-mean-

squared diffusion lengths. If the coordinate system (x, y, z) is chosen to coincide

with the principal axes of the diffusion tensor then the off-diagonal elements of

the matrix are zero and the diagonal elements are the three diffusion coefficients

along the primary axes. In a diagonalised matrix, the diagonal elements are the

eigenvalues and the unit vectors describing the coordinate system are the eigen-

vectors.

In the remainder of this section, the two main branches of diffusion imag-

ing are described: diffusion-weighted imaging (DWI), which estimates the mean

diffusivity independent of angle and has been used extensively in diagnosis of is-

chemic stroke [84], and diffusion tensor imaging (DTI) [3], which is a technique for

estimating the diffusion anisotropy that has many applications in neuroscience.

In this thesis we refer to protocols that estimate the (non-directional) mean diffu-

sivity as DWI and all multi-direction diffusion-weighted acquisitions (for tensor

measurements, tractography etc.) as DTI. The standard method for acquiring

diffusion-weighted data is to use a spin-echo sequence with a ss-EPI readout.

Other sequences can be used but the major benefits of ss-EPI are the relative in-

sensitivity to motion artefacts and the imaging speed. However, as discussed in

Section 2.2.1, the resolution of ss-EPI images is limited by geometric distortions

and other artefacts (current techniques acheiving ~2 mm isotropic at 3 T). The

choice of pulse sequence and readout module is discussed in detail in Chapter 3.

2.3.1 Diffusion-Weighted Imaging

Diffusion-weighted MRI is used routinely for imaging the early stages of ischemic

stroke, which is the most common neurological cause of severe disability and

death [1]. Reduced diffusion in ischemic brain tissue was first demonstrated
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in cats minutes after occlusion of the middle cerebral artery [84] and these re-

sults were later reproduced in humans [85]. The mechanism of the reduction of

diffusivity is usually attributed to movement of extracellular water to intracel-

lular water as a result of cell swelling in early ischemia [83]. Combination of

diffusion-weighting with EPI [5] made robust DWI of stroke possible. Strokes

can be divided into major, minor and ”lacunar” strokes. It is important to iden-

tify patients who have suffered a major stroke after occlusion of large cerebral

arteries because they are at risk of severe functional impairment or death if not

treated quickly. Recanalisation treatments such as thrombolysis to dissolve blood

clots are often successful in improving major strokes. Minor and lacunar strokes,

which are caused by occlusions in branching arteries and small penetrating ves-

sels, respectively, usually have good outcomes and mild symptoms. Transient

ischemic attacks are brief clinical manifestations of brain ischemia caused by vas-

cular insufficiency. They do not necessarily lead to lasting damage but are often

an early indicator of more serious future strokes.

Ischemic tissue is characterised by hyperintense signal on raw diffusion-weighted

images or low signal on spatial maps of the ADC. If an image with diffusion-

weighting in one direction is acquired then the resulting voxel-wise ADC esti-

mates are dependent on the orientations of white matter tracts relative to the gra-

dient direction. This directional dependence can be removed by acquiring three

DW images (at the same b-value) sensitised in orthogonal directions. These di-

rections are usually the readout, phase-encode and slice-select directions denoted

by x, y and z, respectively, but can be any three orthogonal directions. The signal
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intensities for x, y and z diffusion weighting are given by:

Sx = S0e
�bD

xx (2.51)

Sy = S0e
�bD

yy (2.52)

Sz = S0e
�bD

zz (2.53)

Note that the signal and diffusion coefficients are functions of position within

each image (i.e., Sx = Sx(x, y), S0 = S0(x, y) and Dxx = Dxx(x, y) etc.) but the

spatial dependence is omitted here for clarity. The geometric mean of these three

images generates an image weighted by the trace of the diffusion tensor (Dtrace,

which is the sum of the diagonal elements of the matrix):

Sxyz =
3
p

SxSySz = S0e
�b(D

xx

+D
yy

+D
zz

)/3
= S0e

�bD
trace

/3 (2.54)

These trace-weighted images are useful for diagnosing diffusion changes caused

by stroke because they measure the diffusion strength without confounding anisotropy

information. Rather than acquiring three separate images (Sx, Sy, Sz), trace-

weighted images can be acquired in a single DW scan with diffusion preparations

that generate isotropic weighting [86, 87]. These preparation modules can be used

to avoid errors in registering the images due to inconsistent eddy current distor-

tions in three images with diffusion-weighting along orthogonal axes. However,

weighting along all three axes necessitates an increased TE and therefore SNR is

reduced.

ADC maps can be estimated from two images with and without diffusion-

weighting (as described above) or from a pixel-by-pixel fit to images acquired at

multiple b-values. An average ADC map can also be estimated using a trace-

weighted image and a b = 0 image. ADC maps have inverted contrast compared

to DW images because fast diffusion areas have high signal. Also there is less
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contrast between gray and white matter on ADC maps because their diffusivi-

ties are similar. In raw diffusion-weighted images, there is residual T2 contrast

between gray and white matter and this increases with TE. Chronic strokes can

have high T2 so remaining ”T2 shine through” can cause high signal on DW im-

ages. When diagnosing hyperintense lesions it is important to compare the ADC

map to ensure that the signal is a result of reduced diffusivity, and therefore an

acute stroke.

2.3.2 Diffusion Tensor Imaging

Diffusion tensor imaging (DTI) estimates the diffusion tensor at each voxel [3]

using a minimum of seven MR images: one image without diffusion weighting

and at least six images with weighting in non-collinear directions. More DW

sampling orientations are typically acquired to reduce noise in the estimation of

the tensor but this increases the scan time. At least 30 unique orientations, which

are distributed isotropically over a sphere, are required to obtain robust estimates

of anisotropy and tensor orientation [88].

The tensor can be diagonalised to determine the eigenvalues �1, �2 and �3:

D0
=

2

66664

�1 0 0

0 �2 0

0 0 �3

3

77775
(2.55)

The eigenvector corresponding to the largest eigenvalue is the tensor orientation

or the direction of maximum diffusivity. The eigenvalues can be used to calculate

maps of scalar diffusion measures [89, 90], such as mean diffusivity (MD):

MD =

¯� =

�1 + �2 + �3

3

(2.56)
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which is equivalent to the trace-weighted image mentioned above, and fractional

anisotropy (FA):

FA =

vuut3

2

P3
i=1

�
�i � ¯�

�2
P3

i=1 �
2
i

(2.57)

FA values range from 0 (completely isotropic diffusion) to 1 (completely anisotropic

diffusion). The principal eigenvector can be used to generate vector maps of the

principal diffusion direction in each voxel. Often directionally encoded colour

schemes are used to show left-right, anterior-posterior and superior-inferior di-

rections in red, green and blue, respectively [91]. The eigenvectors provide in-

formation about the direction of the maximum diffusion within a voxel that has

been used to track white matter fibres in the brain [92, 93, 94]. Fibre tracking or

tractography traces these diffusion orientations to reconstruct a pathway, which

assumes that the fibre orientation in a voxel can be approximated by the principal

diffusion direction. However, the simple ellipsoid described by a second order

tensor is generally not an accurate model for the underlying fibre structure. With

this model, multiple fibre bundles in a single voxel can lead to incorrect estimates

of fibre geometry. Tractography models can be adapted to distinguish parallel,

crossing, ”kissing” and bending fibres. Fibre bundles can be segmented, recon-

structed and visualised but it is difficult to validate tractography estimates in

areas of the brain where the connectivity is not well understood. Despite the lim-

itations, tractography has been a powerful technique for neuroscience research

because it is the only way to non-invasively visualise white matter connections

between brain regions in vivo. It has improved models of normal white matter

anatomy in humans and has been used clinically as marker for degeneration and

could guide surgical interventions [4].

The tensor model is well known to break down under large numbers of di-

rections, high b-values and other conditions. Many groups are exploring these
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regimes because they may be informative about interesting aspects of tissue macro-

or microstructre. In this thesis, we will restrict ourselves to more conventional

regimes of signal behaviour and focus on techniques for improving image qual-

ity, as described in the following chapter.
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Diffusion Imaging Pulse Sequences

3.1 Pulse Sequence Considerations

3.1.1 Motion-Induced Phase Artefacts

Diffusion imaging pulse sequences are sensitive to microscopic diffusive displace-

ments but, as will be discussed below, larger-scale motions lead to signal changes

and artefacts. For in vivo neuroimaging, subject motion consists of rigid-body mo-

tion, such as translation and rotation of the head, and non-rigid pulsatile motion

of brain tissue, which is related to the cardiac cycle. Involuntary movements on

a millimetre scale, for example due to respiration, cannot be avoided and there

is generally more movement during scans on acute patients and children. Brain

tissue deforms due to an increase in blood volume during systole that remoulds

the central and lower regions of the brain and pulls the brainstem downwards

[95, 96, 97]. The brain slowly returns to the equilibrium position during diastole.

Tissue and CSF velocities have been measured up to 3 mm/s with the main com-

ponent being in the superior-inferior direction. An illustration of how the brain

is re-shaped during systole deformation is shown in Figure 9 of Greitz et al. [95]

and is reproduced in Appendix A as Fig. A.2.
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In sequences where k-space is acquired in multiple shots, motion during the

diffusion-encoding gradients causes phase changes in the signal that generate

artefacts in the reconstructed magnitude images. Rigid-body translations and

rotations cause constant phase offsets and linear phase ramps, respectively, in the

image domain [98]. A Taylor expansion of displacement from gradient isocentre

(x(t)) of an object with initial displacement x0 and velocity v0 is given by:

x(t) = x0 + v0t+ ... (3.1)

Using Eq. 2.45 the phase accrued during a gradient G(t) is therefore:

� = �

Z
G(t)x(t)dt = �x0

Z
G(t)dt+ �v0

Z
G(t)tdt+ ... (3.2)

The net area of the diffusion gradients (
R
G(t)dt) is zero so translational motion

with velocity v0 causes a phase change � = �v0
R
G(t)tdt. Figure A.3 (reproduction

of Fig. 1 from Butts et al. [99]) in Appendix A shows how the linear relationship

between phase and velocity results in a linearly increasing phase during rotation.

The linear phase is in a direction perpendicular to the axis of rotation and the

direction of the applied gradient. From the properties of the Fourier transform,

constant phase in image space adds a constant phase offset in k-space and a

linearly increasing phase in image space shifts the signal in k-space. When k-

space is acquired in multiple shots, the rigid-body motion at each shot will in

general be different and therefore the k-space phase and shift will be different at

each shot. For example, if one phase encode line is acquired at each shot, each line

will be phased and shifted by different amounts. This irregular k-space sampling

results in ghosting in the reconstructed image and phase cancellation can cause

signal loss. One way to avoid these artefacts is to acquire all of the k-space data

in a single shot so that the whole trajectory will be phased and shifted by the
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same motion-induced phase. Therefore the k-space sampling is consistent and

the reconstructed images are not corrupted by motion. Magnitude images can be

calculated and the phase can be discarded to avoid destructive phase interference

if images are averaged.

In addition to rigid-body translations and rotations, a significant component of

physiological motion is non-rigid and the diffusion gradients create such strong

motion sensitivity that brain deformation during the cardiac cycle leads to non-

linear phase across the brain. This results in a warping of k-space because each

local part of the brain has a local phase ramp in the image domain, so different

parts of k-space shift in different directions and by different amounts. This creates

more complicated artefacts in multi-shot sequences, but just as above, single-shot

acquisition captures a snapshot of the non-linear phase corruption, enabling one

to simply discard the phase and keep the uncorrupted magnitude image. Hence

single-shot sequences such as EPI (Cartesian or spiral) and FSE that acquire all

the k-space data needed for a full image after each diffusion preparation are less

sensitive to motion artefacts. The first single-shot in vivo diffusion studies were

performed with EPI [34, 5, 35] and had substantially reduced artefacts compared

to previous diffusion imaging.

However, single-shot sequences have limited achievable spatial resolution and

as discussed in Section 2.2.1, EPI is susceptible to off-resonance artefacts and blur-

ring. Parallel imaging can be used to reduce image distortions and blurring or

improve resolution by factors of 2-3 [100, 101, 102] but further improvements in

resolution require a segmented k-space acquisition. Motion artefacts can be mit-

igated in a multi-shot acquisition if the phase at each shot is measured and the

data is corrected in reconstruction. These phase correction techniques are dis-

cussed below in Section 3.1.2. The large non-linear phase errors that occur during

systole can also affect single-shot acquisitions. Local in-plane phase ramps can
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be large enough to shift the corresponding k-space signal outside the acquisi-

tion window causing focal signal loss in images. Signal can also be attenuated by

through-slice dephasing when the phase gradient is in the through-slice direction.

Cardiac-gated acquisitions monitor the subject’s pulse rate and image during di-

astole, the quiescent part of the cardiac cycle, to minimize these artefacts. Gating

improves stability of diffusion imaging but extends the duration of the acquisi-

tion, particularly if the subject has a fast heart rate and therefore a short diastolic

period. Waiting for diastole also introduces a variable TR and hence variable

T1 signal recovery but usually this is not significant for the 5-10 s TRs typically

employed in multi-slice diffusion imaging.

In FSE methods such as PROPELLER [103] (which is discussed as an alterna-

tive to EPI-based DW imaging in Section 3.2), motion-induced phase causes fail-

ure of the Carr-Purcell Meiboom-Gill (CPMG) condition when refocusing pulses

are not exactly 180�. The CPMG condition requires knowledge of the phase of

the transverse magnetisation so that the phase of the refocusing pulses can be

matched but in DW experiments the transverse magnetisation has a spatially

varying and unknown phase. When the refocusing pulses are less than 180� then

signal is attenuated due to interference between odd and even echoes. Phase cy-

cling of the refocusing pulses can be used to produce a fairly stable echo train

for around 16 echoes [103]. However it is more difficult to achieve stability in

the echo-train at higher field where the B1 field is less homogeneous and also the

refocusing pulses add significantly to the total SAR, which is proportional to B2
0

and B2
1 .

3.1.2 Navigator Correction

To achieve full FOV, high-resolution DW images a segmented k-space acquisition

is usually employed. However, as discussed in the previous section, the variation

48



3.1. PULSE SEQUENCE CONSIDERATIONS

between shots of the phase of the transverse magnetisation causes artefacts when

the shots are combined to form the complete k-space matrix. A demonstration of

the changes in phase between five different shots is shown in Fig. 3.1a. The basic

principle of navigated multi-shot schemes, which is illustrated in Figs. 3.1b and

c, is to acquire a high-resolution k-space matrix in multiple shots while at each

shot acquiring the central region of k-space. A 2D low-resolution estimate of the

phase (such as those shown in Fig. 3.1a) can be computed from the “navigator”

region of k-space shown in Fig. 3.1c. By measuring the phase of each shot in this

way, the individual shots of high-resolution data are corrected by removing the

phase corruption from each shot.

The first corrections for motion-induced phase errors in multi-shot sequences

acquired an additional navigator line of k-space without phase-encoding, at each

shot, that allowed measurement of the constant and linear phase in the readout

direction [104, 98, 105]. This 1D navigator technique only allowed correction of

phase offsets and linear shifts of k-space and was problematic for shifts that are

not exactly aligned to the direction of the navigator. This was extended to two

orthogonal 1D navigators for interleaved EPI [99] so that rigid-body correction

could also be applied in the phase-encode direction. Later 2D navigator images

were used to apply linear phase corrections in interleaved EPI [106, 107]. Unless

cardiac gating was used these early techniques suffered from residual artefacts

due to non-linear phase variation caused by pulsatile brain deformation. In inter-

leaved EPI, the phase-encode separation�ky in each shot is increased (by skipping

k-space lines) to reduce off-resonance artefacts and blurring. However, this means

that each shot will be aliased if the FOV defined by �ky is smaller than the object.

If the multi-shot scheme samples contiguous k-space points in the readout and

phase-encode directions then full FOV, unaliased (low resolution) images can be

reconstructed from the subset of k-space data sampled at each shot. Miller and
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High-resolution 
k-space

a

b Navigator
regionc

Figure 3.1: (a) Demonstration of the non-linear, spatial phase variation across the brain
in five different shots. These images are from navigator data in a 2D multi-shot DW
sequence (b) a complete high-resolution DW k-space map, which is acquired in multiple
shots (c) the red box shows an example of the central region of k-space sampled by 2D
navigator acquisitions. These low-resolution navigator acquisitions allow estimates of the
spatial phase variation across the brain at each shot, such as those shown in (a). The
figure of the navigator phase images in (a) is courtesy of David Porter.
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Pauly derived a correction that uses a 2D navigator to apply a non-linear cor-

rection to each shot [108]. The full correction, which involves a computationally

intensive matrix inversion, can be applied to aliased shots but the correction is

simplified if each shot samples contiguous points in k-space and is therefore un-

aliased. The simplified version is termed the ”refocusing” correction and can be

implemented as an image-space subtraction of each navigator’s phase estimate

from its corresponding shot before the data from multiple shots are combined.

The correction can also be applied in k-space as a deconvolution. The assump-

tion is that the motion-induced phase caused by the diffusion gradients is slowly

varying in image space so that it is well described by the low resolution navi-

gator image. This assumption can be violated for severe motion corruption for

example, when a shot is acquired during systole, but generally the correction per-

forms well. It was also shown that the refocusing correction is improved when

the acquisition is synchronised to the cardiac cycle. The motivation for cardiac

synchronisation is so that adjacent regions of k-space have similar motion corrup-

tion to avoid discontinuities and periodicity of the signal phase and amplitude in

the combined k-space data.

True 3D non-linear navigation has not yet been demonstrated due to the dif-

ficulty in acquiring a 3D navigator image with each shot in the limited encod-

ing time. Unless navigator data can be incorporated into the final image, the

efficiency of the pulse sequence decreases as more time is spent acquiring the

navigator data. Pseudo-self-navigation was implemented in the 3D SSFP TUR-

BINE sequence [109] by combining shots from similar points in the cardiac cycle

to form a 3D navigator. However, the complicated motion dependency in SSFP,

where motion phase is mixed over multiple shots, caused some residual artefacts.

2D corrections have been used in small slab 3D phase-encoded acquisitions with

TSE and EPI readouts [110, 111, 112]. A linear correction using a 3D stack of spi-
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rals navigator has been implemented but cardiac-gating was necessary to avoid

systolic non-linear phase errors [113].

3.1.3 Eddy Current Distortions

EPI-based DW sequences are also affected by eddy currents in conducting parts

of the scanner that are generated during the time varying part of magnetic field

gradients. They are time varying magnetic fields that add to or subtract from

the intended gradient fields. Eddy current fields interfere with the EPI encoding

gradients and cause unwanted shifts of k-space. The rapidly switched gradients

in the EPI readout generate eddy currents that can contribute to ghosting. In

DW EPI, the ramps of the strong diffusion-encoding gradients cause eddy cur-

rents that persist during the readout and lead to image translations and shear-

ing and scaling distortions. Eddy currents are proportional to the gradient slew

rate, which has to be set high to minimize the duration of the diffusion encoding

and hence TE. The distortion artefacts are typically different for different diffu-

sion gradient directions and strengths so the mis-registrations cause problems for

pixel-by-pixel analysis of diffusion tensor information.

Eddy current distortions can be minimised at source by means of a bipolar

or doubly-refocused diffusion preparation [114], which is shown in Fig. 3.2a. The

eddy currents produced by the bipolar scheme approximately cancel when a ramp

up is closely followed by a ramp down because opposite polarity gradients have

eddy currents with the opposite sign. The drawback of the bipolar scheme is that

the minimum TE is increased compared to monopolar schemes. Post-processing

techniques to correct the distortions can also be used [115, 116, 49, 50].

In the experiments in this thesis with readout-segmented EPI, a modified

monopolar diffusion scheme is used where part of the second lobe is moved

before the refocusing pulse and negated (see Fig. 3.2b) to achieve a shorter TE
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a b

Figure 3.2: Illustration of diffusion-weighting gradient schemes. (a) bipolar scheme that
has reduced sensitivity to eddy currents compared to monopolar schemes but lengthens
TE. (b) a modified monopolar scheme where part of the second lobe is moved before
the refocusing pulse and negated. This allows a shorter TE compared to conventional
monopolar schemes.

[117]. The eddy current performance of the modified scheme is improved relative

to conventional monopolar (Stejskal-Tanner) schemes because having a negative

polarity gradient helps to cancel eddy currents. Readout-segmented EPI is less

susceptible to eddy current distortions because it uses a short echo-spacing so

it is acceptable to use the modified monopolar preparation rather than a bipolar

preparation.

3.2 Pulse Sequences

A diffusion-weighted pulse sequence comprises a diffusion-weighting or prepa-

ration module to generate the diffusion contrast and a readout module where

k-space is acquired. The preparation module is a set of pulses that imparts diffu-

sion contrast to the signal between excitation and image acquisition and is to some

extent, but not entirely, independent of the readout. Here, we briefly describe

the most prominent techniques for creating diffusion contrast before considering

classes of commonly-used readout strategies and their relative merits.
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Spin-echo (SE) diffusion preparations have T2 signal decay and therefore they

are usually preferred to gradient-echo (GRE) preparations, which have faster

T ⇤
2 decay. Also, GRE in combination with an EPI readout will have worse off-

resonance artefacts than SE EPI because the inhomogeneity-related dephasing is

not refocused. A stimulated echo preparation [118, 119] stores the magnetisa-

tion in the Mz direction so that a long diffusion time between gradients can be

set. However, half of the signal is spoiled and the scan times are generally long.

Low-TR steady-state DW acquisitions are very efficient and have strong diffu-

sion weighting but they suffer from complicated motion-induced phase artefacts

because the diffusion weighting is mixed over multiple shots.

The most common readout modules in diffusion imaging acquire k-space in

a single-shot, in which case the reconstructed images are largely insensitive to

motion-induced phase artefacts. Acquisition schemes that acquire k-space in

multiple shots either require phase navigation or some intrinsic insensitivity to

motion artefacts, such as projection reconstruction (PR) [120] or line scanning

[121] methods. However, artefacts arise in PR and line scan sequences when the

motion-induced phase gradients are not parallel to the single line of k-space ac-

quired [122]. These general classes of single- or multi-shot readouts are typically

implemented in EPI- or FSE-based sequences, which have their respective advan-

tages. EPI does not suffer from artefacts related to the phase stability of the FSE

spin echo train but FSE sequences have low sensitivity to off-resonance artefacts.

The choice of k-space trajectory (i.e., Cartesian, spiral, radial etc.) is important be-

cause it influences the image artefacts. For example, in radial or spiral sequences,

off-resonance artefacts and residual motion-related errors manifest as streaking or

blurring, which are more benign than the ghosting or geometric distortion arte-

facts encountered with Cartesian trajectories. In multi-shot schemes the trajectory

also dictates the available motion correction strategies.
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Spin-echo single-shot EPI (ss-EPI) [5] has been the dominant DW sequence for

clinical imaging of human stroke [85] and DTI studies [3], due to its robustness

to motion and high imaging speed (whole brain 2 mm isotropic data in ~10 s),

which enables acquisition of large numbers of DW volumes. By accelerating the

k-space acquisition with parallel imaging, distortions in 2 mm isotropic data have

been reduced to acceptable levels at 3 T [101, 102] but a ceiling on resolution is

imposed by the length of the readout. As discussed in Section 2.2.1, the length of

the EPI readout makes it susceptible to blurring and off-resonance artefacts in the

phase-encode direction, which increase when the readout duration is extended

to encode higher resolution images. In practice the geometric distortions and

blurring are often the most limiting artefacts, especially at higher field strengths

where the field is less homogeneous and T ⇤
2 is shorter. One approach that enables

localised high-resolution DTI at 7 T [123] is to reduce the field of view so that a

shorter readout with higher phase-encode bandwidth can be used.

In multi-shot sequences there are many ways to combine a navigator acqui-

sition (which covers the centre of k-space at each shot) with a high-resolution

acquisition (which covers the whole of k-space in multiple shots). The residual

motion-related artefacts depend on the extent of the navigator and the readout

details (and sometimes the diffusion preparation module being employed) but

the correction methods have a common framework. The phase information in

the navigator, which is effectively an estimate of the bulk motion, is used to un-

do the k-space phase offsets and shifts in the high-resolution data caused by the

motion. A low-resolution 2D navigator image can be used to apply linear cor-

rections for rigid-body motion [106, 107] or more complete non-linear corrections

that account for non-rigid brain deformation [103, 108]. Trajectories where the

high-resolution shots sample contiguous k-space points and are therefore funda-

mentally unaliased can be non-linearly corrected with a simple phase-subtraction
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[103, 108] (without the need for an time-consuming iterative algorithm) if 2D nav-

igator information is available. Self-navigated sequences [103, 124, 125] cover the

centre of k-space in each high-resolution shot so they do not require a separate

navigator and are therefore more efficient. The FSE PROPELLER sequence [103]

acquires radial blades of k-space at each shot that are rotated about the centre

in successive excitations to complete k-space sampling. Therefore, PROPELLER

can combine self-navigation with a fast non-linear phase correction because each

shot covers the centre of k-space and a low-resolution, full FOV (and therefore

free from aliasing) image can be reconstructed from each blade. However, PRO-

PELLER can be limited at high field strengths because the FSE echo-train requires

good refocusing pulses to satisfy the CPMG condition and the inefficient radial

coverage of k-space and high SAR (due to the large number of refocusing pulses)

of the sequence can result in long scan times. 3D DW sequences have been a long

standing target because they could allow high-resolution isotropic voxels without

slice profile effects but it is difficult to acquire 3D navigator data in the short time

available for image encoding. Recently small multiple slab acquisitions have been

explored because it seems that phase errors can be controlled with 2D correction

of each kz encoded k-space plane [110, 112].

For this thesis, we focus on the multi-shot readout-segmented EPI (rs-EPI)

method [6], which is attractive due to its close relationship to the widely used

ss-EPI. As discussed in the next section, the rs-EPI sequence has been modified

to include partial Fourier encoding, simultaneous multi-slice acceleration and 3D

multi-slab DW imaging.
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3.3 Readout-Segmented Echo-Planar Imaging

Readout-segmented EPI (rs-EPI) [6] is a multi-shot DW sequence that is capable of

acquiring high-resolution images with reduced distortion and blurring compared

to ss-EPI. Diffusion imaging with segmentation of k-space in the readout direc-

tion was first presented by Robson et al. without phase navigation [126] and this

approach was modified by Porter et al. to include 2D non-linear phase correction

[108, 127] and reacquisition of motion corrupted shots [128, 129]. The schematic in

Fig. 3.3a shows how k-space coverage is completed in five shots, or readout seg-

ments, acquired in separate TR periods. Figure 3.4 gives examples of the k-space

a b

Figure 3.3: Illustration of (a) the k-space acquisition in rs-EPI and (b) the pulse sequence.
The readout segments are acquired during the imaging echo and the navigator echo
always acquires the central readout segment (the 3rd shot in this example). Pre-phasing
gradients, shown in blue on the readout gradient (GR) axis, are varied in different shots
to move to the kx location of each readout segment. Copyright 2009 Wiley. Used with
permission from Porter and Heidemann [6].

and image-space representations of the readout segments. The smaller kx width

of a readout segment allows a shorter echo-spacing relative to ss-EPI where the

full extent of k-space must be traversed. This short echo-spacing (or equivalently

the high phase-encode bandwidth) reduces sensitivity to off-resonance artefacts

and can be reduced further with parallel imaging. The length of the rs-EPI echo-
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Figure 3.4: (a) Examples of k-space and image-space data from one channel in a 9
segment b = 0 rs-EPI acquisition. Note that the windowing of the data is different for
each of the 5 segments. The k-space data outside the dotted red lines is discarded when
the segments are spliced together to form the complete k-space. Typically 8 kx columns
are discarded on either side of each readout segment. (b) The complete k-space formed
from all 9 readout segments and the resulting image from one channel. As can be seen
from the wide readout FOV, the data are 2⇥ kx oversampled at this stage. (c) The final
image after sum of squares combination of the data from all 32 channels.
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train is generally shorter than in an equivalent resolution ss-EPI acquisition so

there is less phase-encode blurring. This allows the acquisition of good quality

high-resolution DW data, even at 7 T [130] where ss-EPI suffers from severe dis-

tortions and signal dropout. The improvements in distortions and blurring with

rs-EPI are shown in the direct comparison with ss-EPI at 3 T in Figures 3.5 and

3.6.

Figure 3.5: Comparison between single-shot EPI and readout segmented EPI at the base
of the brain. Single-shot EPI acquisition with (a) b = 0 s/mm2 and (b) corresponding
trace-weighted image with b = 1000 s/mm2. Readout-segmented EPI acquisition with
(c) b = 0 s/mm2 and (d) corresponding trace-weighted image with b = 1000 s/mm2.
Copyright 2009 Wiley. Used with permission from Porter and Heidemann [6].

The 2D navigator correction was implemented by acquiring the central readout

segment (e.g., shot 3 in Fig. 3.3a) in a separate navigator echo after the imaging

echo, as indicated in the pulse sequence diagram in Fig. 3.3b. The low kx reso-
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Figure 3.6: Comparison between single-shot EPI and readout segmented EPI at the
level of the lateral ventricles. Single-shot EPI acquisition with (a) b = 0 s/mm2 and
(b) corresponding trace-weighted image with b = 1000 s/mm2. Readout-segmented EPI
acquisition with (c) b = 0 s/mm2 and (d) corresponding trace-weighted image with b =
1000 s/mm2. Copyright 2009 Wiley. Used with permission from Porter and Heidemann
[6].
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lution, full ky resolution navigator phase estimate was used to apply a 2D non-

linear image-space phase correction [108] to each readout-segment acquired with

diffusion-weighting. Each readout segment samples contiguous k-space points

and therefore image space representations of the segments are not aliased. Hence

the correction can be applied as a simple complex multiplication that removes the

phase of the navigator from the segment, which translates to a redistribution of

signal in the k-space domain. As shown in Fig. 3.4, readout segments are over-

lapped so that there are more kx columns than necessary (typically 8 on either

side) and therefore signal which has been displaced by motion phase can be re-

covered into the true imaging window of the segment. These extra kx columns

also serve to improve regridding at the edges of readout segments, so that dis-

continuities in signal are avoided.

The navigator information is also used to guide a reacquisition of segments

that had severe phase corruption caused by systolic pulsatile motion. If there is

significant motion during the diffusion gradients then large parts of k-space can

be shifted outside the segment window and the navigator correction is unable

to recover the signal. These instances could be avoided with cardiac gating but

as discussed in Section 3.1.1, this has associated problems. The solution in rs-

EPI is to reacquire the shots with the worst motion corruption, a technique that

was first demonstrated with 1D navigation in DW spin echo sequences [131, 128].

An example of how artefacts can be removed by reacquiring the corrupted shot

(number 6) is shown in Fig. 3.7.

3.3.1 Thesis Motivation

This thesis is on the development of the rs-EPI pulse sequence, which has already

been demonstrated at 3 and 7 T [6, 132, 130] and shown to be useful clinically [133,

134]. The high-resolution DW images are impressive however the segmentation
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Figure 3.7: Example of artefact improvement with reacquisition. (a) The navigator im-
ages and k-space from 7 different shots. The navigator data is the central readout seg-
ment so the image data are low-resolution. The larger spread of k-space and the signal
void artefact in shot 6 indicates that this shot has motion corruption. In the sequence
this motion-corruption is detected by calculating the k-space distribution width, which
quantifies the k-spacespread of the navigators. The resulting artefact can be seen in the
reconstructed (b) diffusion- and (c) trace-weighted images. (d) The navigator data after
reacquisition. Shot 6 and shot 2 have been reacquired and the artefact in the (e) diffusion-
and (f) trace-weighted images has been removed. Copyright 2009 Wiley. Used with per-
mission from Porter and Heidemann [6].

of k-space increases the scan time per volume. For equivalent matrix sizes, rs-

EPI acquisition times are longer than ss-EPI roughly by the number of readout

segments. Of course, the same data quality or resolution cannot be obtained

with ss-EPI but the imaging time is an important consideration in clinical and

research settings. Time may be limited when scanning acute patients who are in

severe discomfort and also there are essential structural and diagnostic scans that

require significant time in a scanning session. In DTI studies at least 30-60 DW

volumes are generally required so the scan time per volume must be minimized.

This motivates the work in Chapters 4 and 5, where strategies to reduce the scan

time are explored.

In Chapter 4, readout segments on one side of k-space are omitted and the

missing data are reconstructed with a partial Fourier algorithm [135]. The scan

time is reduced by the number of segments omitted but the acceleration is lim-
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ited to less than a factor of two. Two partial Fourier algorithms are compared to

the original full k-space reconstruction in terms of image quality and estimates of

diffusion parameters and it is demonstrated that a POCS reconstruction of partial

Fourier encoded data gives reliable results. Chapter 5 presents a modification

to the rs-EPI sequence where multiple slices are simultaneously excited and en-

coded [71]. A parallel imaging reconstruction is used to separate the multiplexed

slice data into separate single-slice data. This translates into lower scan time be-

cause fewer excitations are required to achieve the same slice coverage within a

TR period. TR and therefore scan times are reduced by the number of slices si-

multaneously imaged. Whole brain scans typically excite 60-70 slices during each

TR resulting in TR values on the order of 10 s. In order to achieve the optimum

SNR within a target scan time, the TR can be chosen to maximise SNR efficiency

(signal/
p
TR). Referring to the SNR efficiency plot in Fig. 3.8, the optimum TR is

1-2 s so reductions in TR will not only reduce scan times but also increase SNR

obtained in a given scan time. The spin echo SNR efficiency plot in Fig. 3.8 used

3 T values for white matter tissue T1= 1000 ms, T2= 75 ms [136, 137] and echo

time = 70 ms. Numerical simulation of the Bloch equations was used to calculate

the spin echo signal. The compatibility of rs-EPI with slice-acceleration is demon-

strated in trace-weighted and DTI acquisitions with reduced scan times [138]. An

acceleration factor of 2 was used in the modified rs-EPI sequence but there is

potential for faster scans because acceleration factors of 6-8 have been presented

elsewhere.

Chapter 6 describes a 3D extension of the rs-EPI sequence, where multiple

slabs were kz phase-encoded in each TR. The k-space acquisition was also syn-

chronised to the cardiac cycle to reduce motion phase artefacts, as has been shown

previously by Miller and Pauly [108]. A 3D DW sequence would be very valu-

able because it may be possible to obtain high-resolution in the slice-direction,
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Figure 3.8: SNR efficiency (signal/
p

TR) for a spin echo sequence is plotted as a function
of TR. The spin-echo signal was calculated by numerical simulation of the Bloch equation
with TE = 70 ms and white matter values of T1= 1000 ms and T2= 75 ms. In whole-brain
multi-slice sequences, reductions in TR with slice acceleration to about 1-2 s will increase
SNR efficiency. The optimal TR range is also achievable with multi-slab sequences, which
only require about 10 slab excitations for whole-brain coverage.
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which is limited in multi-slice sequences due to the difficulty in exciting thin,

well-defined slices. A 3D multi-slab sequence would also allow imaging in the

optimum TR range for SNR efficiency. Recent work in 3D diffusion imaging has

used similar multi-slab approaches to the one presented here for phase-navigation

and efficiency reasons.

Sequence modifications were programmed in the IDEA Siemens environment

and images were reconstructed offline in Matlab. Future work would include

translation of the Matlab reconstruction code into the scanner environment, which

was beyond of the scope of this thesis. This and other remaining work is discussed

in Chapter 7.
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Chapter 4

Partial Fourier Readout-Segmented

EPI

4.1 Introduction

The use of magnetic resonance imaging in assessing diffusion of water in tissue

has found wide applicability in basic and clinical science. There is great inter-

est in characterizing white matter integrity and pathways in brain imaging, with

applications in basic neuroscience [4] and in assessment of tissue damage due to

ischemia [139, 85, 140, 141, 142], but also in other applications such as in using

diffusion characteristics to provide information on tumours [143]. However, the

spatial resolution possible when using diffusion MRI has historically been lim-

ited by difficulties in correcting artefacts associated with bulk movement of the

object during scan acquisition. To counter this, low-resolution single-shot echo

planar imaging (ss-EPI) methods have been most commonly used as the read-

out module. However, sophisticated adaptations to the standard EPI acquisition,

involving careful characterization of the confounding phase distortions using nav-

igator echoes, have been used to enable multishot acquisition methods to be used,
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with their consequent improvement in spatial resolution. One such extension is

the use of readout-segmented EPI [126] (as opposed to the more conventional

phase-encode segmented EPI). This sequence was adapted by Porter et al. [6] to

include GRAPPA parallel imaging (to minimize B0 inhomogeneity-related distor-

tions), two-dimensional navigator correction (to account for motion-related phase

corruptions), and navigator-based reacquisition (to allow for occasional uncor-

rectable k-space segments) [66, 108, 131]. That method uses a short-duration

sinusoidal echo readout strategy to sample segments of k-space in the readout

direction, thereby minimizing the echo spacing and hence image distortion. In

contrast to the phase-encode segmented approach, this acquisition scheme sam-

ples contiguous k-space points at each shot, rather than interleaving them be-

tween shots. This approach results in Nyquist sampled data that are free from

aliasing and convenient for applying a spatially variant phase correction. Other

groups have demonstrated the effectiveness of readout-segmented EPI in preserv-

ing anatomical detail at 3 and 7 T [132, 130]. As noted by Heidemann et al., the

reduced echo-spacing allows a shorter echo time (TE) relative to ss-EPI, which has

benefits in terms of high b-value diffusion encoding and finer spatial resolution

when the shorter T2 decay at higher field strength prohibits use of ss-EPI.

Readout-segmented EPI (rs-EPI) allows acquisition of high-resolution maps

of apparent diffusion coefficient and other diffusion parameters, which promise

application in evaluation of small infarcts in acute stroke. However, for rs-EPI

to be used routinely in a clinical setting, and for application to multi-direction

diffusion tractography studies, the imaging time must be reduced further to be

more comparable with current ss-EPI protocols. This study demonstrates that

the number of readout segments can be reduced from the number required for

a full k-space acquisition, without significantly compromising image quality, by

reconstructing missing k-space data with partial Fourier techniques. A prelim-
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inary study investigated the combination of rs-EPI data with homodyne partial

Fourier reconstruction in the readout direction [144] and a comparison of the ho-

modyne and projection onto convex sets (POCS) algorithms for partial Fourier

encoding in the phase-encode direction has been presented [145]. An evaluation

of the effect of readout and phase-encode partial Fourier encoding on signal-to-

noise ratio (SNR) efficiency in rs-EPI [145] concluded that phase-encode partial

Fourier was advantageous in high-resolution (288⇥288) protocols when a twice-

refocused diffusion preparation was used. However, the diffusion preparation

used in our study was a modified monopolar scheme (see Methods section) so as

to minimize the SNR penalty of the diffusion encoding duration. This chapter,

which has been published elsewhere [135], compares homodyne [52] and POCS

[146, 53] readout partial Fourier reconstructions to the full k-space acquisition.

Comparison between these approaches is presented for the cases of estimates of

the diffusion parameters: fractional anisotropy (FA), mean diffusivity (MD), and

diffusion orientation (two-fibre model); T2- and trace-weighted images; and SNR.

4.2 Theory

4.2.1 Partial Fourier Reconstruction

Partial Fourier reconstruction is possible because the spin density is a real func-

tion. The symmetry of k-space can be found by taking the complex conjugate of

the signal equation:
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This demonstrates that when the object is real, the k-space signal is Hermitian

i.e., the real part is symmetric and the imaginary part is antisymmetric about

the centre of k-space [17]. If this property holds then it is only necessary to

acquire one half of 2D k-space and then the missing half can be reconstructed.

In practice, the reconstructed image is complex due to phase caused by flow and

motion or hardware imperfections such as offsets in resonance frequency, eddy

currents and receive B1 inhomogeneity. Therefore partial Fourier reconstructions

attempt to make the image real by performing a phase correction step in image-

space. Slightly more than half (e.g. 9/16 or 5/8) of k-space is acquired so that

the symmetric region of low spatial frequencies (the central portion of k-space),

where data have been acquired on both sides of k-space, provides a low resolution

estimate of the image phase.

Homodyne Reconstruction

The homodyne reconstruction applies a filter to estimate the missing part of k-

space. The origin of the filter is explained for the one-dimensional case, with

reference to a derivation in Bernstein et al. [9]. The range of the k-space data is

from �kmax to kmax in a fully sampled acquisition and �kls to kmax in a partial

Fourier acquisition. The symmetric, low spatial frequency range used for phase

correction is from �kls to kls. The reconstructed real image is given by:

I(x) =

Z k
max

�k
max

S(k)e�i2⇡kx
dk (4.2)

In our case with a real image, the data in the range (�kmax, kls) can be replaced

by the complex conjugate of the data in the range (kls, kmax):

I(x) =

Z �k
ls

�k
max

S⇤
(�k)e�i2⇡kx

dk +

Z k
max

�k
ls

S(k)e�i2⇡kx
dk (4.3)
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In the first term in Eq. 4.3 can be written as a complex conjugate with a change of

variable k0 = �k:

I(x) =

Z k
max

k
ls

S(k0
)e�i2⇡k0x

dk0
�⇤

+

Z k
max

�k
ls

S(k)e�i2⇡kx
dk

I(x) =

Z k
max

k
ls

S(k0
)e�i2⇡k0x

dk0
�⇤

+

Z k
ls

�k
ls

S(k)e�i2⇡kx
dk +

Z k
max

k
ls

S(k)e�i2⇡kx
dk

(4.4)

The identity for complex variables z + z⇤ = 2Re[z] is used to obtain:

I(x) =

Z k
ls

�k
ls

S(k)e�i2⇡kx
dk + 2Re

Z k
max

k
ls

S(k)e�i2⇡kx
dk

�
(4.5)

The second term in Eq. 4.5 is real by definition and we assume that I(x) is real.

Therefore the first term must also be real and we can write:

I(x) = Re

Z k
ls

�k
ls

S(k)e�i2⇡kx
dk + 2

Z k
max

k
ls

S(k)e�i2⇡kx
dk

�
(4.6)

This equation for the image is in terms of k-space data in the range (�kls, kmax)

that is acquired in a partial Fourier acquisition. A filter H(k) can be defined:

H(k) =

8
>>>>><

>>>>>:

0, k < �kls,

1, �kls  k  kls,

2, k > kls.

(4.7)

The image can then be expressed as:

I(x) = Re [IH(x)] (4.8)

IH(x) = Re

Z k
max

�k
max

H(k)S(k)e�i2⇡kx
dk

�
(4.9)
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This shows that the homodyne high pass filter H(k) can be used to reconstruct

an image instead of calculating missing k-space data by conjugate symmetry.

Smoother filters (see below) are used in practice to mitigate ringing caused by

the sharp transitions.

As the image I(x) is generally not real, taking the real part in Eq. 4.8 loses some

signal. Before taking the real part, the image is phase corrected in an attempt

to remove the phase. The phase correction uses an image calculated from the

symmetric region of k-space in the range (�kls, kls):

IL(x) =

Z k
ls

�k
ls

S(k)e�i2⇡kx
dk =

Z k
max

�k
max

L(k)S(k)e�i2⇡kx
dk (4.10)

where

L(k) =

8
><

>:

0, |k|  kls,

1, |k| > kls.

(4.11)

Again, a function with smoother transitions (e.g. Hanning filter) is used for the

low pass filter L(k). It is assumed that the low resolution �L(x), the phase of IL(x),

is a good estimate of the true phase of I(x). When the phase varies rapidly, e.g.

due to sharp susceptibility changes, this assumption doesn’t hold and the quality

of the homodyne reconstruction is degraded. The full homodyne reconstruction

can be expressed as:

I(x) ⇡ Re

⇥
IH(x)e

�i�
L

(x)
⇤

(4.12)

When implementing these phase calculations it is preferable to calculate the nor-

malised complex image, shown in Eq. 4.13, to avoid problems with phase wrap-

ping in the arctangent step.

e�i�
L

(x)
=

I⇤L(x)

|IL(x)|
(4.13)
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Iterative Reconstructions

Iterative approaches have two constraints: the image phase should be the low

resolution estimate �L(x) and in k-space the estimated data should match the

acquired data. This is achieved by iteratively applying phase correction and then

transforming back to k-space. Sj(k) is the complex k-space data at each step

j and Ij(x) is the image. The first image I0(x) is computed from the partial

Fourier data, where the range of k-space values is (�kls, kmax). This image is then

phase corrected and Fourier transformed back to k-space to generate S0(x), which

contains an estimate of the missing part of k-space (�kmax, kls):

Sj(k) = FT

⇥
Ij(x)e

�i�
L

(x)
⇤

(4.14)

The next iteration Sj+1(x) is produced by replacing the values in the range (�kls,

kmax) with the originally acquired data:

Sj+1(k) = W (k)S(k) + [1 � W (k)]Sj(k) (4.15)

where W (k) is a merging function, which can be smoothed if necessary:

W (k) =

8
><

>:

0, k < �kls,

1, k �= kls.

(4.16)

The next image Ij+1(x) is:

Ij+1(x) = Re

⇥
FT

�1
[Sj+1(k)] e

�i�
L

(x)
⇤

(4.17)

Images can be generated with the homodyne algorithm (iterative homodyne) or

other approaches such as zero filling (POCS). The algorithms iterate until the
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difference between successive images is small. Iterative approaches can perform

better when there is rapid phase variation because they try to approximately

match the k-space as well as constrain the phase.

4.3 Materials and Methods

Data were acquired with a diffusion-weighted readout-segmented EPI sequence

from six healthy volunteers using a MAGNETOM Verio 3 T scanner (Siemens

Healthcare, Erlangen, Germany) under an approved technical development ethics

protocol. Additionally, to avoid confounding problems from subject motion, SNR

was assessed for each acquisition/reconstruction combination using an agar gel

phantom scanned 20 times during a repeated acquisition protocol. The diffusion

preparation module was a modified version of the monopolar Stejskal-Tanner

scheme [117]. The high phase-encode bandwidth resulting from the combination

of the short rs-EPI echo-spacing with GRAPPA acceleration makes the sequence

less sensitive to eddy current-induced phase changes (although we find some

post-processing correction to be desirable), which allows monopolar schemes to

be used rather than the eddy current compensated bipolar schemes. In the modi-

fied monopolar preparation, part of the refocusing gradient is moved prior to the

180� RF pulse (and negated) so that the full time between the 90� and 180� pulses is

used for diffusion encoding, thereby allowing a shorter TE. Splitting the gradient

also reduces eddy current effects relative to conventional monopolar encoding. A

32-channel head coil was used to acquire fully k-space sampled diffusion tensor

images (DTI protocol) and diffusion-weighted images (DWI protocol), with the

following parameters:
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4.3.1 DTI Protocol

This protocol aims to acquire moderate-resolution data with low distortion for ei-

ther tensor measurements or tractography [147, 88], for which we targeted a rea-

sonably large number of diffusion directions (30 directions) and moderate scan

time (17:19 min). The scan parameters were: FOV 220 mm, matrix 110⇥110,

resolution 2.0⇥2.0⇥2.0 mm3, 36 slices, 5 readout segments for full k-space re-

construction, GRAPPA parallel imaging with an acceleration factor of 2, repeti-

tion time (TR) = 5200 ms, TE = 75 ms, echo-spacing = 320 µs, five volumes at b

= 0 s/mm2 and 30 volumes of different directions at b = 1000 s/mm2, imaging

time for full k-space data 17:19 min (including magnetization preparation dummy

scans, Nyquist ghost phase correction and GRAPPA reference scans, and time for

the reacquisition of up to 20% of scans due to severe motion-induced phase er-

rors that could not be adequately corrected using navigator data). The number

of slices was restricted by a limit on the size of the raw data file imposed by the

current implementation of the navigator-based reacquisition, but coverage of the

major white matter tracts was possible with 36 slices. The set of 30 gradient vector

directions was calculated using an algorithm that uses an analogy of electrostatic

repulsion between vectors to give the optimal isotropic distribution [148].

4.3.2 DWI Protocol

This protocol aims to acquire high-resolution data for assessing focal ischemia

in patients, dictating high-resolution trace-weighted measurements in a relatively

short scan time. The scan parameters were: FOV 220 mm, matrix 256⇥256, reso-

lution 0.9⇥0.9⇥4.0 mm, 23 slices, 13 readout segments for full k-space reconstruc-

tion, GRAPPA parallel imaging with an acceleration factor of 2, TR = 5400 ms,

TE = 65 ms, echo-spacing = 320 µs, one volume at b = 0 s/mm2 and three vol-
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umes in orthogonal directions at b = 1000 s/mm2, imaging time for full k-space

data 4:48 min (including magnetization preparation dummy scans, Nyquist ghost

phase correction and GRAPPA reference scans, and time for the reacquisition of

up to 20% of scans due to severe motion-induced phase errors). For both DTI and

DWI protocols, the acquisition sequence included a second echo that acted as a

navigator echo for the imaging data.

4.3.3 Image Reconstruction

Images were reconstructed offline in Matlab (Mathworks, Natick, MA, USA) on

an Intel Xeon E5640 processor (2.67 GHz) with 64-GB RAM via a computer clus-

ter. The reconstruction was similar to the approach described by Porter et al.

[6]. All readout segments were regridded to fit the sinusoidal readout gradient

waveform, with each echo consisting of either 120 or 108 4⇥ oversampled readout

points (DWI and DTI protocols, respectively). The combination of the uniform

time signal sampling and the sinusoidal readout gradient results in non-uniform

k-space sampling i.e. slower k-space sampling at the edges of each line than at

the centre. Therefore an oversampling factor of 4 was used to ensure that the

Nyquist criterion is satisfied by the digital filter bandwidth, which is set on the

assumption that the k-space is sampled uniformly. The data were then Nyquist

ghost phase corrected: for all echoes and segments at each slice, lines collected

under negative readout gradient were corrected in image-space for constant and

linear phase terms using a double-echo reference scan for each slice, which was

collected at the start of the acquisition. The same correction was applied to the

GRAPPA reference scans for each slice before missing k-space lines were recon-

structed with a GRAPPA algorithm. For DWI, a two-dimensional navigator phase

correction was applied to all readout segments by performing an image-space

phase correction on each imaging segment with its corresponding navigator seg-
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ment. Navigator phase correction was not applied to b = 0 s/mm2 images. The

readout segments were then concatenated in the kx direction after discarding the

eight overlapping columns at the interfaces between segments (at this stage the

data were 2⇥ readout oversampled and the number of kx points per segment,

before additional columns were discarded, was 60 for the 110⇥110 DTI protocol

and 54 for the 256⇥256 DWI protocol). These extra columns were acquired to aid

the navigator phase correction by allowing recovery of k-space signal shifted out-

side the true kx range of the readout segments by motion corruption and also to

improve the regridding at the edges of readout segments. The k-space matrix of

concatenated readout segments was subsequently Fourier transformed and indi-

vidual coil images were combined using a sum-of-squares reconstruction to form

an image, which was finally cropped for the remaining 2⇥ readout oversampling

to match the prescribed imaging matrix size.

For partial Fourier simulations, a varying number of readout segments on one

side of the concatenated k-space matrix were zeroed. This method was chosen

to simulate the achievable reduction in the total imaging time when using par-

tial Fourier acquisition in the readout direction, because each unacquired readout

segment reduces the acquisition time by one TR per slice. Hence, the imaging

time (disregarding any dummy scans and reference scans) using a partial Fourier

encoding approach would be reduced by the partial Fourier factor. Homodyne

and POCS partial Fourier reconstructions using 3-4 of the total 5 readout seg-

ments in the 110⇥110 DTI protocol and 7-12 of the total 13 readout segments in

the 256⇥256 DWI protocol were compared with their respective full k-space re-

constructions. Further, the homodyne and POCS images were compared with the

common strategy of simply zero-filling k-space to the required imaging matrix

size.
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4.3.4 Readout Partial Fourier Reconstruction

k-Space data acquired with readout (kx) partial Fourier encoding consist of a sym-

metric region of low kx spatial frequencies and a region of high spatial frequen-

cies, which has only been acquired on one side of k-space in the kx direction.

In both regions, the full range of k-space is sampled in the phase-encode (ky)

direction. For the partial Fourier reconstruction approaches used in this study

the extent of the symmetric low spatial frequency region was taken to be the

maximum possible, given the partial Fourier factor used. For example, in the

case of partial Fourier reconstruction with 12/13 segments, where the k-space

data from segment 13 was omitted, the symmetric low spatial frequency region

was segments 2-12. Before the phase correction, the low spatial frequency region

was Hanning-filtered in k-space to reduce ringing in the final images. It was

found that the effect of using different filters (triangular, Gaussian, Chebyshev,

Blackman, Bohman) was very similar; only subtle changes in the location of the

residual ringing were noticeable. The simplest reconstruction is to zero-fill the

un-acquired portion of k-space to the required imaging matrix size, Fourier trans-

form each channel image, and combine their sum-of-squares to form the final

image. Zero-filled reconstruction results are shown in the comparison of images

and absolute difference maps (Fig. 4.3) to demonstrate the induced blurring but

they are excluded from the remainder of the analysis, because the images are of

a lower resolution and therefore do not provide a useful comparison.

Homodyne Algorithm

The homodyne algorithm applies a weighting function, H(kx), in k-space which,

in its basic form, doubles the acquired high spatial frequencies relative to the sym-

metric region of low spatial frequencies [52]. Two common homodyne weighting

functions were compared: a linear ramp filter, HR(kx), and an apodized step filter,
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HAS(kx), which are described in Eqs. 4.18 and 4.19, respectively.

HR(kx) =

8
>>>>><

>>>>>:

0, kx < �kls,

1 + kx/kls, �kls  kx  kls,

2, kx > kls.

(4.18)

where �kls to kls is the range of the low spatial frequency region.

HAS(kx) =

8
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⇣
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⌘
, kls � w/2 < kx < kls + w/2,

2, kx � kls + w/2.

(4.19)

where w is equal to 0.9 times the width of one readout segment (after additional

columns have been discarded). These weighting functions are preferred to the

basic step weighting function because they reduce ringing in images; however,

the smoothed filters lead to a further reduction in SNR [52]. The filters have

different benefits in terms of image artefacts [52, 149], but it was found that the

use of an apodized step filter was more accurate in all of our analyses, and there-

fore, the homodyne results presented were generated with this filter. The reduced

k-space matrix for each channel was multiplied by HAS(kx), and the result was

Fourier transformed to the image domain. The channel images were phase cor-

rected using a low-resolution phase image (calculated from the Hanning-filtered

low spatial frequency data) and the real parts combined with sum-of-squares to

form the final image. The symmetric component of HAS(kx) is uniform across

k-space and this fact is exploited in homodyne reconstruction by taking the real
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component (which is symmetric) of the complex image at the final step (after mul-

tiplication by HAS(kx) in k-space and phase correction in image-space) to estimate

the unacquired k-space data.

POCS Algorithm

The POCS reconstruction method is an iterated reconstruction approach in which

the full k-space image is estimated during each iteration but with the requirement

that any lines for which true data are available match those of the estimated image

[53]. For the implementation used here, the reduced k-space matrix for each chan-

nel was zero-filled and Fourier transformed to image space, then phase corrected

using a low-resolution phase image (again, calculated from the Hanning-filtered

 e

 b  c a

 d

Figure 4.1: Locations of hand-drawn fibre tract ROIs used for analysis of the diffusion
parameters (displayed on the full k-space FA map from a representative subject). These
consisted of ROIs in (a) the superior longitudinal fasciculus, (b) the corticospinal tract,
(c) the portion of the centrum semiovale where the corticospinal tract, the superior lon-
gitudinal fasciculus and a callosal radiation cross (crossing fibre region), (d) the corpus
callosum, and (e) the cingulum bundle. Note that bilaterally placed ROIs are shown only
on the right-hand side for simplicity.

low spatial frequency data described above). This estimated image was Fourier

transformed back to k-space and the zero-filled portion of k-space in the original

matrix was replaced with the corresponding part of the estimated k-space (no

merging function between measured and estimated k-space was required). The

voxel-by-voxel difference of POCS reconstructions from full k-space was found
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empirically to asymptote after four to five iterations. In addition, the voxel-by-

voxel difference from the image from the previous POCS iteration fell below the

standard deviation of the signal in a background region after four to five itera-

tions. A consistent increase in stability was not seen for more than five iterations.

Hence, the algorithm was iterated five times and the resulting images for each

channel were combined with sum-of-squares.

The times to reconstruct one brain volume of 110⇥110⇥36⇥32 (36 slices, 32

channels) data using the computing equipment described above were ~2.5 s for

the homodyne algorithm and ~7.5 s for the POCS algorithm. These computation

durations could be reduced by parallelization over slices and channels.

4.3.5 Image Processing and Analysis

DTI Protocol

Raw images were calculated using full k-space reconstruction and homodyne,

POCS, and zero-filled partial Fourier reconstruction using 3/5 and 4/5 segments.

Eddy current correction was applied to the raw data using FMRIB’s Diffusion

Toolbox [150], which consists of an affine registration (12 degrees of freedom) of

all volumes to the initial b = 0 s/mm2 volume. Non-brain tissue was removed

from the raw images using Brain Extraction Tool [151], and the diffusion tensor

was fitted to the reconstructed data using FMRIB’s Diffusion Toolbox. FA and

MD maps were calculated from the fitted tensors for each of the various recon-

struction options. Bayesian estimation of diffusion parameters obtained using

sampling techniques [152] was used to generate probability density distributions

on two crossing fibre orientations at each voxel and from these the 95% uncer-

tainty angle for the principal fibre orientation was estimated. Regions of interest

(ROIs) were hand-drawn in the mid-sagittal plane for the corpus callosum, and
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bilaterally for the cingulum bundle, the corticospinal tract, the superior longitudi-

nal fasciculus, and the portion of the centrum semiovale where the corticospinal

tract, the superior longitudinal fasciculus and the callosal radiations cross (cross-

ing fibre region). Figure 4.1 shows ROIs drawn on a representative FA map from

Subject 1. The mean number of voxels in the fibre tract ROIs were: 126±12 in

the corpus callosum, 50±12 and 59±12 in the left and right cingulum, 66±14 and

67±12 in the left and right corticospinal tract, 92±14 and 91±8 in the left and right

superior longitudinal fasciculus, 36±11 and 34±9 in the left and right crossing fi-

bre regions. For each partial Fourier reconstruction, maps showing voxel-by-voxel

difference and absolute difference in FA and MD were calculated relative to the

full k-space reconstruction, from which ROI analyses could be performed.

DWI Protocol

Raw images were calculated using full k-space reconstruction and homodyne,

POCS, and zero-filled partial Fourier reconstruction using 7/13, 8/13, 9/13, 10/13

and 12/13 segments. Non-brain tissue was removed from the raw images using

Brain Extraction Tool and segmented white matter masks were calculated using

FMRIB’s Automated Segmentation Tool [153]. Trace-weighted images were calcu-

lated by taking the geometric mean of the b = 1000 s/mm2 images acquired with

three orthogonal diffusion weightings. The voxel-by-voxel difference and abso-

lute difference in T2- and trace-weighted signal intensity for voxels in segmented

white matter in representative central slices of these brain-extracted images were

calculated for each partial Fourier reconstruction relative to the full k-space re-

construction. These differences were normalised by dividing by the full k-space

signal at each voxel.

SNR was estimated in the gel phantom for b = 0 s/mm2 and b = 1000 s/mm2

images for the 110⇥110 and 256⇥256 imaging matrices. The use of multichannel
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Figure 4.2: Ratios of partial Fourier SNR efficiency to full k-space SNR efficiency
(⌘PF /⌘full) for the various reconstruction approaches are shown using SNR values cal-
culated in a gel phantom. Temporal noise was estimated by acquiring 20 volumes and
computing the square root of the mean within the ROI of the temporal variance in signal
at each voxel. The mean of the signal within the ROI and over time was then divided by
the temporal noise to give an estimate of SNR. The error bars show the standard error of
the SNR efficiency ratio, which were calculated from the standard deviation of the signal
within the ROI and over time divided by the square root of the number of voxels (stan-
dard error on the signal), and the square root of the standard deviation within the ROI
of the mean temporal variance divided by the square root of the number of voxels (error
on the noise). The standard error on the SNR was then calculated by quadrature error
propagation.
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coils and partial Fourier and parallel imaging GRAPPA reconstructions can cause

the noise in the image to vary spatially so for this reason a measure of temporal

noise was taken by acquiring 20 volumes and computing the square root of the

mean within the ROI of the temporal variance in signal at each voxel. The mean of

the signal within the ROI and over time was then divided by the temporal noise to

give an estimate of SNR. For the 110⇥110 data, this was carried out for full k-space

reconstruction and homodyne and POCS partial Fourier reconstruction using 3-4

of the total 5 segments. For the 256⇥256 data, this was carried out for full k-space

reconstruction and homodyne and POCS partial Fourier reconstruction using 7-

12 of the total 13 segments. Using these SNR values, the SNR efficiency, ⌘, was

calculated:

⌘ =

SNRp
T/Nsl

(4.20)

where T is the acquisition time and Nsl is the maximum number of slices per TR.

Omitting readout segments reduces the acquisition time by the partial Fourier

factor, relative to the full k-space acquisition, and the maximum number of slices

per TR is the same for partial Fourier and full k-space acquisitions.

4.4 Results and Discussion

Ratios of partial Fourier SNR efficiency to full k-space SNR efficiency (⌘PF/⌘full)

for the various reconstruction approaches are shown in Fig. 4.2. The error bars in

Fig. 4.2 show the standard error in the SNR efficiency ratio, which were calculated

from the standard deviation of the signal within the ROI and over time divided

by the square root of the number of voxels (standard error on the signal), and

the square root of the standard deviation within the ROI of the mean temporal

variance divided by the square root of the number of voxels (standard error on

the noise). The standard error in SNR was then calculated by quadrature error
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propagation. Taking the ratio of partial Fourier reconstruction to full k-space SNR

efficiency using Eq. 4.20 and rearranging gives:

SNRPF =

⌘PF

⌘full

s
TPF

Tfull
SNRfull (4.21)

Overall the SNR follows the expected trends with ⌘PF/⌘full being close to one and

therefore demonstrating that the SNR approximately scales with the square root

of the partial Fourier factor. In b = 1000 s/mm2 results, where ⌘PF/⌘full is less than

one, a combination of slightly reduced signal values and increased noise values

(not shown), relative to full k-space cause reduced SNR in partial Fourier recon-

struction. In homodyne reconstructions (using apodized step and ramp filters,

only the SNR efficiency data for the apodized step filter reconstruction is shown),

there is an increase in noise with 12/13 segments, relative to POCS. The noise

in homodyne and POCS reconstructions then increases approximately linearly

with partial Fourier factor to reach similar levels at 7/13 segments. The signal in

POCS reconstruction decreases whereas the signal in homodyne reconstructions

increases marginally. The increase in signal in homodyne reconstruction arises

from a higher level of artefactual background intensity, which is noticeable in the

reconstructed images.

Examples of images from representative subjects are shown in Fig. 4.3, to-

gether with absolute difference maps between partial Fourier and full k-space

reconstructions. Figures 4.3a and b compare FA and MD DTI maps reconstructed

using full k-space with those collected using 3/5 and 4/5 partial Fourier recon-

structions. Figures 4.3c and d compare T2- and trace-weighted DWI images re-

constructed using full k-space with those collected using 7/13 and 9/13 partial

Fourier reconstructions. The images in Fig. 4.3 show qualitatively that the homo-

dyne and POCS reconstructions are well matched to the full k-space reconstruc-
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tion and are an improvement on zero-filling the k-space matrix. Figure 4.3 further

shows that POCS produces the lowest level of artefact as judged by comparing

the absolute difference images.

Mean FA and MD values in the listed fibre tract ROIs for the 4/5 and 3/5

POCS and homodyne partial Fourier reconstructions are compared with those for

the full k-space acquisition in Fig. 4.4. Figure 4.4 also compares the mean values

in each ROI of the 95% uncertainty angle on the estimated fibre orientation and

the residual error on the tensor fit. The error bars in Fig. 4.4 are all 95% confidence

intervals on the mean value in the ROI. Figure 4.5 shows box plots indicating the

difference values in FA and MD within the different ROIs calculated from 3/5

partial Fourier reconstructions versus full k-space reconstruction of brain data

acquired with the DTI protocol. The notches on the blue box show the 95% confi-

dence intervals on the median difference values in each ROI. This reveals a good

reproduction of the FA and MD values when using the POCS method (low me-

dian difference and low interquartile range). For the homodyne method, there is

evidence of variable systematic bias across ROIs and higher variance in the FA

and MD values relative to the POCS case. Similar results to these were observed

for the case of 4/5 partial Fourier (data not shown), with the homodyne recon-

struction showing a greater bias than the POCS method. The extreme difference

values and outliers shown in the boxplots are caused by small shifts of voxels be-

tween adjacent regions of higher and lower FA/MD, caused by subtle differences

between the partial Fourier and full k-space reconstructions. Plots showing the

relationship between full k-space and partial Fourier reconstructions for T2- and

trace-weighted signal intensity (from brain data acquired with the DWI protocol)

are shown in Fig. 4.6 for 7/13, 8/13, 9/13, 10/13, 11/13 and 12/13 partial Fourier

factors. The Figure shows the mean of the absolute voxel-by-voxel differences

in segmented white matter across subjects, with 95% confidence intervals, and
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Figure 4.3: Upper rows: comparison with full k-space reconstruction of (a) FA and (b)
MD maps reconstructed using 3-4 of the total 5 readout segments and (c) T2- and (d)
trace-weighted images reconstructed using and 7 and 9 of the total 13 readout segments
with POCS, homodyne and zero-filled reconstructions. Lower rows: maps of the abso-
lute difference from full k-space for each of the partial Fourier reconstructions. The FA
absolute difference maps are scaled by a factor of 5 and the MD, T2- and trace-weighted
absolute difference maps are scaled by factor 10.
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the standard deviation of the absolute difference (data are normalised to the full

k-space signal intensity). Segmented white matter ROIs were used to detect dif-

ferences in the reconstructions without influence from reconstruction artefacts at

the edge of and outside the brain. This reduced the range of the differences and

the number of voxels, which made the comparisons of the mean of the differences

more robust. The mean number of voxels across subjects in the segmented white

matter mask was 13,673±933 and the mean intensities in the segmented white

matter of the full k-space reconstructions of T2- and trace- weighted images were

515±139 and 251±68, respectively. Again, the POCS method shows the lowest

systematic bias and variance, indicating that the POCS method best replicates the

full k-space values. Finally, a comparison of maps of the principal diffusion direc-

tion for full k-space reconstruction and 3/5 POCS partial Fourier reconstruction

is shown in Fig. 4.7.

In order to evaluate whether the errors imposed by a given technique are likely

to adversely affect studies, it is useful to compare our errors to the variations ex-

pected, e.g., due to pathology. Differences in FA of 0.04–0.07 (mean standard

deviation 0.06) in normal appearing white matter between controls (18±1) and

patients (28±4) with multiple sclerosis have previously been reported [154]. In an-

other study of 39 patients and 21 controls, patients with multiple sclerosis showed

an FA in normal appearing white matter of 0.62 versus a significantly higher FA

in volunteers of 0.65 (difference 0.03, with the mean range size [max - min] being

0.09) and a trend of increased diffusivity of 0.84⇥10�3 mm2/s in controls versus

0.82⇥10�3 mm2/s in patients (difference 0.02⇥10�3 mm2/s, with the mean range

size [max – min] being 0.17⇥10�3 mm2/s) [155]. Looking at Fig. 4.5, the largest in-

crease in median FA between 3/5 POCS and full k-space reconstruction across all

subjects in a single ROI was 0.0094 in the corpus callosum and FA increased in all

ROIs. This shows a consistent bias on the median FA, which is below the level of
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Figure 4.4: Plots of the mean values (with 95% confidence intervals) in the listed fibre
tract ROIs of FA, MD, the angular uncertainty on the principal diffusion direction, and
the residual error on the tensor fit. Results are shown for full k-space and 3/5 and 4/5
POCS and homodyne partial Fourier reconstructions. The results in left and right regions
of bilateral ROIs (CF, CST, Cing, SLF) were not significantly different (p < 0.05) so the
mean values reported are across both left and right regions. Key: CC = corpus callosum;
CF = crossing fibre (the region in the centrum semiovale where the corticospinal tract, the
superior longitudinal fasciculus and a callosal radiation meet); CST = corticospinal tract;
Cing = cingulum; SLF = superior longitudinal fasciculus.
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FA changes detected in clinical studies and previously reported intersubject and

intersession variability [156, 157]. For MD, the bias is consistent and lower in 3/5

POCS reconstruction than in both homodyne and zero-filled reconstructions. The

largest increase in 3/5 POCS in the median MD over all subjects in a single ROI

was 0.0199⇥10�3 mm2/s in the corpus callosum and MD increased in all ROIs.

This means that using 3/5 partial Fourier-encoded rs-EPI with POCS reconstruc-

tion would allow reliable detection of FA and MD changes within subjects and

across fibre tract ROIs and the ability to report accurate absolute FA and MD val-

ues relative to the reference full k-space values. However, it should be noted that

the small bias found in this study could cause false positives (results that wrongly

indicate pathology), which would be exacerbated by large sample sizes. The com-

parison of the maps of principal diffusion direction in Fig. 4.7 shows that there is

little visible difference between the full k-space reconstruction and the 3/5 POCS

reconstruction.

To evaluate if the reconstructions bias the mean angle, the angular differences

between the partial Fourier reconstructions versus full k-space were calculated (in

the fibre tract ROIs) for rotations about the L-R, A-P, and I-S axes. The angular

differences from full k-space were found to be normally distributed about zero

in all three planes with small mean differences and large standard deviations

(mean differences of -0.2±8�, 0.4±20�, and -0.3±17� in the sagittal, coronal, and

axial planes, respectively). This demonstrates that any bias will be small, i.e., it

is much smaller than other sources of error in the calculation of the mean angle.

The maps of 95% uncertainty angle in Fig. 4.7 and the mean uncertainty values

in the fibre tract ROIs in Fig. 4.4 show a small increase (< 3

�) in uncertainty on

the estimate of the principle fibre orientation in 3/5 POCS relative to full k-space

which reflects the reduction in SNR of the raw images. We have compared the

angular uncertainty we report in Fig. 4.4, to the uncertainty using our standard ss-
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Figure 4.5: Boxplots of the difference in partial Fourier minus full k-space reconstruc-
tion, within all voxels and across all subjects for each ROI. The cases of 3/5 POCS and
homodyne reconstruction of FA and MD are shown. The boxplots show median (red
line), interquartile range (blue box), 95% confidence interval on the median (notches on
blue box), the most extreme data points which arent outliers (black whiskers) and outliers
(red crosses). A point is judged to be an outlier if it is above the upper quartile or below
the lower quartile by 1.5⇥(interquartile range). Key: L = left; R = right. CC = corpus cal-
losum; CF = crossing fibre (region in the centrum semiovale where the corticospinal tract,
the superior longitudinal fasciculus and a callosal radiation meet); CST = corticospinal
tract; Ci = cingulum; SLF = superior longitudinal fasciculus.
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Figure 4.6: Plots of the mean absolute difference in segmented white matter with 95%
confidence intervals (left column), and standard deviation of the absolute difference (right
column), normalized to the full k-space signal intensity, for partial Fourier minus full k-
space reconstruction of T2- and trace-weighted images. POCS and homodyne reconstruc-
tions were used with 7-12 of the total 13 readout segments.
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EPI protocol for the same resolution (2 mm isotropic, two averages, 60 directions,

n = 14, 20 minute acquisition time). The ROI masks for all rs-EPI subjects were

transformed to FMRIB Software Librarys standard FA space (derived from 58

subjects), combined (union), and then transformed to the native space of each

ss-EPI subject. Uncertainty in the equivalent ROIs ranged from 5�-8� in ss-EPI

data compared with 6�-11� in the rs-EPI data with partial Fourier reconstruction.

The rs-EPI does therefore incur about 40% higher uncertainty than our highly

optimized ss-EPI protocol [147] indicating that the reduced distortions in rs-EPI

may come at some cost in uncertainty. The ss-EPI protocol used in our lab has

been refined over a number of years using the considerations outlined in Smith

et al. [147]. The 30 diffusion directions acquired in the rs-EPI protocol are within

the suggested range, but it was not possible to match the 60 directions acquired

in the ss-EPI protocol due to the lengthy scan time required. However, the rs-

EPI uncertainty values are in good agreement with the uncertainties of around

4�-5� in the corpus callosum and 8�-10� in other white matter regions reported by

Jones [158]. As the uncertainty on the fibre orientation dictates the performance

of tractography, this demonstrates that 3/5 POCS reconstruction of rs-EPI data

would not compromise probabilistic tractography analyses [150]. Acquiring 3/5

segments would reduce the scan time of the 30 direction DTI protocol from 17:19

min to 10:43 min and a 60 direction protocol from 33:49 min to 20:37 min.

Figure 4.6 shows that the POCS method has low systematic error and variance

in T2- and trace-weighted images. The normalised mean absolute differences in

9/13 partial Fourier reconstructions of T2-weighted images were 0.030 and 0.037

and for trace-weighted images were 0.030 and 0.032 for the POCS and homodyne,

respectively. These results suggest that 9/13 POCS partial Fourier reconstruction

is a good compromise between scan time reduction and retained image quality.

Acquiring 9/13 segments would reduce the scan time of the trace-weighted pro-
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tocol from 4:48 min to 3:30 min.

4.5 Conclusions

This study shows that rs-EPI with a readout partial Fourier acquisition can be

used successfully to reduce the scan time in diffusion MRI applications. A POCS

reconstruction produced accurate images and estimates of diffusion parameters

relative to full k-space acquisitions. Importantly, it has been shown that the dif-

ference from full k-space reconstruction is consistent across subjects and white

matter tract regions, which enables comparisons to be made between patient and

control groups in clinical studies. The differences between full k-space and partial

Fourier reconstructions were found to be lower than effect sizes observed in pre-

vious patient versus control studies and intersubject and intersession variations.

The partial Fourier rs-EPI scan times are longer than similar ss-EPI protocols by

a factor approximately equal to the number of readout segments acquired (the

DTI protocol with 3/5 partial Fourier encoding is about three times longer than a

similar ss-EPI protocol), and there is a small reduction in SNR efficiency in partial

Fourier rs-EPI compared with a full k-space acquisition. However, the multishot

approaches do have some important benefits, largely as a consequence of their

short echo-spacing. The resultant reduced geometric distortions greatly improve

anatomical accuracy of images. In addition, both stronger diffusion encoding and

higher resolution are achievable due to the shorter TE in cases where ss-EPI is

limited by T2 signal decay of the echo-train. The reduction in imaging time of

the DTI and DWI protocols possible with readout partial Fourier encoding and

POCS reconstruction would allow rs-EPI to be used to acquire data with reduced

geometric distortion and T ⇤
2 blurring, relative to ss-EPI, for robust tractography

studies and high-resolution clinical trace-weighted scans to identify small infarcts.
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Figure 4.7: Comparison of color maps of the principle diffusion direction and corre-
sponding maps of the 95% uncertainty angle for full k-space (left) and 3/ 5 POCS partial
Fourier (right) reconstructions in representative coronal and axial slices. Left–right run-
ning tracts appear red, anterior–posterior tracts appear green, and inferior–superior tracts
appear blue.
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Chapter 5

Simultaneous Multi-Slice

Readout-Segmented EPI

5.1 Introduction

The standard method for acquiring DW images is single-shot echo-planar imag-

ing (ss-EPI) [35] due to its low sensitivity to motion artefact and high imaging

speed. However, as discussed in Sections 2.2.1 and 3.2, ss-EPI suffers from lim-

ited achievable resolution, off-resonance artefacts and blurring that are increasing

problems at higher field. The acquisition of k-space can be segmented to amelio-

rate these problems provided any unintended phase difference between multiple

shots is accounted for with phase navigation [104, 98]. Motion of the brain during

the diffusion encoding gradients creates a spatial phase variation across it that

is non-linear due to the cardiac-related deformation of tissue [95, 96, 97]. The

motion-induced non-linear phase in image space, or equivalently, the warping of

k-space, is different for each shot so, when shots are combined, the irregular sam-

pling in k-space causes image ghosting. The phase at each shot can be estimated

with a low resolution navigator image (assuming the phase varies slowly in space)
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and this estimate can be used to perform a 2D non-linear phase correction [108].

The navigator correction is simplest when the navigator satisfies the Nyquist con-

dition so that unaliased images can be reconstructed at each shot. The PRO-

PELLER sequence [103] and variants [159, 160, 161] fulfil this condition as does

readout-segmented EPI (rs-EPI) [126, 6, 132], which can be modified to acquire

an additional navigator echo at the centre of k-space after the imaging echo. In

rs-EPI the navigator information is also used to identify shots that were acquired

during systole and therefore have large phase errors that can not be corrected.

The shots with the worst motion corruption are reacquired [131, 129] to ensure a

robust acquisition of artefact-free DW images. The rs-EPI sequence segments the

acquisition of k-space in the readout direction to increase the phase-encode band-

width and shorten the readout duration, which reduces susceptibility artefacts

and T ⇤
2 blurring, respectively, in comparison to ss-EPI. However, for a given ma-

trix size, the multi-shot acquisition makes the rs-EPI scan time significantly longer

than a ss-EPI scan, approximately by the number of readout-segments, and this

limits the number of slices and/or diffusion directions that can be acquired in a

reasonable scan time. As discussed in Chapter 4, segments can be omitted and the

missing portion of k-space can be reconstructed with a partial Fourier algorithm

[162], if the associated SNR loss is deemed acceptable.

Another way to reduce scan time would be to simultaneously excite multiple

slices and acquire the multiplexed signal so that fewer excitations are required

to achieve the same slice coverage. This allows direct reduction of the repetition

time (TR) by a factor equal to the number of slices simultaneously imaged. The

simultaneous multi-slice (SMS) method was introduced by Larkman et al. [71]

and uses the spatial sensitivity variation of multi-channel array coils [60] to sep-

arate the multiplexed slice images with a parallel imaging algorithm. The SNR

of the images depends on the g-factor [65] of the reconstruction and there is no
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p
R penalty (cf. conventional in-plane parallel imaging accelerated by factor R)

because the data is not under-sampled. However, the g-factor related SNR loss

for these slice unaliasing reconstructions can be significant, particularly in axial

imaging where the slice direction usually has the smallest FOV. This means that

the sensitivity variation over the 20-60 mm distance between slice-aliased voxels

is usually less than what is encountered in conventional in-plane acceleration. For

example, for axial slices with 190-220 mm FOV and in-plane acceleration factor

RPE = 2 the distance between aliased voxels is 95-110 mm. Also, coil designs tend

to have fewer elements in this direction, which reduces sensitivity variation and

hence parallel imaging performance. The CAIPIRINHA method [72] increases

this sensitivity variation between slice-aliased voxels by alternating the RF phase

of phase-encode lines to introduce a differential in-plane shift in the spatial do-

main of the slices, such that the aliased locations of two slices no longer contain

the same coil sensitivity information. The same principle can be applied to EPI by

using slice gradients (Gz) during the readout to create in-plane slice shifts [163, 73]

but these methods suffer from voxel blurring artefacts (which increase with larger

slice shifts) due to a tilted readout or phase-encode direction. The blipped-CAIPI

method [164, 74] has addressed these artefacts by using alternating polarity Gz

blips to avoid accumulation of phase at the edges of slices during the readout. In

the absence of this voxel blurring the parallel imaging performance of the receive

coil can be exploited in two directions to reduce g-factor related SNR loss and the

improvements have been demonstrated with Rslice = 3 acceleration.

Recent studies have used SMS acceleration to sample higher angular resolu-

tion or more b-values for DTI or higher temporal resolution for functional MRI

[76, 165, 166, 74, 167]. This chapter demonstrates that the blipped-CAIPI tech-

nique can be applied to rs-EPI in order to allow acquisition of high-resolution DW

data with reduced distortion and blurring in reasonable scan times. We recently
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presented a preliminary account of this work [138] at the annual meeting of the

ISMRM. Simultaneous multi-slice has already been applied to ss-EPI to increase

SNR efficiency further. However the problems of limited resolution, distortions

and poor point-spread function of single shot acquisitions remain, whereas the

application to rs-EPI would make scan times more feasible so that the improved

data quality could be used for clinical stroke diagnosis and tractography.

This chapter explains the blipped-CAIPI method, and the modifications and

considerations required for application to the rs-EPI sequence. Then Rslice = 2

slice-accelerated acquisitions are demonstrated in DTI and high-resolution trace-

weighted images and rs-EPI image quality and tractography are compared to

ss-EPI.

5.2 Theory

The blipped-CAIPI technique is described extensively in the recent paper by Set-

sompop et al. [74]. In this section, details of the method relevant to the imple-

mentation and reconstruction of blipped-CAIPI rs-EPI are discussed, including

the slice-shifting gradient scheme, the reconstruction and the combination with

the navigator phase correction. Rslice = 2 slice acceleration was implemented re-

sulting in acquisitions with TR times in the range of 2.7-4.8 s. SNR efficiency

(signal/
p
TR) for a spin-echo sequence is plotted as a function of TR in Fig. 3.8

for white matter tissue T1= 1000 ms, T2= 75 ms [136, 137] and TE = 70 ms. At

3 T, literature values of T1 for white matter and grey matter (the tissues of in-

terest in DTI and trace-weighted acquisitions) are ~850-1100 ms and ~1300-1800

ms [136, 137], respectively, so we expect the slice acceleration to increase SNR

efficiency. The TR times are also longer than the T1 values so the efficacy of

interleaved slice excitation should not decrease.
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5.2.1 Slice-Shifting Gradient Scheme

(G�)blip = ± ⇡
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Figure 5.1: Illustration of how Gz blip gradients played out in conjunction with phase-
encode blips (not shown) during the EPI readout are used to shift the upper slice by
FOV/2. The lower slice is at gradient isocentre. A ⇡ phase shift is created between phase-
encode lines for signal from the upper slice. The alternating polarity ensures that the
phase does not accumulate across the finite thickness of the slice during the readout. In
the FOV/2 gradient scheme the pre-phasing blip is half the gradient area of the Gz blips.

An image space slice-shift in the phase-encode direction can be achieved by

creating a linear phase ramp across k-space. Gz blips can be played out together

with the phase-encode blips to impart different amounts of phase at different

slice locations as illustrated in Fig. 5.1 for two slices where one is at gradient

isocentre. The slice at isocentre experiences no phase variation due to Gz while

the upper slice experiences a ⇡ phase variation between phase-encode lines which

is plotted in Fig. 5.1d. This results in a FOV/2 shift of the upper slice while the

slice at isocentre remains in its original position in the FOV. The gradient area for

a FOV/2 shift is calculated by requiring the phase difference, ✓, at slice position
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z = S to be ⇡. Rearranging Eq. 5.1, the blip gradient area is given by G⌧ = ⇡/�S.

✓ = �

Z t

0

Gzz dt = �G⌧S = ⇡ (5.1)

As illustrated in Fig. 5.1a and b, due to the finite slice thickness �z, the phase

at the edge of a slice differs by ±� from the phase at the centre. In the method

of Nunes et al. [73], the polarity of the blips was constant so phase at the edge

of slices accumulated during the readout, causing a blurred spatial point-spread

function. In blipped-CAIPI, the alternating polarity and the pre-phasing gradient

(which is half the gradient area of the Gz blips) before the readout, shown in

Fig. 5.1d, ensures that the phase at the edges of slices alternates between ±�/2,

which avoids voxel blurring and only causes minimal signal loss [74].

5.2.2 Blipped-CAIPI Reconstruction

z

�

⇡ + �

set 1
set 2

pre-phasing
Gz

(⇡ + �)/2

�(⇡ + �)/2��/2

�/2

lower slice upper slice

a

b phase at set 2 slice positions:

Figure 5.2: Phase correction for off-isocentre slices. �/2 phase is added to odd lines and
subtracted from even lines at the start of the reconstruction. The lower slice of set 1 is at
Gz isocentre (z = 0).

In the previous section, the application of Gz blips for a FOV/2 shift gradient

scheme was demonstrated for the case where one slice is at gradient isocentre.
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Figure 5.2 shows the phase-variation for a set of slices which is not at isocentre

(set 2, coloured green) when the Gz blip gradients are applied. The lower slice

of set 2 should have zero phase so that it is unshifted and the upper slice should

have ±⇡/2 phase so that it is shifted by FOV/2, which is the case for set 1. From

Fig. 5.2b, the difference between on- and off-isocentre slice sets is thus a �/2 =

(z/2S)⇡ phase shift (where z is the distance of the lower slice from isocentre and

S is the slice separation of simultaneously excited slices) that needs to be added

to odd lines and subtracted from even lines. This phase can be simply removed

in reconstruction.

To separate the multiplexed slices into single-slice data a SENSE [65] parallel

imaging reconstruction can be applied. However SENSE reconstructions can be

more susceptible to motion between acquisition of the reference data (coil sensi-

tivity maps) and the under-sampled data than GRAPPA [66]. A SENSE-GRAPPA

combination [75] has been used to unalias simultaneously acquired slices but this

reconstruction results in artefacts when there is an in-plane shift that causes slices

to wrap around the FOV. Setsompop et al. [74] explained this artefact and intro-

duced the slice-GRAPPA reconstruction that cleanly unaliases shifted slices. The

slice-GRAPPA reconstruction was used in this study and a schematic of the re-

construction is shown in Fig. 5.3 with a comparison to the more common in-plane

GRAPPA reconstruction. Separate kernels, or weight sets, are fit in k-space ac-

cording to Eq. 5.2 from the multiplexed data to single-slice reference data of each

of the simultaneously excited slices. In the reconstruction of blipped-CAIPI rs-EPI

data, the kernels were fit using the central segments of the b = 0 data and were

then applied to all segments of subsequent b = 0 and diffusion-weighted volumes

of the slice-accelerated, multiplexed data to reconstruct single-slice images.

Sj,z(kx, ky) =
LX

l=1

B
xX

b
x

=�B
x

B
yX

b
y

=�B
y

nb
x

,b
y

j,z,l Sl(kx � bx�kx, ky � by�ky) (5.2)
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In Eq. 5.2, each point in the single-slice reference at (kx, ky) in the jth coil is

Slice 1

Slice 2

Slice 1

Slice 2

Slices 1 + 2

Slice 1

Slice 2

slice-GRAPPA

ky

kx

Coils

ky

kx

ky

kx

Nc
W1

W2

in-plane GRAPPA

ky

kx

Coils
ky

kx

Nc

W

a b

Figure 5.3: Illustration of (a) in-plane GRAPPA and (b) slice-GRAPPA parallel imaging
reconstructions. In (a) each point is estimated from the surrounding points, in all Nc coils,
using a kernel, W, that is estimated from fully sampled reference data acquired in a pre-
scan. In (b) separate slice data are reconstructed from surrounding points, in all Nc coils,
of the multiplexed data (slices 1 + 2) using separate kernels, W1 and W2. The kernels
are estimated in separate fits from the multiplexed data to each single slice reference data
acquired in a pre-scan, i.e., slices 1 + 2 are fit to slice 1 to estimate W1 and slices 1 + 2 are
fit to slice 2 to estimate W2.

fit to the points surrounding (kx, ky) (defined by the kernel size Bx, By) in all L

channels of the multiplexed data, for each single-slice reference z (i.e. z = 1, 2 for

two simultaneously excited slices). The kernel nb
x

,b
y

j,z,l is applied separately for each

z to unalias the multiplexed data. Schematics of the reconstructions for in-plane

and slice-GRAPPA are shown in Fig. 5.3a and Fig. 5.3b, respectively.
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5.2.3 Multi-Shot Diffusion Corrections

The normal rs-EPI navigator correction can be performed after unaliasing the

readout segments and their navigator echoes into single-slice data. The segments

and navigator echoes are Fourier transformed to image-space and the phase of the

navigator is subtracted from the corresponding segment’s phase. The segments

are Fourier transformed back to k-space so that they can be spliced together to

form the full k-space.

It was necessary to test the navigator-based reacquisition because motion cor-

ruption is judged at run-time on the scanner. A metric called the distribution

width [6] judges the degree of motion corruption by quantifying the k-space

spread of the navigator. The distribution width, given in Eq. 5.3, was chosen

because it judges motion corruption robustly and it is a fast calculation that can

be performed on the raw k-space data in real time without image reconstruction.

Wx =

X

i

X

k
y

X

k
x

|Si(kx, ky)| · |kx � ⌦x| (5.3)

In Eq. 5.3, Si is the complex k-space signal in each receive channel i and ⌦x is the

kx coordinate of the location with the maximum signal amplitude across all chan-

nels. In blipped-CAIPI rs-EPI, this k-space data is slice multiplexed, which could

complicate detection of motion corruption in either of the multiplexed slices. As

demonstrated in Section 5.4 below, it seems that the sum over channels allows the

corruption to be detected in either of the slices.
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5.3 Methods

5.3.1 Pulse Sequence and Image Reconstruction

The rs-EPI sequence was modified as shown in Fig. 5.4 to play out multiband RF

pulses and the FOV/2 slice gradient scheme described above. Windowed sinc RF

Imaging echo Navigator echo

180˚90˚ 180˚

Diffusion preparation

RF

GRO

GPE

Gslice

Multiband RF pulses

Figure 5.4: Blipped-CAIPI rs-EPI sequence with modifications to the original rs-EPI
coloured red. These are multiband RF pulses and the slice-GRAPPA FOV/2 slice-gradient
scheme.

pulses were phase modulated and summed in the sequence code to select multiple

slices based on a slice separation parameter. The excitation and refocussing pulse

durations were 2.56 ms and 5.12 ms, respectively, which ensured that the pulses

did not exceed the subject-specific maximum RF voltage and SAR. The diffusion

preparation module was a modified monopolar scheme [117] to allow a shorter

TE.

Images were reconstructed off-line in Matlab (Mathworks, Natick, MA, USA)

from raw scanner data. The data acquisition and reconstruction pipeline is shown

in Fig. 5.5. The basic rs-EPI reconstruction used was the same as described in

Chapter 4 [162] except for the addition of the blipped-CAIPI isocentre phase
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phase-correction 
& regridding  

in-plane 
GRAPPA

slice-GRAPPA
unaliasing

b-CAIPI isocentre 
phase correction

Data acquisition

Off-line 
reconstruction

navigator 
correction

combination of 
RO segments

Acquisition 
loops

Reacquisition of 
motion-corrupted shots

Combined slice 
data
Unaliased slice 
data

Raw data

Final images

Figure 5.5: Reconstruction flow chart with blipped-CAIPI modifications coloured blue.
Data was acquired as the combined signal (coloured green) from multiple slices and the
reacquisition was based on this multiplexed navigator data. The multiplexed data were
separated into single slice data (coloured red), with the slice-GRAPPA unaliasing recon-
struction, before the in-plane GRAPPA reconstruction, navigator correction and combina-
tion of readout segments.
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correction and slice-GRAPPA unaliasing, where a 3⇥3 kernel was used. Also,

Nyquist ghost correction was performed before regridding, rather than after,

which was found to be a slightly more robust correction.

5.3.2 Data Acquisition

The diffusion-weighted blipped-CAIPI rs-EPI sequence and a ss-EPI sequence

were used to acquire data from two healthy volunteers with a MAGNETOM Ve-

rio 3 T scanner (Siemens Healthcare, Erlangen, Germany) under an approved

technical development ethics protocol. Slice acceleration is necessary to acquire

rs-EPI DTI data in reasonable scan times so it was implemented in the rs-EPI

sequence. Slice-acceleration in the ss-EPI sequence can be used to increase the

number of diffusion directions and/or SNR but it was not implemented because

the motivation for the DTI acquisitions was to compare the rs- and ss-EPI data

quality at higher resolution. To achieve increases in resolution with ss-EPI, larger

matrix sizes or more in-plane acceleration can be used, which degrade images

further. Higher data quality can be obtained by improving the time efficiency of

rs-EPI. The blipped-CAIPI rs-EPI sequence was used to acquire two DTI proto-

cols with 60 isotropically distributed b = 1000 s/mm2 diffusion directions [148] at

2 mm and 1.5 mm isotropic resolution on one subject. Protocols with the same

resolution and diffusion directions were also acquired with the ss-EPI sequence

for comparison and three ss-EPI averages were acquired to match the scan time

of the blipped-CAIPI rs-EPI. Two blipped-CAIPI rs-EPI DWI protocols were ac-

quired with 1.1⇥1.1⇥4 mm and 0.9⇥0.9⇥4 mm in two subjects. A 1.1⇥1.1⇥4 mm

blipped-CAIPI rs-EPI DWI protocol was acquired in a patient who had suffered

a transient ischemic attack (TIA) the previous day. The patient was 82 years old

and suffered from advanced white matter disease. The scan was at the end of

a full clinical protocol that included a standard ss-EPI DWI scan for 1.8⇥1.8⇥5
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Sequence Resolution FOV matrix ES Rslice/RPE TR/TE PF Scan time
(mm) (cm3) (ms) (s)/(ms) (min)

rs-EPI (5 seg) 2 iso 22⇥22⇥12.6 110⇥110⇥58 0.32 2/2 4.1/73 - 36
ss-EPI 2 iso 19⇥19⇥12.6 96⇥96⇥58 0.95 -/2 8.4/87 6/8 33 (3 av)
rs-EPI (7 seg) 1.5 iso 22⇥22⇥9.3 144⇥144⇥62 0.32 2/2 4.8/79 - 54
ss-EPI 1.5 iso 19⇥19⇥9.3 128⇥128⇥62 0.70 -/2 13.9/88 6/8 54 (3 av)
rs-EPI (9 seg) 1.1⇥1.1⇥4 22⇥22⇥12 192⇥192⇥30 0.32 2/2 2.7/70 - 2:30
rs-EPI (11 seg) 0.9⇥0.9⇥4 22⇥22⇥12 256⇥256⇥30 0.32 2/2 3/76 - 3:20

Table 5.1: Acquisition parameters for all sequences

mm resolution trace-weighted images. To compare phase-encode blurring 1.5

mm isotropic ss- and rs-EPI b = 0 images of a resolution phantom were acquired.

Acquisition parameters of all the sequences used are shown in Table 5.1.

5.3.3 Image Processing and Analysis

For the two blipped-CAIPI rs-EPI and two ss-EPI DTI datasets the following post-

processing pipeline was applied. Eddy current correction was applied to the

images using FMRIB’s Diffusion Toolbox [150], which consists of an affine reg-

istration (12 degrees of freedom) of all volumes to the initial b = 0 s/mm2 vol-

ume. Non-brain tissue was removed from the images using Brain Extraction Tool

[151], and the diffusion tensor was fitted to the reconstructed data using FMRIB’s

Diffusion Toolbox. Fractional anisotropy (FA) maps were calculated and for trac-

tography Bayesian estimation of diffusion parameters obtained using sampling

techniques [152] was used to generate probability density distributions on two

crossing fibre orientations at each voxel. Tractography was seeded in the subject’s

structural space to generate tracts for several association, commisural and projec-

tion fibres. Seed masks were defined in the superior longitudinal fasciculus (SLF),

cingulum bundle, optic tract, fornix, corpus callosum (CC) and corticospinal tract

(CST). Also, SNR and blurring was quantified in the raw images from the DTI

protocol . SNR was estimated from the 12 b = 0 s/mm2 images by dividing the

temporal mean signal by the temporal standard deviation in signal. The mean
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and standard deviation within the brain extracted mask were taken as the SNR

estimate and the error, respectively. Resolution was estimated on the raw diffu-

sion weighted images using the smooth est tool in the FMRIB Software Library

(www.fmrib.ox.ac.uk). The mean estimate across all diffusion-weighted images

was calculated (one average of ss-EPI was analysed) and normalised to the rs-EPI

estimate within each resolution. Echo-train parameters were used to calculate the

theoretically expected percentage of voxel blurring and the effective phase-encode

resolution, �y0, using the following formula for spin-echo EPI [7]:

�y0 =

p
3

⇡
�y

Tacq

T2

+

1

⇡
�y

Tacq

T 0
2

(5.4)

where �y is the nominal voxel size, Tacq is the duration of the readout and T2

and T 0
2 are the decay constants of the thermodynamic and external field induced

effects, respectively. The total loss of resolution is approximated as the result of

two separate T2 and T 0
2 filters. A white matter T 0

2 value of 114 ms was calculated

using Eq. 5.5 with T ⇤
2 = 47 ms and T2 = 80 ms [136].
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T2

+

1

T 0
2

(5.5)

For the DWI data, trace-weighted images were calculated by taking the geometric

mean of the three b = 1000 s/mm2 images acquired with orthogonal diffusion

weightings.

5.4 Results

An example of detection of motion corruption with Rslice = 2 acceleration dur-

ing the on-line reacquisition is shown in Fig. 5.6. In Fig. 5.6a, before reacquisi-

tion the navigator for readout-segment number 3 (the central readout segment)

108



5.4. RESULTS

Before reacquisition

After reacquisition

Slice 1 Slice 2

Slice 1 Slice 2

1 2 3 4 5

1 2 3 4 5

navigator segments

navigator segments

Slice 2
cha 2 cha 21

Slice 1

Before reacquisition

After reacquisition

a

b Unaliased navigator segment 3

cha 2 cha 21

Figure 5.6: Navigator-based reacquisition with two simultaneously excited slices with
b = 1000s/mm2 diffusion-weighting. (a) Before reacquisition, corruption in segment 3
is indicated by the dispersed k-space in the navigator, which contains multiplexed data
from the two slices. When segment 3 is reacquired artefacts are removed from the images.
(b) Single-channel maps (all at the same scale) of the unaliased k-space from navigator
segment 3. Two channels are chosen which are close to slice 1 (channel 2) and 2 (channel
21) to demonstrate the variation in signal.
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shows more dispersed k-space signal than the other navigators. This segment was

judged to be one of the 20% most corrupted of all the segments so it was marked

for reacquisition. When this segment was reacquired, there was less motion cor-

ruption indicated by the reduced navigator spread and the dispersed signal in

the centre of slice 2 is restored. This example, which was acquired with diffusion

encoding close to the superior-inferior axis of the brain, highlights the nature of

motion-phase artefacts in diffusion which are mainly due to the pulsatile defor-

mation of the brain during systole [95, 96, 97, 108]. It also shows the importance

of having cleanly acquired data close to the centre of k-space to minimize artefacts

and for this reason the navigator reacquisition is preferentially weighted to central

segments. In Fig. 5.6b, the segment marked for reacquisition (navigator segment

number 3 from Fig. 5.6a) has been unaliased and the signal is shown from coil

elements 2 and 21 which are close to slices 1 and 2, respectively. For example,

in the unaliased slice 2 navigators the proximity of the slice to the coil element

results in high signal in channel 21. These unaliased navigators are included to

show that navigator correction could be judged separately on each of the simul-

taneously excited slices. With higher slice acceleration factors, identification of

motion corruption may only be possible in unaliased slice data and this would

be the subject of future work. If the slice-GRAPPA unaliasing weights were cal-

culated at the start of the scan, all navigators could be separated into single-slice

data so that separate navigator k-space distribution widths could be calculated

for each slice in a time-efficient, and hence real time manner. The standard reac-

quisition algorithm sums all coil contributions when evaluating the distribution

width. As an alternative for unaliasing the navigators it might also be possible to

make use of coil-specific k-space distributions widths to consider the signal (and

hence corruption) from more localised regions of the coil.

Raw images acquired with the DTI protocols are shown in Fig. 5.7 and 2 mm
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and 1.5 mm blipped-CAIPI rs-EPI FA maps are shown in Fig. 5.9. These demon-

strate the reduced blurring and distortion in the rs-EPI data due to the shorter

readout duration but also the higher SNR which is achievable with three ss-EPI

averages in the same scan time. The increased blurring in ss-EPI is quantified

in Table 5.2, which presents a comparison of b = 0 s/mm2 SNR and blurring in

the raw diffusion-weighted images. The SNR is dependent on the point-spread

function because more blurring corresponds to higher SNR. A further compari-

son of phase-encode blurring at 1.5 mm nominal resolution is shown in Fig. 5.8.

The increased blurring and distortion in ss-EPI is evident in the images shown in

Fig. 5.8a. The profiles plotted in Fig. 5.8b and c highlight the ability of rs-EPI to

resolve small structures, such as the comb in profile A and the dip in signal in the

structure at y voxels 5-10 in profile B. Signal that is represented by one voxel in

the rs-EPI image is blurred into the neighbouring two voxels in the ss-EPI image.

Trace-weighted images with 0.9 mm and 1.1 mm in-plane resolution are shown

in Fig. 5.10. Comparison of the ss-EPI and blipped-CAIPI rs-EPI trace-weighted

images of a hyper-intense lesion in a TIA patient are shown in Fig. 5.11. The ss-

EPI data was acquired with 5 mm slices with 1.5 mm gaps between slices and the

blipped-CAIPI rs-EPI data had 4 mm slices with no inter-slice gaps. This explains

the different appearance of the slices in the comparison of the images. Also, the

ss-EPI data was acquired with a 12-channel head coil and the blipped-CAIPI rs-

EPI data was acquired with a 32-channel coil (which is necessary for improved

parallel imaging performance).

Tractography generally improved at 1.5 mm compared to 2 mm in both the

rs- and ss-EPI, producing more true positive tracks and fewer false positive tracks

(true/false positives were determined with the help of an expert anatomist, data

not shown). For example, unlike for 2 mm rs- and ss-EPI, tractography seeded

in the anterior pillars of the fornix correctly tracked into the hippocampus and
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Sequence Nominal b=0 SNR Estimated Theoretical Calculated
resolution normalised % voxel e↵ective PE
(mm) resolution blurring resolution (mm)

rs-EPI 2 13(8) 1.00 17 2.34
ss-EPI (1 av) 2 14(8) 1.51 24 2.49
rs-EPI 1.5 8(5) 1.00 22 1.83
ss-EPI (1 av) 1.5 13(9) 1.78 44 2.16

Table 5.2: SNR and resolution analysis on the raw DTI images. SNR calculated from the re-
peated b=0 images and resolution in the di↵usion-weighted images from a smoothness estimator
normalised to the rs-EPI value. Theoretical % voxel blurring and the e↵ective phase-encode res-
olution were calculated from echo-train parameters.

did not mistrack into the anterior commisure in the 1.5 mm data. Overall, trac-

tography in the 1.5 mm rs- and ss-EPI data sets was comparable in terms of the

ratio of true- to false-positives (correct vs. incorrect tracts). However, the stream-

lines generally died out earlier in the rs-EPI data, such that the total number of

streamlines reaching cortex (whether correct or incorrect) was greater in ss-EPI.

This effect is thought to be attributable to the higher SNR in the ss-EPI data. One

example where the rs-EPI yielded improved tractography is the CST. Maximum

intensity projections (within-hemisphere) of the CST are shown in Fig. 5.12 over-

laid onto representative slices of the structural image. Streamlines from the right

and left hemisphere seeds are shown in red-yellow and blue, respectively, at the

same threshold (>100 streamlines). The ss-EPI mistracks into anterior regions via

the SLF (arrows), while the rs-EPI delineates the CST projections into M1 and S1

cortex much more cleanly. The difference between rs-EPI and ss-EPI tractography

(both thresholded at >100 streamlines) of the left and right CST in representative

slices is shown in Fig. 5.13. Regions where there are more rs-EPI or ss-EPI tracts

are shown in red-yellow or blue-light blue, respectively. In regions that are plau-

sible segmentations of CST rs-EPI tracts are dispersing less than ss-EPI. Therefore,

generally and in the example of Fig. 5.13, in the centre of tracts there are more

rs-EPI streamlines and at the periphery there is a tendency to find more ss-EPI

tracts, which could be a consequence of the lower blurring in rs-EPI.
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Figure 5.7: Examples of raw images T2-weighted and DW images acquired with the
blipped-CAIPI rs-EPI and ss-EPI DTI protocols with 2 mm and 1.5 mm isotropic resolu-
tions.
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Figure 5.8: Comparison of blurring in the phase-encode (y) direction at nominal resolu-
tion of 1.5 mm between ss-EPI (left column) and rs-EPI (right column). (a) ss- and rs-EPI
images of a resolution phantom indicating the positions of the profiles plotted below.
Profiles in y through lines A and B are plotted in (b) and (c), respectively.
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Figure 5.9: blipped-CAIPI rs-EPI FA maps with 1.5 mm isotropic resolution.
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Figure 5.10: blipped-CAIPI rs-EPI trace-weighted images with 0.9 and 1.1 mm in-plane
resolution.
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1.1 x 1.1 x 4 mm1.8 x 1.8 x 5 mm

ss-EPI b-CAIPI rs-EPI

Figure 5.11: Comparison of a 1.8⇥1.8⇥5 mm ss-EPI and 1.1⇥1.1⇥4 mm blipped-CAIPI
rs-EPI trace-weighted images showing a lesion in a patient who had suffered a TIA the
previous day. The ss-EPI protocol acquired one T2-weighted volume and 12 diffusion di-
rections and 3 averages in 2:30 min. The blipped-CAIPI rs-EPI acquired one T2-weighted
volume and 3 orthogonal diffusion directions in 2:30 min. The ss-EPI image was acquired
with a 12-channel head coil and the blipped-CAIPI rs-EPI image was acquired with a
32-channel coil.
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rs-EPI

ss-EPI

Right Left

1.5mm tractography:
MIP of CST overlaid on structural image

Figure 5.12: 1.5 mm tractography comparison in the CST. Green arrows indicate mis-
tracking into anterior and posterior regions. Streamlines seeded in the left and right
hemispheres are shown in blue-light blue and red-yellow, respectively.

rs-EPI

ss-EPI

Right Left

1.5mm tractography:
MIP of CST overlaid on structural image

Right Left

1.5mm tractography:
Difference between rs- and ss-EPI

Figure 5.13: Difference between rs- and ss-EPI tractography in the CST. Regions where
there are more rs-EPI streamlines are shown in red-yellow. Regions where there are more
ss-EPI streamlines are shown in blue-light blue. The tractography differences are from
representative single slices.
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5.5 Discussion

This study demonstrates that a blipped-CAIPI multiband modification is com-

patible with the rs-EPI sequence and in particular, with multi-shot navigator cor-

rections. In the rs-EPI approach, minor motion corruption (outside of systole) is

removed by the non-linear navigator correction, while segments with more signif-

icant corruption (during systole) are simply reacquired. The navigator-based reac-

quisition was able to identify the shots with the most motion corruption based on

the sum of the navigator signals from the simultaneously acquired slices. Lower

slices in the brain suffer the worst motion artifact [95, 96, 97, 108], so as the num-

ber of simultaneously acquired slices is increased it may be necessary to modify

the on-line detection of motion corruption to sensitively detect dropout in any of

the slices. In the Rslice = 2 experiments in this study DW images did not exhibit

serious motion artefacts when the reacquisition was judged on the combined k-

space signal from two slices. With higher acceleration factors, the signal from

individual receive channels could be considered in a more detailed way based

on their proximity to the slices. Another option would be to implement on-line

slice-GRAPPA reconstruction code (which has been written by the MGH group

for ss-EPI data) with further modifications to unalias the data on-line. The slice-

GRAPPA kernels would be estimated immediately after the pre-scan so that the

data could be unaliased during the scan and the distribution widths calculated

for the k-space signal from each slice.

The blipped-CAIPI multiband modification proposed here is expected to ad-

dress one of the major current shortcomings of rs-EPI. Acquisition of whole-brain

high-resolution trace-weighted data in clinically relevant scan times is now possi-

ble, as are measurements with a large number of diffusion directions. The tractog-

raphy resolution demonstrated in this study clearly demonstrates the feasibility

of tractography with rs-EPI. Although ss-EPI streamlines had a greater tendency
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to reach cortex, likely as a consequence of higher SNR, the rs-EPI streamlines were

more faithful to the local anatomy, as seen in Figs. 5.12 and 5.13. The deviations

are in the phase-encoding direction (anterior-posterior) so could be attributed to

higher blurring in ss-EPI from the longer readout, simple PF reconstruction and

averaging. Also, higher resolution in all cases improved the accuracy of tractog-

raphy, and it is thus significant that rs-EPI does not suffer from the distortion-

resolution tradeoff that limits ss-EPI. Smaller voxels reduce the number of differ-

ent tract orientations per voxel resulting in a less complicated diffusion-weighted

signal.

High resolution does still pose an SNR challenge, which motivates higher

acceleration factors to increase SNR efficiency and/or higher field strength. Limits

on SAR and peak B1 are a problem for RF pulse design, especially at higher field,

because SAR scales with B2
0 and B2

1 . RF pulses could be designed with the SLR

algorithm [168] and VERSE [169] so that sharper slice profiles could be selected

within peak RF voltage and SAR limits. In the simple addition of pulses used

in this study, the peak RF voltage and SAR were usually close to the scanner

imposed limits (which are calculated on a subject-specific basis). Lengthening the

pulses reduces SAR but increases sensitivity to off-resonance effects in the excited

slices. The recently introduced PINS technique [170] enables pulse design where

the SAR is independent of the number of excited slices. An RF pulse envelope is

multiplied with a comb function (the result is a sampled pulse envelope) so that

an infinite series of repeating slices is excited, within the range of the transmit

coil. In axial scans the series of repeating slices will generate unwanted excitation

below the head that is detected by the receive coil and therefore sagittal or coronal

orientations are necessary. Another option to reduce the RF power of pulses that

has been suggested is to sum the pulses but shift their peaks slightly in time

relative to each other so that the peak B1 of the composite pulse is reduced.
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Another avenue of future work would be to implement recently published im-

provements to the slice-GRAPPA reconstruction [171]. Also, rs-EPI data could be

acquired with blipped-CAIPI slice acceleration and a reduced number of readout

segments, with POCS partial Fourier reconstruction of the missing data [135], to

further reduce the scan time per diffusion direction.

5.6 Conclusions

In this study we have applied the blipped-CAIPI method to rs-EPI to realise sub-

stantial reductions in scan time with potential for further acceleration. Slice ac-

celeration is compatible with the multi-shot diffusion approach and allows rs-

EPI to be used for high-resolution clinical trace-weighted imaging and tractogra-

phy. Further work on details of the sequence could improve acceleration factors

and data quality and implementing on-line scanner reconstruction code would be

more practical for clinical diagnosis and research studies.
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Chapter 6

3D Fourier Readout-Segmented EPI

6.1 Introduction

Diffusion-weighted imaging has been an important tool in the diagnosis of stroke

[84] and for diffusion tensor imaging (DTI) and white matter fibre tracking [172,

93]. Images have typically been acquired with 2D multi-slice sequences with a

single-shot echo-planar imaging (ss-EPI) readout [35]. This has proved a robust

method for efficient acquisition of snapshot diffusion-weighted (DW) whole-brain

images with ~2 mm isotropic resolution, particularly for DTI where large num-

bers of diffusion-encoded volumes are required. However, in ss-EPI, higher reso-

lution is tied to more off-resonance and T ⇤
2 blurring artefacts. Parallel imaging can

be used to mitigate these artefacts [100, 101, 102] by reducing the effective echo-

spacing and the readout duration by factors of 2-3, however the artefacts are worse

at higher field. Resolution improvements and artefact reduction can be achieved

by segmenting the k-space acquisition and using navigator techniques [104, 98] to

account for the phase inconsistency between shots caused by motion during the

diffusion-encoding gradients. Such approaches have been demonstrated in sev-

eral sequences [106, 107, 103, 108, 124], including readout-segmented EPI (rs-EPI)
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[126, 6, 132], which de-couples resolution from distortion and blurring artefacts

by segmenting k-space in the readout direction to allow a short echo-spacing and

a short within-shot readout. In the method of Porter et al. [6] the navigator infor-

mation is used to apply a 2D navigator correction [108] for mild non-linear phase

corruption and also to identify shots with large (uncorrectable) motion-induced

phase errors so that they can be reacquired [131, 129]. Scan times are lengthened

compared to ss-EPI by the multi-shot nature of the acquisition and two accelera-

tion strategies have been presented: 1) using partial Fourier techniques to reduce

the number of repetition time (TR) periods [135] and 2) reducing TR with a si-

multaneous multi-slice acquisition [138].

Although in-plane spatial resolution challenges can be overcome, the resolu-

tion in the slice direction is is usually not much higher than around 1.5 mm due

to the difficulties in generating sharp radio-frequency (RF) pulse profiles for thin

slices. Also, for small voxels low signal-to-noise (SNR) can be problematic, es-

pecially when the signal is further attenuated due to diffusion weighting. For

these reasons a 3D DW sequence offers a potential solution; 3D Fourier encoding

within an excited volume could allow high-resolution, well-defined voxels in the

slice-direction. 3D sequences can often have higher SNR, although whether this is

achieved in practice depends crucially on the achievable timing of the 2D and 3D

sequences being compared. Isotropic high-resolution 3D DW data would facili-

tate identification of small infarcts and lesions and comparison with anatomical

3D images. The data would also be valuable for tractography because fewer fibre

tract orientations will be present in smaller voxels thereby simplifying the DW

signal [173, 174].

However, several challenges face 3D acquisitions that must first be addressed.

In a multi-shot DW acquisition with volume excitation the motion-induced phase

variation in the through-slab direction is significant and must be accounted for.
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An extension to 3D of the non-linear navigator correction in 2D rs-EPI would

require 3D navigator data which is difficult to realise. We refer to the k-space

data that is used to form the high-resolution image as ”imaging” data and the

k-space data that is used to correct the imaging data as ”navigator” data. The

resolution of the imaging and navigator data is limited by the long time required

to cover even a small 3D volume, which reduces the efficiency of the sequence.

Also, the imaging data has susceptibility artefacts in the slow phase-encoding

direction and point-spread function (PSF) problems caused by amplitude and

phase modulations in the combined k-space signal. Some previous sequences

have avoided multi-shot correction by using methods such as driven equilibrium

diffusion preparation [175], acquiring a restricted volume [176, 177, 178], imaging

in areas where motion phase errors are small [176, 179], and by cardiac gating

the acquisition [176, 180, 113]. 3D steady-state sequences have been explored

with pseudo-self-navigation using a 3D navigator compiled from multiple TRs

[109] and with an additional rigid-body correction at each TR [181], but to date

those methods still exhibit residual motion corruption that would compromise

diffusion measures, particularly for diffusion-encoding in the superior-inferior

direction where brain pulsation is most pronounced and causes the most severe

artefacts [108].

The optimum TR with respect to maximal SNR efficiency is 1-2s (see below),

which isn’t particularly compatible with the most straightforward implementa-

tions of 2D multi-slice (TR=6-10 s) or 3D (TR=100-500 ms) volume acquisitions

of the whole brain. One possibility is to sequentially excite a series of thin 3D

slabs (with kz phase-encoding within each slab over multiple shots) designed in

such a way as to achieve the optimum TR. One can think of this approach as

a hybrid between 2D multi-slice and conventional 3D imaging, which achieves

this intermediate, optimal TR. As we shall see below, this has the further benefit
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that motion artefacts in thin slabs are well-approximated by a 2D navigator (see

simulations and experiments below), enabling navigation at no more cost to ef-

ficiency than in standard 2D readout-segmented EPI. Indeed, DW 3D multi-slab

acquisitions have been demonstrated previously in TSE and EPI sequences with

2D in-plane navigator corrections [110, 112]. Multi-slab acquisitions with low

TR (~1 s) will have increased slab-joining artefacts but these can be mitigated by

overlapping slabs and by kz oversampling [182].

In this study, we consider alternatives for navigator-corrected 3D rs-EPI data.

We used a realistic simulation environment to compare two possible acquisition

schemes that acquire 2D or 3D trajectories within 3D k-space for each shot of

high-resolution imaging data. Based on these results, we selected the 2D trajec-

tory for further study due to its favourable point-spread function properties, that

predict high-fidelity images. The implemented scheme uses 2D imaging and nav-

igator data in a 3D Fourier-encoded multi-slab extension of the rs-EPI sequence.

This method offers reduced susceptibility artefacts and T ⇤
2 blurring compared to

similar multi-slab methods which encode a full 2D k-space partition at each exci-

tation [183], at the expense of a longer scan time per volume. Non-linear in-plane

correction (zeroth order correction in z) is applied to each kz-encoded readout

segment using its navigator (acquired at the centre of 3D k-space). In addition,

simulations are presented which show that ordering the k-space acquisition with

respect to the cardiac cycle [108, 184] reduces further any motion-induced phase

artefacts. Shots close to the centre of 3D k-space are preferentially acquired in

diastole to obtain cleaner data and the effect on image quality is demonstrated in

simulations and experiments.
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6.2 Theory

6.2.1 Assessment of 3D rs-EPI Acquisition Schemes

Two possible k-space trajectories for extension of rs-EPI to 3D encoded acquisi-

tion are shown in Fig. 6.1a. Both trajectories build on rs-EPI by acquiring 2D

planes within the full 3D k-space (where a given kz plane is achieved through

addition of an appropriate kz phase-encoding gradient). One trajectory (Fig. 6.1,

top row) is based on single 2D kz planes for both imaging and navigator data.

We refer to the separate parts of this trajectory as IM2D and NAV2D, respectively,

and the combined trajectory as IM2D+NAV2D. The second trajectory (Fig. 6.1,

bottom row) acquires several contiguous kz planes for both the imaging and nav-

igator data. This trajectory is based on the single-shot echo-volumar imaging

(EVI) technique [56, 185], in which spatial encoding can be applied in all three

directions during a single readout. We refer to the separate parts of this trajectory

as IM3D and NAV3D, respectively, and the combined trajectory as IM3D+NAV3D.

The IM2D+NAV2D method can only achieve a 2D navigator correction, while

IM3D+NAV3D is aimed at ”proper” 3D navigation. For both schemes, as in rs-EPI,

the imaging trajectories (IM2D and IM3D) acquire different (2D or 3D) segments of

k-space from one TR to the next (indicated by the arrows in Fig. 6.1) so that the

high-resolution k-space matrix is filled, while the navigator remains at the centre

of k-space for all shots.

The imaging and navigator acquisitions are independent so, for example, IM2D

data could be acquired with NAV3D data etc. From a motion correction per-

spective, acquiring IM3D and NAV3D data at contiguous k-space locations (i.e., at

adjacent kz planes) would allow an extension to 3D of the non-linear navigator

correction in 2D rs-EPI. Alternatively, IM2D data could be acquired with NAV3D

data so that phase information in z could be used to correct phase offsets and
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shifts in the 2D imaging data.
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mapped onto one shot of an IM3D trajectoryFigure 6.1: (Illustration of the possible 2D and 3D k-space acquisition schemes in a 3D

version of rs-EPI. In each of the four panels, the dotted line represents the boundaries of
the complete k-space matrix and the dot signifies the centre of 3D k-space. Solid lines
represent acquisitions of one shot of k-space data. In the 2D versions (IM2D and NAV2D),
these shots are simply kz phase-encoded readout segments. In the 3D versions (IM3D and
NAV3D), each shot is a stack of kx, ky planes, which is implemented in the pulse sequence
by inserting Gz blip gradients to move to the next kz plane and Gy rewind gradients
to move to the ky starting position. The kz planes are at contiguous kz points. For the
imaging data (IM2D and IM3D), pre-phasing is used to move these shots around to sample
the whole 3D k-space matrix. The navigator always acquires a full ky resolution readout
segment (NAV2D) or stack of low ky resolution readout segments (NAV3D) at the centre
of 3D k-space.

6.2.2 Motion-Induced Phase Simulations

In order to test acquisition and reconstruction strategies in the context of a 3D DW

sequence, a simulation environment was implemented in Matlab (Mathworks,

Natick, MA) for evaluation of motion-induced diffusion phase artefacts. Transla-

tions and rotations of the head are rigid-body movements and have been shown

to impart constant and linear phase offsets, respectively [104, 98]. Deformation of
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brain tissue during the cardiac cycle is a non-rigid motion that generates a non-

linear spatial phase variation across the brain when it occurs during the diffusion-

encoding gradients [108]. This motion has been measured with MR techniques

[95, 96, 97] and manifests as if the brainstem is pulled downwards in a funnel-

shaped motion during systole thus reshaping the medial and inferior parts of the

brain.

Wirestam et al. [186] described a model for the temporal and spatial variation

of the z component of brain tissue velocity, vz(x, y, z, t), based on experimental

data from previous studies [95, 187] and used it to calculate signal loss caused by

intravoxel dephasing when diffusion encoding is orientated in the z direction. In

this study we use the model presented by Wirestam et al. to generate the expected

phase maps for diffusion encoding along z so that multi-shot DW acquisitions can

be simulated. This diffusion encoding direction has been shown to be the most

problematic for diffusion phase artefacts [108, 109] so acquisition and reconstruc-

tion strategies can be tested in the worst-case scenario.

The equations for the temporal and spatial variation of velocity used in the

simulations were taken from Ref. [186]. Temporal variation in velocity is given by

Eq. 6.1:

vz(0, 0, 0, t) = c1 + c2e
�c3(t0�t)2 (6.1)

where c1 = �0.21 mm/s, c2 = 2.4 mm/s and c3 = 295 s�2 and the origin is in the

centre of an axial slice at the level of the pons. The parameter t0 is the time from

the start of the pulse sequence simulation to the maximum brain tissue velocity.

The spatial velocity profile is given by Eq. 6.2:

vz(x, y, z, t) = vz(0, 0, 0, t)e
�a1(x2+y2)�a2z4.31 (6.2)

where a1 = 0.0022 mm�2 a2 = 2.3⇥10�8 mm�4.31. Examples of the temporal and
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spatial variation of velocity are plotted in Fig. 1. 6.2. Using this model for vz(r, t),

0 0.1 0.2 0.3 0.4
−0.5

0

0.5

1

1.5

2

2.5

Time (s)

V
e
lo

ci
ty

 (
m

m
/s

)

0 50 100
0

0.5

1

1.5

2

2.5

Z position (mm)

V
e
lo

ci
ty

 (
m

m
/s

)

−100 −50 0 50 100
0

0.2

0.4

0.6

0.8

1

1.2

1.4

1.6

1.8

2

X position (mm)

V
e
lo

ci
ty

 (
m

m
/s

)

Figure 6.2: Plots of the component of brain tissue velocity in the z direction using the
model described by Equations 6.1 and 6.2 from Ref. [186]: temporal velocity variation at
x = y = z = 0 with t0 = 0.2 s; velocity profile in z at x = y = 0 and t = t0 = 0.2 s; velocity
profile in x at y = 0, z = 40 mm and t = t0 = 0.2 s.

the displacement in z since the start of the pulse sequence, dz(r, t), could be cal-

culated at each time step. Hence a map of the motion-induced phase imparted

by the Stejskal-Tanner diffusion gradients, �(r), was generated with Equations 6.3

and 6.4. The simulations used TE = 70 ms and the diffusion gradient timings were

duration � = 20 ms, diffusion time � = 37 ms. A diffusion gradient amplitude of

33.4 mT/m was used for a b-value of 1000 s/mm2.

dz(r, t) =

Z t

0

vz(r, t
0
)dt0 (6.3)

�(r) = �

Z TE

0

dz(r, t)G(t)dt (6.4)

6.2.3 Cardiac-Reordering of k-space Shots

The main motivation for these motion-phase simulations was to investigate a re-

ordering of the k-space acquisition with respect to the cardiac cycle. Previous
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work has synchronised the acquisition to the cardiac and respiratory cycles to re-

duce ghosting artefacts [188, 189] in structural imaging and temporal fluctuations

in 3D segmented-acquisition functional MRI (fMRI) [190, 184]. Cardiac synchroni-

sation has also been used in segmented DW acquisitions to improve the accuracy

of the ”refocusing” navigator correction by enforcing a smoother variation of k-

space phase and amplitude between interleaves in the combined data [108]. As

discussed in Ref. [108], locally consistent phase-corruption allows a more ac-

curate k-space deconvolution in the refocusing correction. Here, we apply the

cardiac-reordering technique to a multi-shot DW acquisition with two compatible

aims: 1) acquiring shots that are close to each other in k-space at similar points

in the cardiac cycle (so that they have similar phase corruption) to ensure smooth

phase and amplitude modulation, and 2) acquiring clean data (in diastole) close

to the centre of k-space. The centre of k-space has the highest signal intensity and

therefore it has the largest effect on the point-spread function in image-space.

Cardiac gating and previous reordering schemes affect the acquisition time

and introduce a variable TR. Tijssen et al. were able to use a fixed TR by im-

plementing an adaptive GRAPPA reconstruction to fill in parts of k-space which

could not be acquired at the optimum time [184]. In the following simulations, the

closest available shot to the corresponding cardiac phase is thus acquired. This

ensures that data can always be acquired, even in systole, with a constant TR.

Shots acquired during systole that have severe phase corruption could potentially

be re-acquired. On-line re-acquisition was simulated, but was not implemented

in this study because it would have required modification of the on-line recon-

struction code that was beyond the scope of this work. However, this could be

done as future work.
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6.2.4 SNR Efficiency

SNR efficiency for a spin echo sequence run at 3 T is plotted as a function of TR

in Fig. 3.8 for white matter tissue T1= 1000 ms, T2= 75 ms [136, 137] and echo time

= 70 ms. From the plot in Fig. 3.8, a TR in the range 1-2 s will result in optimum

SNR efficiency, which is compatible with a multi-slab sequence with about 10 slab

excitations per TR.

6.3 Methods

6.3.1 Simulations

Point-Spread Functions of Acquisition Schemes

We investigated the effects of time-varying signal phase and amplitude on the

trajectory PSF using simulations based around a 0.6⇥0.6⇥0.6 mm structural im-

age and a 1⇥1⇥2.5 mm B0 field map, both originally acquired in a representative

healthy human volunteer. The field map was upsampled (interpolated by zero

padding in the Fourier domain) and the structural scan downsampled so that each

voxel of the structural image contained 5⇥5⇥5 field map values in order to simu-

late dephasing of signal due to field gradients. The simulation was performed by

starting with a 120⇥120⇥10 k-space matrix of the downsampled structural and

then selecting regions of this matrix to readout in different shots according to the

IM2D or IM3D acquisition scheme.

During each readout, inhomogeneity-induced phase was applied in image

space to every k-space point in the trajectory. Each k-space point (from the

downsampled structural image) was placed in its corresponding location in a

120⇥120⇥10 matrix of zeros and Fourier transformed to image space where it

was given the inhomogeneity phase (from the upsampled field map) correspond-
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ing to its position in the readout. The timestep resolution between simulated

k-space points was 2 µs and a linear accrual of phase was used during the read-

out such that the phase was zero at the centre of the readout (at the spin-echo

centre), as shown in Fig. 6.3. Using the field map, the off-resonance phase could

be calculated at each time (or k-space) point in the readout. Multiple readouts

of sub-sets of k-space were combined to form the complete k-space. In the right

hand column of Fig. 6.3 the phase and simulated amplitude variation during a

spin-echo readout has been mapped onto one shot of the IM3D scheme.
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Figure 6.3: Variation of phase and amplitude during one readout (left-hand column)
and the resulting phase and amplitude variation in ky and kz during one shot of a IM3D

trajectory (right-hand column). In the ky, kz plots in the right-hand column, each ky point
represents a ky phase-encode line of kx points. The amplitude of the image space mean
signal was simulated at the central k-space point in a 120⇥120⇥10 matrix using an in vivo
field map to generate dephasing. The deviation of the shape of the amplitude curve from
and ideal spin-echo is due to the dephasing from field inhomogeneity on top of the spin-
echo formation. An average value of inhomogeneity was chosen to calculate a maximum
phase error of ⇡/2 in the readout of 24⇥24⇥5 points (kx ⇥ ky ⇥ kz) using a dwell time of
2 µs.
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The phase and the time-evolving image space mean signal (i.e., the k-space

signal without imaging gradients during the spin echo) were used to generate es-

timates of the spatial PSF. The complex signal was mapped onto the correspond-

ing k-space locations for each readout and the multiple readouts were combined

before the PSF was calculated by Fourier transformation.

Modified versions of the IM3D scheme were also explored. Rather than sam-

pling contiguous kz points, the stacks of kx, ky planes could be interleaved over

the complete kz range. Also, the kz modulation could be improved by shifting in

time different interleaves with echo-time shifting (ETS) [191, 192].

Motion-Induced Phase

Phase maps at different readout shots were generated for random points in the

cardiac cycle by varying the parameter t0 in Eq. 6.1 between -100 and 100 ms.

Simulations were performed using a numerical modified Shepp-Logan phantom

and at each shot Rician noise was added to the magnitude image [193] (images

are of the phantom are shown in Fig. 6.4 for reference). The phase maps were

generated with the model for velocity described above and were saved so that

different acquisition and reconstruction strategies could be compared.

A multi-shot DW acquisition was simulated by applying the motion-induced

phase error at each shot in image space and then selecting the part of k-space

sampled in the readout shot to add to the final multi-shot k-space. The imaging

data constituted a readout segment (i.e., limited kx extent, full ky extent) from

a single kz partition (trajectory IM2D) and the navigator could either be 1) a 2D

fully sampled ky readout segment at the centre of 3D k-space (trajectory NAV2D)

or 2) a 3D stack of kz planes around the centre of kz with limited extent in kx

and ky (trajectory NAV3D). Using the terms defined in Fig. 6.1 and above, the

two simulated acquisitions were IM2D+NAV2D and IM2D+NAV3D. The navigator
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Figure 6.4: Images of the modified Shepp-Logan phantom (with added Rician noise)
used in motion-induced phase simulations.

correction was performed in 2D or 3D as appropriate i.e. 2D refocusing correction

for the NAV2D data and 3D refocusing for NAV3D data. Re-acquisition of motion

corrupted segments [131], which is used in the 2D sequence, was simulated with

20% of scan time dedicated to reacquiring the k-space shots with the worst motion

corruption. The reacquisition was weighted towards shots at the centre of 3D k-

space.

The reconstructions compared in simulations were as follows: no correction,

2D navigation with NAV2D data and 3D navigation with NAV3D data. Cardiac-

reordering of shots and re-acquisition was simulated with all reconstructions. The

voxel size in the simulations was 2⇥2⇥2 mm so 8 kz phase-encodes corresponds

to a slab thickness of 16 mm. Artefact performance of the reconstructions was

assessed via the quality of the resultant images or via temporal coefficient of vari-

ation (CoV) maps, which demonstrate how variable a set of 6 repeated simulations

are. The coefficient of variation was computed by dividing the temporal standard

deviation by the temporal mean. Quantitative summaries of artefact performance
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of each acquisition/reconstruction combination were generated by calculating the

mean CoV within the phantom.

6.3.2 In vivo

Based on the simulation results (see below), we propose using a IM2D+NAV2D

version of 3D rs-EPI with 2D navigator correction and cardiac-reordering of shots,

which we demonstrate by acquiring data with b = 1000 s/mm2 and with a slab

thickness ~16 mm. The 2D navigator correction of 2D planes of kx, ky imaging

data at 3D phase-encoded kz locations (IM2D) was compared against theoretical

predictions with in vivo experiments. The 2D navigator is always the central

readout segment at the central kz partition, i.e. the NAV2D scheme. Additionally,

the cardiac-reordering of shots was compared to a standard (sequential) k-space

acquisition scheme.

Implementation

A standard 2D rs-EPI sequence [6] was modified to include slice gradient pre-

and re-phasing either side of the imaging echo so that readout segments could

be kz phase-encoded (IM2D scheme) and the navigator sampled the central kx, kz

readout segment (NAV2D scheme). Using the abbreviations introduced above, this

sequence was a IM2D+NAV2D acquisition. These changes are shown in Fig 6.5.

Cardiac-reordering of k-space shots was implemented in the sequence so that

the decision on which shot to acquire at each excitation was made at sequence

run time. The shot choice was determined by the position in the cardiac cycle,

which was estimated using pulse oximeter information. Unlike cardiac gating,

this reordering scheme does not alter the sequence timing. The cardiac phase,

�c, was calculated by dividing the time since the cardiac trigger, ttrig, measured

with a pulse oximeter placed on the index finger (a 200 ms delay time between
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Imaging echo Navigator echo

180˚90˚ 180˚

Diffusion preparation

RF

GRO

GPE

Gslice

Slab-selective 
RF pulses

kx and kz shot 
determined from 
cardiac phase

Figure 6.5: 3D rs-EPI pulse sequence with modifications to the original rs-EPI sequence
coloured red. These are a module to determine which k-space shot to acquire based on
the position in the cardiac cycle, slab-selective pulses and kz phase-encoding gradients.

the finger and the head was determined empirically), by the mean cardiac cycle

duration, TRR (from the previous 10 cardiac cycles), as shown in Eq. B.1.

�c = ttrig/TRR (6.5)

A cardiac phase of 0.4 - 0.6 was assumed to correspond to diastole and therefore

to be the optimum time to acquire data. An algorithm (the Matlab version is

provided in Appendix B) was used to determine the kz and kx shot indices (nz

and nx, respectively).

When �c = 0.5, the algorithm chooses the central kx, kz readout segment. For

example, with 8 kz phase-encodes (Nz = 8) and 5 readout segments (Nx = 5) the

optimum shot is nz = 4 (or 5), nx = 3. As �c tends towards 0 or 1 the chosen shot

moves toward the edges of 3D k-space. As well as acquiring central k-space dur-

ing the quiet portion of the cardiac cycle, this scheme also ensures that adjacent

segments will have similar values of cardiac phase and therefore that the residual
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phase-corruption after navigator correction will change smoothly through k-space

[108]. If the chosen shot had already been acquired, the closest unacquired shot

was selected. With this method, as the k-space matrix fills up, the selected shots

usually become further away from the optimum position. Therefore, a measured

cardiac phase between 0.4 and 0.6 is altered to 0.5 with the intention that shots

near the centre of k-space are acquired early so that the outer k-space shots are

acquired later, when they are more likely to be acquired with a sub-optimal car-

diac phase. Logs of cardiac phase and selected shots were created so that this

hypothesis could be verified. In a multi-slab acquisition, lists of shots were cre-

ated for each slab and the shots were selected independently in each slab with the

method described above. The objective of the scheme is to acquire cleaner data at

the centre of k-space where corrupt data is more likely to result in severe signal

loss artefacts.

Although reacquisition was simulated, it was not implemented in the sequence

because it required modification of the on-line reconstruction code to accept 3D

phase-encoded data rather than 2D multi-slice data, which was beyond the scope

of this work. 3D reconstruction code will be the subject of future work so that

motion-corrupted shots can be re-acquired to further improve image quality, as

predicted by the simulations (see below).

To achieve contiguous slices at the interface between neighbouring slabs in a

multi-slab acquisition a combination of slab overlap, kz oversampling, and sepa-

rate slab concatenations was used [182, 113]. To reduce saturation between slabs,

all readout segments and kz phase-encodes were acquired in separate concate-

nations for odd and even slabs. This increased the acquisition time by a factor

of two but was necessary to improve artefacts at interfaces between slabs when

scanning with TR ~1 s. The approaches used for slab overlap, kz oversampling,

concatenated scanning and a simultaneous multi-slab acquisition are illustrated
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in Fig. 6.6.

1 2 3 4 5 6 7 8 slices 1 and 8 discarded

a

b

TR

Time to acquire one image 

k-space shot: 1 2 N 1 2 N

Concatenation 2Concatenation 1

RF slab FWHM
kz phase-encode FOV

t4

t5

t6

t1

t2

t3

c

= sequential excitation of all odd slabs

= sequential excitation of all even slabs

o1

o2

o3

e1

e2

e3

c
Figure 6.6: (a) Illustration with 8 kz phase-encodes how adjacent slabs were overlapped
and slices at either end of the slab were discarded. Also, the kz phase-encode FOV was
oversampled to be larger than the slab profile defined by the full width at half maximum
(FWHM) of the RF pulse. (b) Illustration of concatenated scanning. The k-space data
for odd and even slabs are acquired separately to reduce crosstalk between slabs. The
number of k-space shots N = (readout segments) ⇥ (kz phase-encodes).

Images were reconstructed off-line in Matlab (Mathworks, Natick, MA) from

raw scanner data. The rs-EPI reconstruction used was similar to that described

in previous work [135] but with modifications for the 3D phase-encoded data.

The full pipeline was: phase-correction on a slab-specific basis using a pre-scan at

ky = kz = 0 and regridding; GRAPPA reconstruction of missing ky lines [66]; 2D

navigator correction of readout segments at all kx, kz locations with a navigator
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readout segment at the central kx, kz location; compilation of a 3D k-space matrix

after discarding the extra kx columns at the edges of each readout segment; 3D

Fourier transform and combination of coil data with sum of squares reconstruc-

tion. GRAPPA under-sampling of kz phase-encodes was not possible due to the

small z FOV of each slab, which would lead to large g-factor-related losses when

trying to unalias voxels a maximum of 8 mm apart (16 mm slab with factor 2

under-sampling).

Data Acquisition and Processing

Data were acquired in three healthy volunteers with a MAGNETOM Verio 3 T

scanner (Siemens Healthcare, Erlangen) under an approved technical develop-

ment ethics protocol. A pulse oximeter was used to send triggers to the scanner

at each R-wave so that the cardiac phase could be determined. The diffusion

preparation module was a modified Stejskal-Tanner pair [117] to allow a shorter

TE. Eddy-current correction was applied using FMRIB’s Diffusion Toolbox [150],

which consists of an affine registration (12 degrees of freedom) of all volumes to

the initial b = 0 s/mm2 volume. Non-brain tissue was removed from the images

using the FSL Brain Extraction Tool [151].

Variability in Repeated Diffusion Acquisitions

Data were acquired with 12 and 18 kz phase-encodes, with and without cardiac-

reordering of shots to verify the improvement in image quality predicted by sim-

ulation. Six repeated volumes with diffusion encoding in the z direction (the

encoding direction that is most sensitive to motion artefacts) were acquired to

assess the variability of the images. Voxel-wise maps of coefficient of variation

(CoV) were computed by dividing the temporal standard deviation in signal by

the temporal mean signal.
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1.83⇥1.83⇥2 mm images with 12 or 18 kz phase-encodes were acquired with

TR/TE = 1000/87 ms, flip angle = 68�, FOV = 220⇥220 mm, matrix = 120⇥120,

5 in-plane readout-segments and a single slab. One T2-weighted volume and six

DW volumes with b = 1000 s/mm2 encoding in the z direction were acquired

with a 12-channel head coil. The scan times of the 12 and 18 kz phase-encode

acquisitions were 7:05 min and 10:35 min, respectively, and each acquisition was

repeated with and without cardiac-reordering.

Multi-Slab Trace-Weighted Images

1.53 mm isotropic trace-weighted images were acquired with TR/TE = 1500/75

ms, flip angle = 77�, FOV = 220⇥220 mm, matrix = 144⇥144, 7 readout-segments,

12 slabs with 25% slab overlap, 8 kz phase-encodes within each slab with 10% kz

oversampling and R = 2 in-plane GRAPPA ky under-sampling. One T2-weighted

volume and three DW volumes with orthogonal b = 1000 s/mm2 encoding were

acquired in 11:30 min with a 32-channel head coil. Trace-weighted images were

calculated by taking the geometric mean of the diffusion-weighted images.

Simultaneous Multi-Slab

1.53 mm isotropic DW images were acquired with TR/TE = 1500/75 ms, flip angle

= 77�, FOV = 220⇥220 mm, matrix = 144⇥144, 7 readout-segments, 2 simultane-

ously excited slabs with 72 mm separation, 8 slab excitations (16 slabs in total),

25% slab overlap, and 8 kz phase-encodes within each slab with 10% kz oversam-

pling. A 32-channel head coil was used to acquire a T2-weighted volume and 3

DW volumes with orthogonal b = 1000 s/mm2 encoding in 11:30 min plus 2:50

min for each of the two reference acquisitions. No in-plane shifting of slices was

used in this preliminary demonstration. Multiplexed partition data was unaliased

in k-space using the slice-GRAPPA parallel imaging reconstruction [74].
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6.4 Results

6.4.1 Simulations

Point-Spread Functions of Acquisition Schemes

The phase and amplitude variation with time of the image space mean signal

during the spin-echo are shown in the left-hand column of Fig. 6.3. In the plot of

phase variation, the maximum phase error of ⇡/2 at the extremes of the spin-echo

readout is a mean value across the brain. In the right-hand column of Fig. 6.3,

these phase and amplitude variations are mapped onto one shot of a IM3D scheme

(from Fig. 6.1) which samples 5 kz planes in one shot. Note that each ky point

represents one phase encode line (along kx). This demonstrates the amplitude

and phase discontinuities in the kz direction caused by the jump to a new kz

plane at the initial ky position, in this case after the readout of 24 ky lines.

When k-space is sampled in multiple shots with this IM3D scheme, the am-

plitude variation in Fig. 6.3 (lower right panel) will be repeated through k-space.

The kx dimension was split into 5 readout segments and in the IM3D scheme these

segments were divided into 5 kz planes so 5 shots were required to fill the y res-

olution. The acquisition time of the IM2D and IM3D schemes would then be the

same. The results of a IM2D scheme are shown in Fig. 6.7a and the results of a

IM3D scheme in Fig. 6.7b.

These results suggest that the PSF in the IM3D scheme introduces aliasing arte-

facts (indicated by the off-centre peaks along z and y) as well as some blurring.

Blurring is exhibited by a broadening of the main PSF peak from a pure delta

function. These artefacts are most prominent along z, where signal from alternat-

ing slices will alias. There are no PSF problems in the simulations with the IM2D

scheme apart from relatively minor blurring along y.

The results of the modified IM3D schemes are shown in Fig. 6.8 and the PSF
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results are compared to the original IM3D scheme (which samples contiguous

kz points). The PSF interleaved scheme suggests substantial blurring in the z

direction with an interleaved scheme and a slight improvement with ETS. Another

factor to consider with the interleaved schemes is that the trajectory would not be

as amenable to 3D navigator correction as a contiguous scheme.

In light of these simulations, it was decided that the IM2D trajectory was most

promising and that this was the strategy to develop further. Motion phase arte-

facts were simulated with IM2D+NAV2D navigator correction and a IM2D+NAV2D

scheme was implemented in the sequence. A navigator correction of IM2D+NAV3D

data was simulated but not implemented, with further work required on this

topic.

Motion-Induced Phase

A comparison at b = 1000 s/mm2 of no correction, 2D navigation, 3D navigation

(all without reacquisition) and 2D navigation with reacquisition, with and with-

out cardiac-reordering of shots, is shown in Figures 6.9 and 6.10 for 8 and 24 kz

phase-encodes, respectively. Simulations of a 2D navigator reconstruction with

reacquisition of corrupted shots is shown in Fig. 6.11 at b = 1000 s/mm2 and b =

3000 s/mm2 for 8, 16 and 24 kz phase-encodes. Figure 6.12 summarises the arte-

fact performance of the different reconstructions with 8 and 24 kz phase-encodes

(summary of the data shown in Figures 6.9 and 6.10). Figure 6.13 summarises the

artefact performance of the 2D navigator reconstruction with reacquisition at b =

1000 s/mm2 and b = 3000 s/mm2 for 8, 16 and 24 kz phase-encodes (summary of

the data shown in Fig. 6.11).

The simulation results in Figures 6.9, 6.10 and 6.12 show that the 2D and

3D navigator corrections have similar performance, with slightly better image

quality in the 3D correction. However, the 2D correction was chosen to be the
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best candidate for implementation (i.e., scheme IM2D+NAV2D) due to the close

relationship of the sequence and the reconstruction to the the standard 2D rs-EPI

sequence. The simulations also suggest that major improvements in image quality

can be realised by reordering the k-space acquisition of shots so that clean data is

acquired close to the centre of k-space and phase corruption is locally consistent.

This does not lengthen the acquisition time and can be implemented using real-

time calculations based on physiological monitoring of the cardiac phase at each

shot in a similar fashion to a recent reordering scheme applied to fMRI [184]. The

results show that image quality can be improved further by reacquiring the shots

with the worst motion corruption [131] in an extension of the current 2D rs-EPI

implementation [6]. The simulations suggest (data not shown) that a navigator

consisting of either a readout segment at the central kz partition (NAV2D) or a

readout segment split into a stack of kz partitions with low ky resolution (NAV3D)

at the centre of 3D k-space can be used to judge motion corruption.

Figures 6.11 and 6.13 shows the expected increase in artefacts with stronger

diffusion encoding and with increasing slab thickness from 16 to 48 mm for the

example case of the 2D navigator reconstruction with reacquisition. Stronger

diffusion encoding creates a more complex phase variation across the brain with

more phase wraps and in a larger slab there is more scope for phase difference

in the slab direction. When there is more complicated phase variation in z the 2D

or 3D navigator data becomes less effective at resolving and removing the phase

corruption. Therefore the data contain residual phase corruption which causes

signal loss and ghosting artefacts due to destructive phase interference as well as

discontinuities and periodicity in the k-space signal [108]. The phase variation

at each shot is unpredictable so in repeated acquisitions these artefacts will be

different, leading to increasing variation in the temporal standard deviation maps.
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Figure 6.9: Simulation results showing a comparison of acquisition and reconstruction
approaches for 8 kz phase-encodes and 16 mm slab thickness with b = 1000 s/mm2 dif-
fusion weighting in z. The coefficient of variation (CoV) is over 6 repeated acquisition
simulations.
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Figure 6.10: Simulation results showing a comparison of acquisition and reconstruction
approaches for 24 kz phase-encodes and 48 mm slab thickness with b = 1000 s/mm2

diffusion weighting in z. The coefficient of variation (CoV) is over 6 repeated acquisition
simulations.
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Figure 6.11: Simulation results showing a comparison of b = 1000 s/mm2 and b = 3000
s/mm2 diffusion weighting in z for 2D navigator correction with cardiac-reordering of
shots and reacquisition of corrupted shots. The coefficient of variation (CoV) is over 6
repeated acquisition simulations.
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Figure 6.12: Simulation results showing a comparison of the mean coefficient of variation
(CoV) for the different reconstruction approaches for 8 and 24 kz phase-encodes with b =
1000 s/mm2 diffusion weighting in z. The mean is within a ROI defined by all the voxels
in the phantom.
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Figure 6.13: Simulation results showing a comparison of the mean coefficient of variation
(CoV) between b = 1000 s/mm2 and b = 3000 s/mm2 diffusion weighting in z for 8, 16
and 24 kz phase-encodes. The comparison is for a cardiac-reordered acquisition with 2D
navigator correction and reacquistion of the shots with the worst motion corruption. The
mean is within a ROI defined by all the voxels in the phantom.
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6.4.2 In vivo

Images and variability results are shown in Fig. 6.14 for 12 2 mm slices and

Fig. 6.15 for 18 slices. These results demonstrate the successful 2D navigation and

the clear reduction of image artefacts with cardiac-reordering of k-space shots. Ig-

noring edge slices that would be discarded, the largest improvements (high to low

CoV) are in the centre of the brain (where the non-rigid deformation is concen-

trated) and some surrounding white matter structures. In the cardiac-reordered

data, the only remaining regions of high CoV are in low signal areas (e.g. CSF). In

the 36 mm slab data (Fig. 6.15) the remaining CoV increases compared to the 24

mm slab data (Fig. 6.14). In ss-EPI data, artefacts can be caused by through-plane

dephasing and signal loss due to large systolic motions with short timescales. In

the 2D navigator corrected DW images, the effect of reordering is clearer in the

36 mm slab data which exhibit artefactual low signal in the central areas of the

brain in the sequential k-space acquisition. This signal is restored in the cardiac-

reordered data. The mean CoV within the phantom was calculated so that quan-

titative results could be compared. A summary of simulation and experiment

results for b = 1000 s/mm2 diffusion weighting in z with the 2D navigator correc-

tion (without reacquisition) is shown in Table 6.1. A consistent 40-50% improve-

ment with cardiac-reordering was observed in the simulations and experiments,

and the improvement increased with more kz phase-encodes/thicker slabs.

Multi-slab T2- and trace-weighted images are shown in Fig. 6.18 with evidence

of some residual slab joining artefacts. The cardiac cycle durations observed in

the volunteers were in the range 600 - 1200 ms. Whole brain diffusion- and

trace-weighted images from the simultaneous multi-slab acquisition are shown

in Fig. 6.19.
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Figure 6.14: Experimental results showing a comparison of images and variability be-
tween sequential acquisition of k-space and cardiac-reordered acquisition of k-space in
data with 12 kz phase-encodes and 24 mm slab thickness. Diffusion weighting is in the
z direction with b = 1000 s/mm2. Resolution of the images is 1.8⇥1.8⇥2 mm. The co-
efficient of variation (CoV) is calculated from the temporal standard deviation divided
pixel-by-pixel by the temporal mean over 6 repeated acquisitions in the data with 2D
correction.
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Figure 6.15: Experimental results showing a comparison of images and variability be-
tween sequential acquisition of k-space and cardiac-reordered acquisition of k-space in
data with 18 kz phase-encodes and 36 mm slab thickness. Diffusion weighting is in the
z direction with b = 1000 s/mm2. Resolution of the images is 1.8⇥1.8⇥2 mm. The co-
efficient of variation (CoV) is calculated from the temporal standard deviation divided
pixel-by-pixel by the temporal mean over 6 repeated acquisitions in the data with 2D
correction. 151
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Figure 6.16: Experimental results showing maps of coefficient of variation in a standard
ss-EPI protocol. Diffusion weighting is in the z direction with b = 1000 s/mm2. Resolution
of the images is 2⇥2⇥2 mm. The coefficient of variation (CoV) is calculated from the
temporal standard deviation divided pixel-by-pixel by the temporal mean over 6 repeated
acquisitions.

12 kz planes 18 kz planes

Figure 6.17: Locations of the ROIs used for quantitative comparisons of the coefficient
of variation (CoV) in the in vivo data with 12 and 18 kz phase-encodes (2 mm thick slices).
The ROIs are shown on the cardiac-reordered CoV maps.
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Figure 6.18: Experimental results of a multi-slab acquisition of 1.5 mm isotropic resolu-
tion T2- and trace-weighted images with b = 1000 s/mm2 diffusion-weighting.
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Figure 6.19: Experimental results of a whole brain simultaneous multi-slab acquisition.
Raw diffusion- and trace-weighted images are shown.
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Simulation
kz planes 8 16 24
Slab thickness (mm) 16 32 48
CoV: Sequential 0.071±0.081 0.144±0.199 0.155±0.176
CoV: Cardiac-reordered 0.044±0.036 0.059±0.065 0.075±0.083
% improvement 38 59 52

Experiment
kz planes 12 18
Slab thickness (mm) 24 36
CoV: Sequential 0.154±0.103 0.216±0.146
CoV: Cardiac-reordered 0.086±0.068 0.098±0.086
% improvement 44 55

Table 6.1: Comparison of the variability in sequential and cardiac-reordered k-space
acquisitions in simulations and experiment. The coefficient of variation (CoV) was com-
pared between the simulations and the experiments. The CoV reported is the mean within
the ROIs defined by the voxels in the phantom and in Fig. 6.17 (for the simulation and
experimental results, respectively) and the error is the standard deviation within the ROI.
Both the simulation and experiment results are when using the 2D navigator correction
(without reacquisition) with 6 volumes of b = 1000 s/mm2 diffusion weighting in the z

direction.

6.5 Discussion

This study has demonstrated through simulation and experiment that 2D naviga-

tion can be used in thin-slab 3D rs-EPI DW acquisitions and that reordering the

k-space acquisition with respect to the cardiac cycle results in clear improvements

in image quality. Acquisition of 2D imaging (IM2D) data was chosen based on

PSF simulations, which suggested that 3D imaging (IM3D) schemes would suffer

from substantial aliasing artefacts. Simulations of motion phase artefacts using

a model for brain velocity suggested 2D and 3D corrections (IM2D+NAV2D and

IM2D+NAV3D) were possible and that cardiac-reordering of the k-space acquisi-

tion and reacquisition of motion corrupted shots were beneficial. Further work on

the 3D navigator reconstruction of experimental data with a 3D navigator (scheme

IM2D+NAV3D) is required. Modification of the current 2D on-line reconstruction

code to accept 3D phase-encoded data would enable re-acquisition, which is ex-

pected to improve image quality further.
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Predictions made in the simulation environment were confirmed experimen-

tally with successful 2D navigator correction and reduction in variability in re-

peated acquisitions when diffusion weighting in z (the most problematic encod-

ing direction for DW artefacts). In quantitative analyses of the reduction of image

artefacts a 40-50% reduction in variability was observed with cardiac-reordering,

in both simulations and experiments. This demonstrates the accuracy of the sim-

ulations, which can be used to test further improvements in reconstruction and

reordering strategies and evaluation of motion corruption for reacquisition pur-

poses. Ideally, all shots would be acquired as cleanly as possible with no data ac-

quisition during systole (which is the not case in the current reordering scheme).

However, as mentioned above, cardiac gating approaches only allow 2-3 slabs per

R-R interval and would result in variable and longer acquisition times, which

are already long in 3D rs-EPI due to the segmentation of k-space in kx and kz.

The reordering strategy should also be applicable to other segmented 3D DW se-

quences. Heart-rate variability could interfere with the cardiac-reordering scheme

but in the healthy volunteers scanned to date it has not been a significant prob-

lem. Implementing a reacquisition of the shots with worst phase corruption is

expected to improve residual levels of phase corruption caused by shots which

were not acquired at the optimal time. The adaptive GRAPPA method proposed

by Tijssen et al. [184] for filling in corrupt or poorly ordered shots is not possible

in this multi-slab case due to lack of coil coverage in the slab direction.

Artefacts at the interfaces between slabs are currently evident in the multi-slab

data. Combined slab overlap and kz oversampling and concatenated scanning

improved the data but further optimisation of the slab overlap and RF pulses is

required to generate clean, isotropic data. Recent work in a 3D DW scan (TR ~5 s)

with 2D navigator correction used high time-bandwith product 10 ms refocusing

pulses and regridding of slabs with a slab profile weighting to generate data
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without visible slab crosstalk effects [112]. Although a TR = 1-2s is optimal for

SNR efficiency, the increased T1 saturation effects that cause slab-joining artefacts

may necessitate a longer TR. To mitigate this, scan times can be accelerated by

using a simultaneous multi-slab acquisition to acquire multiple slabs at once [71,

74]. A whole brain simultaneous multi-slab acquisition was also demonstrated,

which is an extension of work from Chapter 5. The blipped-CAIPI method [72, 74]

of shifting slices in-plane to improve SNR in the unaliasing reconstruction was

not used in this preliminary demonstration. Also, partial Fourier encoding can

be used to reduce the number of readout segments required in the kx dimension

[135].

6.6 Conclusions

A 3D rs-EPI multi-slab sequence for acquisition of true isotropic voxels with an

SNR-optimal TR has been demonstrated. An acquisition trajectory for 3D imaging

was chosen based on simulations of PSF artefacts. Using this trajectory, a method

involving 2D navigator correction and cardiac-reordering of the k-space acqui-

sition was tested in simulation and as implemented in vivo. This showed good

quality DW data with low levels of motion-phase artefact. A quantitative analy-

sis of simulated and experimental data suggests a 40-50% reduction in diffusion

phase-induced variability instabilities when using real time cardiac-reordering of

k-space shots compared to a sequential acquisition. Improvements in slab join-

ing artefacts, implementation of 3D navigation and navigator-based reacquisition

are the subject of future work. A simultaneous multi-slab acquisition acceleration

strategy was also demonstrated.

157



Chapter 7

Summary and Future Work

7.1 Thesis Summary

Readout-segmented EPI has previously been demonstrated as a successful multi-

shot diffusion-weighted sequence that overcomes. The multi-shot motion-induced

phase problem is addressed with non-linear navigator correction and reacquisi-

tion of severely corrupted shots. The sequence is attractive due to its close re-

lationship to the standard diffusion imaging method single-shot EPI, which is

popular due to its high imaging speed and low sensitivity to motion artefacts.

The segmentation of k-space in the readout direction in rs-EPI allows acquisi-

tion of high-resolution diffusion-weighted images with reduced geometric dis-

tortions and blurring, relative to ss-EPI. In this thesis, modifications to the pulse

sequence and reconstruction were developed and implemented to extend the se-

quence to incorporate new encoding approaches. Changes were made to reduce

rs-EPI scan times, which are necessarily longer than single-shot approaches due

to the multi-shot nature of the sequence. The reduction of rs-EPI scan times to

be more comparable to the duration of current ss-EPI diffusion protocols is im-

portant for adoption of the rs-EPI technique in clinical stroke and DTI settings.
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Furthermore, a 3D multi-slab extension of the original 2D multi-slice sequence

was presented. The 3D sequence could allow isotropic high-resolution DW data,

which is difficult to attain in 2D multi-slice sequences where RF excitation and

SNR considerations limit resolution in the slice direction. A 3D method would

also enable imaging with a optimally SNR efficient TR of 1-2 s.

The first of two approaches to reducing the scan time was to acquire fewer

readout segments on one side of k-space and to estimate the missing data with

a partial Fourier algorithm. This method allows reductions in scan time by the

partial Fourier factor (scan time reduction in partial Fourier acquisitions is limited

to a factor less than two) but reduces the SNR of the reconstructed images by the

square root of the partial Fourier factor. The homodyne and POCS reconstruc-

tion algorithms were compared to the gold standard full k-space reconstructions

in terms of the accuracy of their estimates of diffusion parameters from 2 mm

isotropic DTI acquisitions (30 directions) and signal intensity in 0.9⇥0.9⇥4 mm

trace-weighted acquisitions. An ROI analysis in commonly-studied white matter

fibre tracts of estimates of FA and MD showed that POCS values were closest to

the full k-space values. Also, the differences were less than previously reported

changes due to inter-subject and inter-session variability and pathology in patient

versus control studies. The uncertainties on the estimate of the principal diffusion

direction (which dictates the performance of tractography) in partial Fourier en-

coded data with POCS reconstruction were shown to be comparable to the white

matter uncertainties in ss-EPI DTI data (60 directions) and previously reported

studies. It was shown that reliable POCS partial Fourier rs-EPI data could be ac-

quired when the scan times were reduced by 3/5 in the 2 mm isotropic acquisition

and by 9/13 in the 0.9⇥0.9⇥4 mm acquisition.

The second acceleration strategy was a simultaneous acquisition of multiple

slices using the recently published blipped-CAIPI method that was applied to ss-
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EPI. The simultaneous multi-slice acquisition allowed a lower TR because fewer

excitations are required to achieve the same slice coverage when the signal from

multiple slices is excited and encoded together. SNR losses in the separation of the

slice-multiplexed data were minimised by using a FOV/2 blipped-CAIPI gradient

scheme to apply relative in-plane shifts of the slices, thereby reducing the g-factor

of the reconstruction. The blipped-CAIPI modification to the rs-EPI sequence was

demonstrated with factor two slice acceleration and shown to be compatible with

the navigator correction and the navigator-based reacquisition. A comparison of

blipped-CAIPI rs-EPI and ss-EPI data in 2 mm and 1.5 mm isotropic DTI acqui-

sitions (60 directions, blipped-CAIPI rs-EPI scan times matched by 3 averages of

ss-EPI protocol) demonstrated the reduced blurring in rs-EPI as a consequence

of the shorter readout. Tractography using this data showed that rs-EPI clearly

delineated fibre tracts and dispersed less than ss-EPI although there were more

streamlines reaching cortex in the higher SNR ss-EPI data. The blipped-CAIPI

rs-EPI sequence was also used for high-resolution trace-weighted measurements

that would be useful for visualisation of small ischemic lesions, such as the one

shown in a 1.1⇥1.1⇥4 mm blipped-CAIPI rs-EPI trace-weighted image in a TIA

patient.

The 3D multi-slab rs-EPI sequence was implemented after considering possi-

ble acquisition trajectories and simulating their point-spread functions. Motion

artefacts were investigated in the chosen acquisition trajectory through simula-

tions that used a model for the non-linear motion of the brain. The simulation

environment informed on the efficacy of reconstruction approaches and the in-

fluence of slab thickness and b-value on image artefacts. A scheme to reorder

the acquisition of k-space shots at sequence run-time based on information from

the cardiac cycle was shown to substantially reduce image artefacts, by approxi-

mately 40% in a comparison of the variability in a time-series of repeated images.
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The reordering scheme ensures that cleaner data is acquired at the centre of 3D

k-space (where motion corruption has a larger effect on image quality) and min-

imises discontinuities and periodicity in signal amplitude and phase. The 2D

multi-slice rs-EPI sequence was modified to excite and encode 3D slabs and the

cardiac-reordering scheme was implemented. A decision on which k-space shot

to acquire at each excitation was made at sequence run-time based on the position

in the cardiac cycle determined from pulse oximeter information. The simulation

predictions were confirmed in experiment with approximately 50% reduction in

image artefacts compared to a conventional sequential k-space acquisition. The

residual image artefacts in the cardiac-reordered acquisition were shown to be

similar to those encountered in a standard ss-EPI acquisition. The multi-slab se-

quence required consideration of slab-joining artefacts, which were mitigated by

a combination of overlapping slabs and kz oversampling. A cardiac-reordered

1.5 mm isotropic trace-weighted acquisition was demonstrated as well as a pre-

liminary simultaneous multi-slab version using the methods from the work on

blipped-CAIPI rs-EPI.

7.2 Future Work

On-line Image Reconstruction

All of the image reconstruction of the modifications to the rs-EPI sequence pre-

sented in this thesis was performed off-line in Matlab. Image reconstruction on

the scanner requires software written in the Siemens ICE environment and trans-

lation of Matlab code to ICE was beyond the scope of this work. The ability

to view images on the scanner is clearly necessary before the modified rs-EPI

sequence can be distributed. Scanner reconstruction would facilitate use of the

sequence in clinical stroke settings and for DTI acquisitions for neuroscience re-
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search purposes. It would also enable developments to aspects of the sequence

related to the reacquisition of motion corrupted segments, which would be of in-

terest in blipped-CAIPI rs-EPI and 3D rs-EPI, as discussed in the relevant sections

below.

Blipped-CAIPI rs-EPI

In the blipped-CAIPI rs-EPI experiments the multiband pulses were designed

with a simple sum of two phase-modulated waveforms and therefore the num-

ber of slices was constrained by limits on B1 amplitude and SAR. A more so-

phisticated RF pulse design would allow simultaneous excitation of more than

two slices and hence improvements in slice acceleration, potentially to recently

demonstrated factors of 6-8 [194]. Two possible options are to use the VERSE

algorithm [169] to reduce the B1 amplitude of the existing pulses or PINS pulses

[170] where RF power is independent of the number of slices. Another simpler

strategy for summed pulses, would be to shift the peaks of the pulses relative

to each other in time, which reduces the peak B1 of the composite pulse and can

therefore be effective for reducing SAR. In highly-accelerated acquisitions the per-

formance of the unaliasing reconstruction is more important because the aliased

pixels are closer together and the interaction between aliasing due to separate in-

plane and slice acceleration must be considered. Hence the reconstruction should

be investigated further, including recently published improvements to the slice-

GRAPPA reconstruction [171].

In the case of two simultaneously excited slices, the navigator-based reacquisi-

tion was able to detect motion corruption in either of the slices because the distri-

bution width considers signal from all coil elements. In acquisitions with higher

slice acceleration it may be necessary to unalias the slice-multiplexed data on-line

so that corruption can be judged separately in each of the slices. This would
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require implementation of slice-GRAPPA ICE reconstruction. As an alternative

to on-line unaliasing, the distribution width could be evaluated on a coil-specific

basis so that the coils closest to each slice could be used to judge corruption.

3D rs-EPI

The multi-slab data suffers from residual artefacts at the interfaces between slabs

that are exacerbated by the low TR chosen to increase SNR efficiency and reduce

scan time. Further optimisation of RF pulses, slab overlap and kz oversampling

are required to improve the data. The possibilty of implementing a 3D navigator

correction in the sequence should also be explored.

The 3D experimental data in this thesis did not reacquire the shots with the

worst motion corruption as was done in the 2D sequences. Changes to scanner re-

construction code would allow navigator-based reacquisition, which currently is

not possible because the ICE code for the 2D sequence does not accept the 3D en-

coded data. Reacquistion is expected to improve the data quality and robustness

to motion artefacts.

The preliminary simultaneous multi-slab acquisition can be extended to in-

clude in-plane shifting of data from different slabs with the blipped-CAIPI slice

gradient scheme. The effect of through-slab blurring due to the gradient blips

and any interaction with the kz phase-encoding should be considered. This modi-

fication would improve the slab unaliasing reconstruction and allow excitation of

more closely-spaced slabs.

High-Resolution Data Acquisition at 7 T

Off-resonance artefacts and blurring increase with field strength and therefore rs-

EPI has a greater advantage over ss-EPI at 7 T. The reduction in artefacts by using

rs-EPI at 7 T has already been demonstrated with the original sequence [130].
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Also, the shorter echo times achievable with rs-EPI afford greater SNR or oppor-

tunity for stronger diffusion encoding, which is more noticeable at 7 T because T2

relaxation is faster. An obvious extension to the modified sequence would be to

acquire higher resolution data at 7 T. Even higher resolution of localised regions

could also be obtained by reducing the FOV as was recently demonstrated with

sub-millimetre DTI [195].

164



Appendix B

Algorithm for Cardiac Reordering of
k-space Shots

This Appendix provides Matlab code of the algorithm used in Chapter 6 to choose
which k-space shot to acquire based on the value of the cardiac phase, �c (phic
in the code). �c was calculated by dividing the time since the cardiac trigger, ttrig,
measured with a pulse oximeter placed on the index finger (a 200 ms delay time
was determined empirically), by the mean cardiac cycle duration, TRR (from the
previous 10 cardiac cycles), as shown in Eq. B.1.

�c = ttrig/TRR (B.1)

A cardiac phase of 0.4 - 0.6 was assumed to correspond to diastole and therefore
to be the optimum time to acquire data. The following algorithm was used to
determine the kz and kx shot indices (nz and nx, respectively):

% phic = cardiac phase

% Nx = number of kx shots (readout segments)

% Nx = number of kz phase�encodes

Ns = Nx

*

Nz;

nx middle = ceil(Nx/2); % index of central readout segment

Ns = Nx

*

Nz; % total number of shots

nx middle = ceil(Nx/2); % index of central kx readout segment

% shot index

ns = ceil(phic

*

Ns);

if rem(Nz,2)==0 % when the number of kz slices is even

% adjust shot index so that central kx readout segment ...

is the optimum shot (at phic=0.5)

ns = ns + nx middle;

% if ns becomes larger than Ns loop back to ns=1,2.. etc.

if ns > Ns

ns = ns � Ns;
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end

end

% determine kz and kx shot indices from ns

nz = ceil(ns/Nx);

nx = rem((ns�1),Nx) + 1;

% e.g. with Nx=5, Nz=8, phic = 0.5:

% ns = 23, nz=5 and nx=3
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