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CONTENTS

Abstract

This thesis covers the development of abdominal magnetic resonance imaging

(MRI) at the ultra-high field (UHF) of 7 Tesla (7 T). The advantages and

challenges of MR imaging at 7 T are introduced alongside an overview of a

parallel transmit system and its associated applications. Methods for mapping

the B+
1 field are outlined with a focus on the further adaptations required to

obtain accurate measurements at UHF.

Radio frequency (RF) safety is a major limiting factor for body imaging at 7 T

as the higher frequency can result in increased RF power deposition and poten-

tially dangerous temperature increases in biological tissue during imaging. This

heating effect is quantified by specific absorption rate (SAR) and is particularly

problematic for body MRI as traditional methods to mitigate risk result in longer

scan times or the sacrifice of spatial resolution. It is important to have accurate

SAR estimates to ensure subject safety and optimise imaging performance with-

out being over conservative. This thesis aimed to address this by developing a

pipeline for performing subject-specific local SAR simulations. Both intra- and

inter- subject variability in peak local SAR was investigated to assess the safety

factors in place for current average power limits and to inform future MR safety

decisions for body imaging at 7 T.

Development work and initial body imaging studies are presented. This includes

results from high resolution MR angiography of the kidneys, liver and abdom-

inal wall. T∗2-weighted images were also used to obtain T∗2 measurements in

the kidneys, liver, adipose and muscle tissues together with fat-water images.

Clinical applications of the developed imaging protocols and the techniques used

to overcome the challenges encountered at 7 T are discussed throughout.
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1 General Introduction

1.1 Historical Perspective

Magnetic Resonance Imaging (MRI) is a relatively recent addition to the world of

medical physics. X-ray imaging was discovered and applied to the human body

by Wilhelm Röntgen in 1895; ultrasound was first applied in the body for medical

purposes by George Ludwig in the late 1940’s, and Computed Tomography (CT)

was conceived by Godfrey Hounsfield in 1967. MRI requires no ionising radiation,

which can be a disadvantage of x-ray and CT, and produces sub-millimetre

resolution images with high contrast that cannot be achieved with ultrasound.

It provides a diverse range of contrast mechanisms and this allows for excellent

soft tissue differentiation aiding diagnosis of disease and the understanding of

anatomy and pathology in the human body.

MRI is the imaging application of the Nuclear Magnetic Resonance (NMR)

method which can be dated back to 1938. This was when Rabi extended the

Stern-Gerlach experiment (which had proved that angular momentum is quan-

tized in 1922) and demonstrated that molecules could be made to emit radio

waves at specific frequencies when in a magnetic field. Rabi was awarded the

Nobel Prize in Physics for this work in 1944. Then, in 1952, Bloch and Purcell

were awarded the Nobel Prize in Physics for NMR precision measurements in

solids and liquids.

After several more fundamental advancements in the field of NMR, in 1971

Damadian discovered that biological tissues had different relaxation properties

that could potentially be exploited to distinguish between cancerous and healthy

tissues [1]. This was shortly followed in 1973 by the first use of NMR to perform

imaging by Lauterbur [2] and the demonstration of the use of linear gradients

to localise the NMR signal on a slice-by-slice basis by Mansfield [3]. By the end

of the 1970’s whole-body MR images could be acquired. The 2003 Nobel Prize

in Physiology and Medicine was jointly awarded to Paul Lauterbur and Sir Peter

16



1.2 Existing Abdominal MRI Work at 7 T

Mansfield for their discoveries concerning MRI.

MRI pulse sequence developments such as spin warp imaging in 1980 by Edel-

stein [4] and Echo Planar Imaging (EPI) by Mansfield [3] secured the continued

clinical interest in the new medical technology. The advent of parallel imaging

techniques such as SENSE in 1999 [5] and GRAPPA in 2002 [6] accelerated

image acquisition and made whole-body MRI in the clinic possible [7].

Methods to exploit different contrast mechanisms have been developed for multi-

ple clinical applications. Prominent techniques include fat-water imaging; devel-

oped by Dixon in 1984 [8], MR angiography; first described in 1985 [9], diffusion

weighted imaging (DWI); established in 1985 [10], BOLD Functional Magnetic

Resonance Imaging (fMRI); reported in 1992 [11] and Chemical Exchange De-

pendent Saturation Transfer (CEST); demonstrated in 2000 [12]. All of these

methods have allowed MRI to provide quantitative evaluation of biological func-

tion at macroscopic, microscopic and molecular scales.

Key advancements in engineering include the introduction of superconducting

magnets; these enabled MR scanners to be produced with higher, more ho-

mogenous magnetic fields [13]. Since then, more sophisticated magnets have

been refined and shielding and magnetic gradient performance has improved. All

this, together with novel RF applications, has pushed MRI to increasingly high

magnetic field strengths.

1.2 Existing Abdominal MRI Work at 7 T

Research on 7 T MR systems originally focused on neurological and muscu-

loskeletal imaging [14] making significant diagnostic advancements in medicine

and psychology [15, 16]. Research and development have been focused on im-

proving the homogeneity of the excitation field to decrease artefacts experienced

at Ultra-High Field (UHF). This has made it possible to consider imaging over

larger fields of view, paving the way for body imaging research at 7 T.

As with the progression from 1.5 to 3 T [17], moving whole-body in vivo research
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from 3 to 7 T has required investigation of the safety implications and overall

benefits of imaging the body at higher field strengths [18]. Preliminary imaging

carried out by Metzger et al. in 2008 displayed the use of novel RF methods to

image the prostate [19]. In 2009, Vaughn et al. and Snyder et al. published

preliminary results from abdominal, thorax, cardiac and breast imaging [20]

[21]. Following on from their initial work, Metzger et al. published results from

non-contrast renal angiography [22] demonstrating superior images to contrast

enhanced images at lower field strengths. Wu et al. published 7 T liver images in

2011 and addressed the challenges of imaging large organs using RF pulse design

to improve uniform excitation [23]. Despite the technical challenges of imaging

the body at 7 T, these results showed the potential for gaining additional clinical

insight compared to 3 T data.

Advanced coil design and RF engineering concepts have been applied to enable

imaging of the whole body, spine and hip joints [24–26], pelvis [27], uterus and

rectum [28], heart [29, 30], liver [31–33] and breast [34]. Orzada et al. adopted

an alternative image reconstruction approach to mitigate the inhomogeneity in

7 T body images and have demonstrated the advantages of this approach by

imaging the liver [35].

7 T systems are now widely available internationally and were recently given FDA

approval to be used clinically for imaging the head and extremities to provide

diagnostic information that cannot be obtained or made available at 3 T. This

demonstrates the potential advantages for using 7 T systems as a diagnostic

tool for abdominal applications.

1.3 Overview of Thesis

The work in this thesis describes the development of abdominal imaging on a

Philips 7 T Achieva Multi-Transmit MR system. The following section outlines

the material covered in the remainder of this thesis.

Chapter 2 outlines the basic principles of NMR and describes the necessary
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background theory regarding spatial encoding, imaging sequences and imaging

techniques that underlie MRI.

Chapter 3 introduces concepts relevant to MRI in the context of UHF. This

includes the effect of the high magnetic field on relaxation mechanisms, the

advantages and disadvantages of imaging at 7 T and techniques developed to

overcome technical challenges. Parallel transmission technology (pTx) is intro-

duced and the differences between static and dynamic approaches are explained.

An overview of a parallel transmit MR system is given and includes an outline of

basic scanner operation and the hardware and software referenced throughout

this thesis.

The RF coil used for body imaging at 7 T is described providing details about

the transmit and receive modes of the coil and an investigation of the available

receive coil configurations is presented. The adaptations to RF power optimisa-

tion and SENSE methods that are required for 7 T body imaging are summarised

followed by the process used to construct a 7 T body phantom that was used

for calibration methods and assessing MR sequence development. Safety con-

siderations of 7 T MRI are explained, starting with the definition of Specific

Absorption Rate (SAR). RF modelling concepts including electromagnetic sim-

ulations using numerical methods and calculation of local SAR are covered and

include an investigation into an effective method for averaging SAR. Other safety

considerations concerning 7 T MRI are also discussed.

Chapter 4 gives an overview of B+
1 mapping techniques that are employed on

conventional and pTx systems. This includes descriptions of the variable flip

angle (VFA), actual flip angle imaging (AFI) and dual refocusing echo acqui-

sition mode (DREAM) methods; linear combination and relative B+
1 mapping

approaches; and additional techniques developed to improve the acquisition of

B+
1 information for pTx and 7 T body imaging applications. The work performed

to validate and develop B+
1 mapping in the body at 7 T is presented and methods

are proposed that have the potential to address the difficulties outlined.

19



1.3 Overview of Thesis

Chapter 5 covers RF modelling work performed for the evaluation of 7 T body

imaging. This involves the study of the variation in peak local SAR values in a

library of subject-specific body models. The underlying investigations required

to carry out this analysis are presented extensively in this chapter and include the

following sections; the comparison of simulated and experimental B+
1 distribu-

tions, the creation and validation of a simplified RF coil model, the development

of simplified subject-specific models and a study into intra-subject variability

with respect to changes induced in local SAR and B+
1 during respiration.

Chapter 6 outlines a high resolution, multi-echo, time-of-flight MR angiography

study in the kidneys, liver and abdominal wall of healthy subjects. The concept

of non-contrast MRA is described along with phase contrast angiography (PCA)

and time-of-flight (TOF) techniques. The advantages and challenges of MRA

at 7 T are discussed and initial PCA results in the liver are presented.

Chapter 7 presents preliminary quantitative abdominal imaging results which

include T∗2 measurements in abdominal tissues. Related results comprised of

fat-water images together with interesting anatomical findings in T∗2 weighted

images are also shown.

Chapter 8 concludes with an overview of the work in this thesis. An outline of

the future directions for B+
1 mapping and local SAR modelling are suggested

and how the MRI methods developed in healthy volunteers could be applied in

7 T patient body imaging studies.
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2 Theory

The following chapter will outline the basic principles behind Nuclear Magnetic

Resonance (NMR) and describe the fundamental concepts of Magnetic Reso-

nance Imaging (MRI) that are referenced throughout this thesis.

2.1 Nuclear Magnetic Resonance

2.1.1 Nuclear Magnetisation

NMR is the physical process that describes the behaviour of atomic nuclei when

exposed to an external magnetic field. Nuclei which contain an odd number of

protons or neutrons, possess intrinsic spin angular momentum J with magni-

tude

|J| = }
√
I(I + 1) (2.1)

where I is the dimensionless spin quantum number and } is the reduced Planck’s

constant. The nuclei are charged and so are also associated with a magnetic

moment µ through the following relation:

µ = γJ (2.2)

The gyromagnetic ratio, γ, is a constant that varies with atomic species. For

the hydrogen proton (1H), γ = 42.58 MHz/T. As γ is positive, µ is parallel to

the spin angular momentum. 1H is the most abundant nucleus in organic tissues

and generates the greatest NMR signal; for this reason, MRI is based on proton

imaging. Therefore, 1H will be the focus for the theory outlined in the following

sections.
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2.1.2 Precession in a Magnetic Field

A spinning proton with rotating charge can be modelled as a dipole which pro-

duces a magnetic field as shown in Figure 2.1. When a dipole is placed into

a magnetic field its magnetic moment, µ, experiences a turning force called

torque, τ , which tries to align it with the applied field.

Figure 2.1: A spinning proton rotating with frequency ω and angular momentum
L produces a magnetic field. The magnetic moment of the proton is in the same
direction as the angular momentum.

When subjected to a magnetic field, B, as the proton is spinning, it undergoes

precession which is analogous to the gyroscope effect demonstrated in Figure

2.2. The torque experienced by the proton is:

τ = µ×B (2.3)

In classical mechanics, the change in intrinsic spin angular momentum, dJ
dt

, can

also be used to describe torque. Torque is perpendicular to µ and B0 (and

also J since µ is parallel to J). As dJ
dt

is perpendicular to J, it undergoes

precession.

τ =
dJ

dt
= µ×B = γJ×B = γJBsinθ (2.4)

Precession is maintained without loss or gain of energy as long as B is contin-

27



2.1 Nuclear Magnetic Resonance

Figure 2.2: Geometry of precession.

uously applied. The geometry in Figure 2.2 shows that:

dJ = Jsinθdφ (2.5)

The angular frequency of precession is given as the change in φ:

ω =
dφ

dt
(2.6)

By combining Equations 2.4, 2.5 and 2.6 an expression for the Larmor frequency,

ω0 is obtained:

ω0 = γB (2.7)

This frequency is directly proportional to the magnetic field strength and is

explained in more detail in subsequent sections.
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2.1.3 Energy Quantization

In quantum mechanics a magnetic dipole moment, µ, has a restricted number of

orientations defined by the spin quantum number, ml. The number of possible

orientations that correspond to different states is given by (2I + 1). For protons,

I = 1
2

and so two different possible spin states exist, ml = +1
2

(“spin-up”) and

ml = −1
2

(“spin-down”).

This gives rise to two angular momentum states:

µ = ±γ~
2
ẑ (2.8)

The potential energy of a magnetic dipole in the presence of a static magnetic

field with strength B0 directed along the z direction is the work done rotating

the dipole within that field:

E = −µ ·B = −µzB0 = −γ~mlB0 (2.9)

As ml = ±1
2
, two energy levels exist for protons corresponding to the two spin

states that are created when B0 is applied (this is called the Zeeman effect).

These states have energies equal to:

E± = ±γ~B0

2
(2.10)

The difference in energy between these two levels, ∆E, is equal to hν. Tran-

sitions between these energy levels occur when radiation with frequency ν is

applied.

2.1.4 Energy Level Populations

Thermal fluctuations mean that spins do not always exist in the lower energy

state. At thermal equilibrium there is a net difference in the population of spins
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split between the two energy levels. The Boltzmann distribution characterises the

number of spins expected in each spin-up (N+) or -down (N−) configuration and

depends on the difference in energy between the two levels (∆E), Boltzmann’s

constant (kB) and temperature (T ):

N+

N−
= exp

[∆E

kBT

]
(2.11)

As ∆E << kB, the population difference is low, and the Boltzmann distribution

can be approximated to

N+

N−
≈ 1 +

∆E

kBT
(2.12)

Combining Equations 2.12 and 2.10 gives

N+ −N− = N−
γ~B0

kBT
(2.13)

If the population difference, n, is very small N− can be approximated to N
2

where N is the total number of spins. The expression for population difference

then becomes

n = N+ −N− = N
γ~B0

2kBT
(2.14)

When electromagnetic radiation is applied at the Larmor frequency, ω0, protons

transition between the spin-up and spin-down states. Increasing the static mag-

netic field, B0, will increase the population difference between the energy levels

(by increasing ∆E, see Figure 2.3) and increase the sensitivity of NMR measure-

ments. Decreasing the temperature T will also have a similar effect.

When B0 is applied proton spins precess with random phase, with an excess of

spins in the spin-up state (lower energy state). The population difference leads

to generation of net magnetisation, M0, parallel to B0 (in the z direction) and
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Figure 2.3: Energy difference between spin up and spin down states as a function
of magnetic field strength, B0.

is given by the sum of all the magnetic moments produced by all the spins in

the system

M0 =
N∑
n=1

µz (2.15)

Spin up and down states cancel each other out and so it is only the population

difference that contributes towards the net magnetisation:

M0 = nµz = N
γ2~2B0

4kBT
ẑ (2.16)

Net magnetisation (or bulk magnetisation) is the concept that explains NMR on

a macroscopic scale. The concepts outlined in this section are demonstrated in

Figure 2.4.
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(a) No external
magnetic field
applied. Net
magnetisation is
zero.

(b) External mag-
netic field, B0, ap-
plied. Net magneti-
sation = M0. Spins
favour the lower en-
ergy state of being
aligned with B0.

(c) Population difference between spin-
up and spin-down energy states induced
by B0. The excess spins in the lower
energy state contribute to the net mag-
netisation that can be detected.

Figure 2.4: Behaviour of 1H protons in an external magnetic field, B0.

2.1.5 Excitation and Detection in NMR

2.1.5.1 RF Pulses

An additional magnetic field is used to induce transitions between the Zeeman

energy levels. This magnetic field is known as B1 and oscillates at frequency

ω1 close to the Larmor frequency. This ensures that it is synchronised with

the precessing spins so that the transfer of energy to the system is maximally

efficient. Typically, these frequencies are in the RF range and so B1 is also

referred to as the RF field.

It is easiest to consider RF pulses in a rotating frame of reference. The lab frame

is defined with x, y and z coordinates and the B1 field and spins are rotating

around z. In the rotating frame, coordinates defined by x’, y’ and z’ rotate at

frequency ω1 so the B1 field and spins appear static.

An imaginary field is applied with amplitude ω1/γ that cancels the precessional

motion. As long as ω1 ≈ ω0, B0 transforms approximately to zero and the effect

from the main magnetic field disappears. Therefore, the only magnetic field

acting is the static B1 field. The magnetisation, M, now precesses around B1

in a process called nutation. This is demonstrated in Figure 2.5.
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Figure 2.5: The evolution of net magnetisation M after the application of an
on-resonance RF pulse in the (a) laboratory frame and (b) rotating frame of
reference.

The B1 field is circularly polarised and applied perpendicular to B0. The +ω1

component appears static in the rotating frame of reference, whereas the -ω1

component appears to rotate at -2ω1. Therefore, only B+
1 is effective in inducing

precession [1, 2]. In summary; considering a B1 field applied along the x axis,

the magnetisation precesses around B1 and the net magnetisation rotates in the

y’, z’ plane (see Figure 2.5 (b)).

The duration and amplitude of an RF pulse controls the amount that the net

magnetisation rotates. This effect is known as tipping and the angle through

which the magnetisation is rotated is called the flip angle, α. The flip angle

produced depends on the integral of the gyromagnetic ratio, γ and the RF mod-

ulation envelope, B1(t), calculated over the duration of the RF pulse, tp:

α = γ

∫ t=tp

t=0

B1(t)dt (2.17)

Conventionally, RF pulses are referred to by the angle through which they rotate

M. A 180◦ pulse tips the magnetisation, originally orientated along +z, along

-z so that it is inverted. A 90◦ pulse tips the magnetisation into the transverse

plane where the magnetisation is said to be excited or saturated.

The RF pulses are produced by RF transmit coils which are tuned to the required
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resonant frequency. These can be located either within the inner walls of the

scanner or as free-standing devices placed on the patient, connected by cables

to the scanner. Further details about the RF transmit chain are covered in the

Chapter 3.

2.1.5.2 Signal Detection

By the end of the application of a 90◦ RF pulse, the net magnetisation is tipped

into the transverse plane, all the spins are in phase and there is no net popula-

tion difference. When the RF pulse is turned off, the transverse magnetisation

created, Mxy, starts to precess about B0 at the Larmor frequency.

The rotating Mxy magnetisation is responsible for generating the NMR signal

through Faraday’s Law of Induction by inducing an oscillating voltage that causes

current to flow in a pick-up coil that is tuned to RF frequencies (see Figure 2.6).

The induced voltage is the NMR signal and is detected via a process called phase

sensitive detection.

Figure 2.6: MR signal detection: precessing magnetisation induces a current in
a receive coil that creates a FID signal.

The NMR signal is also an RF signal, just like the excitation pulse. However, the

excitation pulse is many magnitudes greater than the induced signal. To avoid

the RF pulse damaging the receiver, the signal detection hardware is gated off

during the RF pulse.
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2.1.5.3 Free Induction Decay

The NMR signal generated by a single RF pulse is a free induction decay (FID).

This is a damped oscillatory signal recorded when the net magnetisation is tipped

into the transverse plane. The signal decays exponentially due to interactions

between individual spins and their surrounding environments.

2.1.6 Relaxation

As the NMR signal decreases over time, energy is released, and the magnetisation

M returns to thermal equilibrium (parallel to B0) with a magnitude equal to M0.

This process is called relaxation and is the phenomenon that gives rise to the

contrast generated in MR images.

2.1.6.1 The Bloch Equations

The rate of change of magnetisation (with components Mx, My and Mz) due

to the magnetic field B(t), was originally described by Bloch as

dM

dt
= γ|M×B| (2.18)

This can be extended to characterise the relaxation process, in the rotating

frame, using two time constants, T1 and T2.

dM

dt
= γ(M×B)− Mx

T2

x̂− My

T2

ŷ − (Mz −M0)

T1

ẑ (2.19)

These are empirical equations that describe the magnetisation of a spin sys-

tem over time during relaxation which is determined by various physical pro-

cesses.
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2.1.6.2 Longitudinal Recovery

The process through which the spin system returns to equilibrium after absorbing

RF energy from the application of the RF pulse is called longitudinal recovery

and is described by the relaxation time constant T1. T1 is a measure of the

time that it takes for the net magnetisation to grow to (1 - 1/e), ∼ 63 %, of

M0.

This involves relaxing spins transferring heat energy to the surrounding environ-

ment and returning M to the lower energy state parallel to B0. For this reason,

the longitudinal recovery mechanism is also called spin-lattice, thermal or T1

relaxation. A T1 recovery curve is demonstrated in Figure 2.7 (a).

t

Mz

63% of M0

Mz = M0(1 � e
�t
T1 )

M0

T1

(a)

t

Mz

Mz = M0e
� t

T2

37% of M0

T2

M0

(b)

Figure 2.7: (a) T1 Recovery and (b) T2 Decay Curves.

2.1.6.3 Measurement of T1 Relaxation

The recovery of the longitudinal magnetisation Mz(t) after an RF pulse can be

described by solving Equation 2.19 to obtain the following expression:

Mz(t) = M0

[
1− exp

(
− t

T1

)]
+Mz(0)exp

(
− t

T1

)
(2.20)

where Mz(0) is the longitudinal magnetisation at t = 0. In a saturation recovery
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experiment, a 90◦ RF pulse is used to tip the magnetisation into the xy plane.

Here, at t = 0, Mz(0) = 0 and therefore the equation above can be simplified

to:

Mz(t) = M0[1− exp(− t

T1

)] (2.21)

Usually, an inversion recovery experiment is used for measuring T1. A 180◦ RF

pulse fully inverts the magnetisation to -Mz before returning to M0 with time

constant T1. After a specified time TI (inversion time) a 90◦ RF pulse is applied

to flip longitudinal magnetisation into the transverse plane to create signal. In

this case the boundary conditions assume that Mz(0) = -M0 and that at TI

time later the longitudinal magnetisation has recovered to an arbitrary value of

Mz(t). Equation 2.20 can then be simplified to:

Mz(t) = M0[1− 2exp(− t

T1

)] (2.22)

The signal depends on the size of Mz prior to the 90◦ pulse. To fully characterise

T1, TI is varied and multiple measurements are made to sample Mz during

the full recovery of longitudinal magnetisation. An example of a T1 inversion

recovery curve is shown in Figure 2.8.

2.1.6.4 Transverse Relaxation

Once the spins have been tipped into the transverse plane, they precess around

the z-axis at the Larmor frequency. Changes in the local magnetic fields alter the

precession frequencies of individual spins causing the spins lose their overall phase

coherence and to fan out as demonstrated in Figure 2.9. It is this dephasing

of the spins in the xy-plane that causes transverse relaxation. The contribution

to the decay of the NMR signal is modelled as an exponential decay with time

constant T2.

In real systems the observed T2 decay is quicker than predicted due to additional
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t
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Mz = M0(1− 2e
− t

T1 )
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−M0

Figure 2.8: Example of T1 Inversion Recovery Curve

Figure 2.9: T2 relaxation: loss of phase coherence and decay of transverse
magnetisation, Mxy.

dephasing effects from local field inhomogeneities. Therefore, the observed de-

cay is described by the time constant T∗2. The T∗2 decay results from additional

static B0 inhomogeneities caused by underlying imperfections in the magnet or

changes in magnetic susceptibility that induce a variation in the applied field.

The relaxation time associated with the additional dephasing effects due to

static field inhomogeneities is T
′
2. The T

′
2 processes do not vary with time and

so it is possible to rephase these effects. However, true T2 processes cannot be

rephased as they are related to time-varying effects (such as spin exchange or

moving spins). The relationship between true T2, observed T∗2 and T
′
2 is
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1

T ∗2
=

1

T2

+
1

T
′
2

(2.23)

2.1.6.5 Measurement of T2 Relaxation

In order to measure T2, the static field inhomogeneity effects, T
′
2, need to be

eliminated. This can be achieved by using a spin-echo sequence to refocus the

additional dephasing allowing for the quantitative measurement of T2.

Figure 2.10: Spin echo sequence: a spin echo is created by two RF pulses. The
first 90◦ RF pulse generates an FID, while the second 180◦ pulse generates the
spin echo. The echo time (TE) is twice the interval between these two pulses.

Figure 2.10 displays a spin-echo sequence; at t = 0 a 90◦ RF pulse creates

Mxy and all spins are in-phase. Inhomogeneities in the B0 field mean that spins

exposed to a higher magnetic field precess faster than the Larmor frequency

whereas spins in lower magnetic fields precess slower than the Larmor frequency.

This results in the spins fanning out and losing their phase coherence (see Figure

2.11).

At time t = T later each spin has accrued a phase shift of φ and a 180◦ refocusing

RF pulse is applied. This reverses Mxy so that the phase shift is also reversed.
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Figure 2.11: Spin echo formation: after a 90◦ pulse spins are initially all in-
phase. As time evolves spins fan out due to phase accumulation. After the 180◦

pulse spins are flipped and come back into phase and form a spin echo which
induces a detectable signal.

At t = 2T, the spins have accumulated a phase shift of -φ and the signal is

refocused.

However, time dependent T2 processes mean that the fields are constantly vary-

ing and so not all spins are rephased exactly. This causes a decay in signal

which can be described by exp(−t
T2

). Multiple measurements of the signal decay

are made by varying the echo time (TE) in the spin-echo sequence. An expo-

nential fit is applied to fit for T2 which corresponds to the time it takes for Mxy

to decay to 1/e (∼ 37 %) of its initial maximum value.

2.1.6.6 Measurement of T∗2 Relaxation

After a 90◦ RF pulse is applied, an FID signal results that can be described

by exp(−t
T ∗2

). By measuring the amplitude of the signal at different times, t, an

exponential fit can be applied and T∗2 can be quantified.

2.1.6.7 Correlation Time

There are many processes that cause T1 and T2 relaxation; the main one of inter-

est for 1H is the dipole-dipole interaction. The rotational motion of a molecule

has the greatest influence on the dipole-dipole interactions and is known as the

molecular tumbling rate. Molecular tumbling is determined by the correlation

time, τc, which is defined as the time it takes a molecule to rotate 1 radian.

Larger molecules have longer correlation times as they tend to rotate more slowly.

Correlation time also depends on the kinetic energy of each individual molecule

which can vary with a sample.
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The dependence of the T1 and T2 of protons on molecular tumbling rate is

demonstrated in Figure 2.12. Macromolecules with slow molecular tumbling

rates have high T1 and low T2, as opposed to free water which has both a

long T1 and T2. Relaxation rates therefore have dependence on the applied

magnetic field strength (B0) due to its direct influence on the Larmor frequency

(ω0).

Figure 2.12: T1 and T2 vs. molecule size and molecular tumbling rate.

2.1.7 Chemical Shift

The resonance frequency of 1H is determined not just by B0, but by the local

field (Bloc) created by the atomic scale chemical environment that it experiences.

Electrons shield the nuclei from the magnetic field (characterised by the shielding

factor, σ) and this results in a difference between Bloc and B0:

Bloc = B0(1− σ) (2.24)

Therefore, 1H nuclei attached to different molecules experience their own par-

ticular magnetic fields and do not have the same resonant frequency. The differ-

ence between the Larmor frequencies is exploited in Magnetic Resonance Spec-

troscopy (MRS) to identify the relative abundance of chemical species within a
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sample. This is achieved by collecting a spectrum and comparing the peaks to

a reference standard. The chemical shift of a particular species, δ, is measured

in parts per million (ppm) and calculated as

δ =
fsignal − freference

freference
(2.25)

2.1.8 Contrast in MRI

MR images have different T1 and T2 weighting depending on which MR pulse

sequence and timings were used to generate the NMR signals. For example, in

an inversion recovery sequence the inversion time (TI) controls the T1 contrast

between tissues; whereas in a spin-echo sequence it is the echo time (TE) that

controls the T2 contrast in the final image. The ability to vary the contrast

between different soft tissues is a unique component of MR imaging.

2.2 Magnetic Resonance Imaging

2.2.1 MR Encoding

2.2.1.1 Spatial Encoding using Gradients

MRI employs spatially varying magnetic field gradients, G, to change the Larmor

frequency across a sample. These gradients can be written as a tensor

G =

 î̂i
δBx

δx
îĵ δBx

δy
îk̂ δBx

δz

ĵ î δBy

δx
ĵĵ δBy

δy
ĵk̂ δBy

δz

k̂î δBz

δx
k̂ĵ δBz

δy
k̂k̂ δBz

δz

 (2.26)

Since the direction of the main magnetic field is along the z axis, Bx and By are

generally neglected and the tensor can be reduced to

G =
δBz

δx
î +

δBz

δy
ĵ +

δBz

δz
k̂ (2.27)
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B0 is directed along the z axis and the gradients alter its strength. This results

in the change of precession frequencies of the transverse magnetisation in each

unique location. The effective magnetic field produced by the main magnetic

field, B0, and the applied gradients at location r is

B(r) = B0 + G.r (2.28)

Which means the associated Larmor frequency at this point is

ω0(r) = γ(B0 + G.r) (2.29)

Spatial alteration of the Larmor frequency is the basis of MR imaging and allows

for 3D samples to be imaged.

2.2.1.2 Gradient Coils

Gradient coils lie inside the bore of the MR scanner and are designed such

that they produce the required linearly varying magnetic fields. The gradient

fields distort the main magnetic field in predetermined patterns, causing the

resonance frequency of protons to vary as a function of their position. Three

sets of gradient coils are used in standard MR systems; the x-, y- and z-gradients

(Gx, Gy and Gz). Common coil designs used in cylindrical whole-body imaging

systems are the Maxwell pair and Golay configurations.

2.2.1.3 Slice Selection

When a magnetic field gradient is applied along an axis perpendicular to the plane

of the desired slice (this would be the z direction for an axial slice) this causes

the the Larmor frequency to vary along the axis. To select the desired slice for

imaging, a tailored RF pulse is applied over a narrow bandwidth of frequencies

that excites the spins within the specific frequency range that corresponds to

the target slice. This process selects the image slice perpendicular to the z axis

(for the axial slice) as shown in Figure 2.13.
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Figure 2.13: Demonstration of slice selection gradient.

The Fourier transform of the RF pulse shape can approximate the excited slice

profile in the case of small flip angles and this is described by the small tip

angle approximation. This approximation breaks down for larger flip angles due

to the non-linearities of the Bloch equations. The ideal slice profile excites all

spins within the slice and leaves all spins outwith the desired frequency range

unaffected; i.e. a “top-hat” profile. The Fourier transform of this shape is a

sinc function with an infinite number of side lobes. In practice, adopized sinc

RF pulses are used which are truncated and so the top hat excitation profile is

imperfect as it is missing the high frequency information required to produce

the sharp edges of the desired profile (this is illustrated in Figure 2.14).

The thickness of the imaging slice, ∆z, is determined by the strength of the

gradient in the z direction, Gz, and the bandwidth of the RF pulse ∆ω. Gz de-

termines the range of Larmor frequencies across the sample and ∆ω determines

the range of frequencies that are excited through the following expression

∆z =
∆ω

γGz

(2.30)

Figure 2.15 demonstrates the effect of increasing the gradient strength, Gz, and

RF pulse bandwidth, ∆ω, on slice thickness. Increasing the gradient strength

produces a thinner imaging slice and increasing the bandwidth produces a thicker

imaging slice.
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Ideal sinc pulse Ideal top hat function

Truncated sinc pulse Imperfect top hat function

Figure 2.14: Illustration of ideal versus achievable excitation profiles. In the
ideal case, the excitation profile produced in response to a sinc pulse resembles
a top hat function. In reality, an infinite number of lobes in the sinc pulse is
not possible and so an apodized, truncated sinc pulse is used which produces an
imperfect excitation profile.

(a) Default Gz and band-
width.

(b) Increased Gz results
in thinner ∆z.

(c) Increased bandwidth
results in thicker ∆z.

Figure 2.15: Effect of gradient strength Gz and bandwidth of the RF pulse, ∆ω,
of slice thickness ∆z.

Selective excitation is achieved by applying the gradient and RF pulse at the

same time. After the RF pulse has been applied the magnetic field gradient

in the z direction can be turned off as the required spins have already been

excited. However, the application of RF pulse and magnetic field gradient will

have produced phase differences across the slice which causes additional spin
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dephasing and signal loss. Therefore, a gradient of equal and opposite magnitude

of half the original duration is applied so that the dephasing effect is reversed.

Figure 2.16 illustrates the pulse sequence required for slice selection.

Figure 2.16: Demonstration of RF excitation pulse and slice selection gradients
used to rephase spins and maximise resulting signal. tp is the duration of the
RF pulse and slice select gradient.

2.2.1.4 Frequency Encoding

Once an imaging slice has been selected, only the spins within this region will

be affected by the magnetic field gradients. The resulting magnetisation can be

detected using the same principals as slice selection and spatially encoding the

slice using the magnetic field gradients.

Frequency encoding gradients are applied in the x direction so that the Larmor

frequency of spins along the x plane vary as

ω(x) = γ(B0 + xGx) (2.31)

In the rotating frame of reference this can be simplified to:

ω(x) = γxGx (2.32)
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The measured signal, S(r, t), is a function of position, r, sample time t, spin

density ρ(r) and the integral over all the distinct precessional frequencies of the

spins in the slice during readout duration, τ :

S(r, t) ∝ ρ(r)ei
∫
ω(r,τ)dτ (2.33)

The signal from a whole sample volume V can be expressed as:

S(t) ∝
∫
V

ρ(r)ei
∫ t
0 ω(r,τ)dτdV (2.34)

The precession frequency of each spin is determined by the magnetic field ex-

perienced at its specific location. Therefore, Equations 2.32 and 2.34 can be

combined as

S(t) ∝
∫
V

ρ(r)eiγ
∫ t
0 r.G(τ)dτdV (2.35)

where G(τ) is the total gradient applied in all directions. The phase accumulated

by the spins due to G(τ) can be described using the wave number, k:

k(t) = γ

∫ t

0

G(τ)dτ (2.36)

Combining these equations gives

S(k) ∝
∫
V

ρ(k)e(irk(t))dV (2.37)

Equation 2.37 has the form of an inverse Fourier Transform. A Fourier Transform

takes time domain information and converts it to the frequency domain, which

is key to the spatial encoding required in MRI (see Figure 2.17). Applying a

Fourier Transform to the signal results in the proton density:
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ρ(k) ∝
∫
S(k)e(−irk(t))dV (2.38)

Figure 2.17: Illustration of Fourier transform operation converting time domain
signals into the space domain.

This is how an MR image is produced, by acquiring NMR signals at a range

of different frequencies and solving the Fourier Transform for proton density

information at each location. A schematic demonstration of frequency encoding

is shown in Figure 2.18.

(a) (b)

Figure 2.18: Frequency encoding: when a magnetic field gradient is applied
along the x direction, the Larmor frequencies (ωL) vary with x position. The
measured signal is a function of all detected spin frequencies, a Fourier Transform
is used to calculate the proton density at each specific location.
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2.2.1.5 Phase Encoding

Phase encoding is used to spatially encode the spins in a sample in the y di-

rection in order to localise the signal fully in 3D space. It involves applying a

second magnetic field gradient along the y direction (or perpendicular to the

frequency encoding gradient) temporarily so that the precessional frequencies

are temporarily increased before returning to the Larmor frequency.

The precession frequency whilst the gradient is applied, is given by

ω(y) = γ(B0 + yGy) (2.39)

A phase shift, φ(y), at position y, is induced in the detected signal which is

dependent on the duration and magnitude of the of the applied gradient:

φ(y) = γy

∫ t

0

Gy(t)dt (2.40)

Which can be simplified using Equation 2.36 to

φ = yky (2.41)

The magnitude of the gradient is successively changed, and its duration kept

constant, so that different phase shifts are applied to the signal. The position

along the y axis can then be identified as the rate that the phase changes depends

on its location along the y direction (see Figure 2.19 for demonstration of phase

encoding).

In the centre of the gradients used for frequency and phase encoding there is

no frequency or phase shifts in the sample. This allows for gradients that range

from a negative to an equal but positive amplitude.
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Figure 2.19: Demonstration of phase encoding; a gradient applied in the y
direction induces a linear phase shift in the detected ω signal which depend on
the position of the spins in the y direction. This allows the distinct yellow and
green box locations to be identified.

2.2.1.6 k-Space

MR encoding is best understood using the concept of k-space where k is the

wave number (the number of waves per unit space also known as the spatial

frequency) which is inversely proportional to wavelength. k is characteristic of

the signal being collected and is directly related to the gradient applied across

a sample. By changing the amplitude and duration of the gradients over time

(by applying frequency and phase encoding), points in k-space can be sampled

along certain paths called k-space trajectories.

Figure 2.20 demonstrates how k-space is sampled on a Cartesian grid, starting

at the centre of k-space where the spins are in phase following application of

the slice select gradients. Applying identical x and y direction gradients (blue

gradients) results in a diagonal route across k-space (blue line). A negative x

gradient (red gradient) results in movement along the -kx direction (red line).

Similarly, a negative y gradient (orange gradient) causes movement in the -ky
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direction. Finally, both negative x and y gradients (green gradients) cause a

reverse diagonal route through k-space (green line).

Figure 2.20: Demonstration of how gradients are used to traverse k-space. The
pattern in which this is performed is called a k-space trajectory.

Each sample of signal is directly projected onto a specific location in k-space.

Once k-space has been sampled to the desired extent an inverse Fourier Trans-

form is applied to convert the measured spatial frequency content into image

space (see Figure 2.21). The higher spatial frequencies that are responsible

for sharp edges and high-resolution details originate from the outer regions of

k-space and require higher and longer gradients.

The field of view of the image is given by

FOVx =
1

∆kx
FOVy =

1

∆ky
(2.42)

The resolution of k-space is given by the maximum value of k-space.
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Figure 2.21: Image space and k-space are related through the Fourier Transform.
The field of view of the image is linked to the sampling of kx and ky.

2.2.2 MR Imaging Sequences and Techniques

Many MR imaging sequences have been introduced that vary the way in which

k-space is sampled. There are roughly two classes of sequences; the Gradient

Recalled Echo (GRE) and Spin-Echo (SE). GRE based sequences provide T1

and T∗2 weighted image contrast depending on MR parameters selected for the

acquisition and SE sequences generate T2 weighted images. Only GRE sequences

were used for the work in this thesis and are outlined in this section. Spin warp

imaging, EPI and FLASH imaging sequences are explained; then parallel imaging

is presented followed by the concept of field mapping and finally this section

concludes with an overview of Dixon imaging.

2.2.2.1 Spin Warp Imaging

An early development in MR imaging was that of spin warp imaging. It is

considered the “bread and butter” MR encoding method and uses successive

application of phase- and frequency-encoding gradients. It is a 2D acquisition

method which means the signals are acquired for each slice individually and
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requires multiple RF excitations in order to fully sample a single slice.

A 2D gradient echo pulse sequence using spin-warp imaging is illustrated in Fig-

ure 2.22. An RF pulse is applied to excite the slice (using slice select gradients),

followed by short phase and frequency encoding gradients which spatially encode

the signal in x and y directions. Applying a second frequency encoding gradient

reverses the frequency dephasing and produces an echo. Conventionally, there is

one readout measurement per RF excitation which means that in every excitation

the spatial frequencies of the readout direction are fully sampled.

Figure 2.22: Illustration of k-space trajectory and MR pulse sequence diagram
for a 2D-spin warp imaging sequence.

The echo produced represents a single phase encoding step. Therefore, in order

to produce a complete image, this sequence is repeated multiple times with

different phase encoding amplitudes in order to sample all the spatial frequencies

required to build up k-space. It is also necessary to wait for magnetisation to

fully recover before the next line of k-space can be sampled. This waiting time

is known as the repetition time (TR) and can be long when large flip angles are

used. These reasons mean that acquisition times for spin warp imaging can be

very slow for high-resolution images.
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2.2.2.2 Echo Planar Imaging

EPI is a fast acquisition method which samples the whole of k-space following a

single RF excitation pulse. It was first conceived by Sir Peter Mansfield in 1977

[3].

Figure 2.23: Illustration of k-space trajectory and MR pulse sequence diagram
for a 2D-EPI sequence. The recorded signal decays according to T∗2.

Similar to spin warp imaging, EPI starts with an RF excitation pulse and slice

select gradients followed by short duration phase and frequency encoding gra-

dients that spatially encode the signal in x and y directions. This sends the

k-space trajectory to the edge of k-space (Figure 2.23 - black line). A frequency

gradient of equal but opposite magnitude is applied to rephase the signal in the

kx direction and the signal is acquired (Figure 2.23 - red line). A small phase

encoding blip is then applied which causes the k-space trajectory to move up

a line in k-space (Figure 2.23 - light blue line). Practically, this is achieved by

adjusting the phase shifts of the signals. Another frequency encoding gradient of

equal but opposite magnitude is then applied to sample the next line of k-space

in the opposite direction (Figure 2.23 - yellow line). The process of applying

the phase encoding blips and switching the polarity of the frequency encoding

gradients eventually results in the full coverage of k-space.

Signal is recorded during each of the alternating frequency encoding gradients

where the maximum amplitude of the echo occurs at the mid-point of each lobe.
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The amplitude of the recorded signal decays at a rate defined by T∗2.

Total scan time for EPI can be less than 100 ms, which means that motion

artefacts can be reduced, and the temporal resolution (SNR/time) is high com-

pared with other imaging methods making it highly favourable for dynamic stud-

ies. However, these advantages depend on the intrinsic SNR and high gradient

switching rates which are required to sample the entirety of k-space. EPI is

also very sensitive to B0 homogeneity and is prone to signal loss and distortion

artefacts. 2D EPI is not implemented in this thesis but is included for its his-

torical significance and use in body imaging applications at conventional field

strengths.

2.2.2.3 Fast Low Angle Shot Imaging

Fast Low Angle Shot (FLASH) imaging is an extension of the 2D gradient echo

spin warp imaging sequence outlined at the beginning of this section. FLASH

uses low flip angle RF pulses which allow for the TR to be shorter and spoiler

gradients combined with incremental phase shifts to remove unwanted stimu-

lated echo effects that may arise and corrupt the final image. Stimulated echoes

occur due to the refocusing of magnetisation that was initialised by RF excitation

in earlier repetitions1.

The FLASH sequence is illustrated in Figure 2.24. The spoiler gradients dephase

the spins in each voxel so that there is no transverse magnetisation left by the

time the next RF excitation pulse is applied in the next TR. Additional rewinder

gradient lobes are introduced that are opposite to the phase encoding gradients

and these restore spin coherence in the phase encode direction.

The spoiler gradients destroy any remaining spin coherence at the end of the TR,

without affecting the longitudinal component of magnetisation. After several

repetitions a steady state of magnetisation, Mss, is reached where both T1

relaxation and excitation effects are stabilised. In the steady state the following

1Stimulated echoes are not always considered an artefact, some sequences use them to
their advantage [4]
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Figure 2.24: FLASH MR sequence diagram. Spoiler gradients along the slice
select and readout directions are shaded turquoise.

equation for Mss applies:

Mss =
M0(1− e

−TR
T1 )

1− e
−TR
T1 cos(θ)

(2.43)

This allows for the Ernst angle corresponding to the maximum signal for a given

TR to be calculated via:

θE = arccos(e
−TR
T1 ) (2.44)

This shows that maximum signal can be achieved for a small flip angle and short

TR.

56



2.2 Magnetic Resonance Imaging

2.2.2.4 Parallel Imaging

Rapid image acquisition is necessary for using MRI for routine clinical use.

Shorter imaging times result in higher patient throughput, potential for dynamic

imaging and improved imaging of organs susceptible to motion. However, there

is a trade-off between imaging speed and the signal and contrast to noise ratios

(SNR/CNR). In normal MR imaging multiple receiver coils collect the signals

and then these are combined to produce the full signal to form an image. Us-

ing multiple receiver coils improves SNR but does not make use of the varying

sensitivity of each coil.

Parallel imaging reduces scan time by reducing the number of phase encoding

lines in a Cartesian acquisition by an acceleration factor, R. The theoretical

maximum value of R is equal to the number of receive coils however, achieving

this artefact free is dependent on the overall geometry of the coils. Spatial

resolution (coverage of k-space) is kept constant thus reducing the total scan

time by R. An effect of increasing the distance between phase encoding lines

∆k is that the FOV is reduced. Therefore, if an object extends beyond the FOV

wrap around artefacts (also known as aliasing) can occur.

The spatial sensitivities of each receive coil are used to prevent this artefact and

provide information about the localisation of the signals. There are different

strategies that can be used for this; SiMultaneous Acquisition of Spatial Har-

monics (SMASH) [5], GeneRalized Autocalibrating Partially Parallel Acquisitions

(GRAPPA) [6] and SENSitivity Encoding (SENSE) [7]. Only SENSE is used for

the work in this thesis and is described in the rest of this section with reference

to Figure 2.25.

SENSE is an image space method where each receive coil k-space data sets are

Fourier transformed separately. This results in aliased images which are then

combined using weights calculated from coil sensitivity maps to give a single

final image with the wrap around artefact removed.
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Figure 2.25: Demonstration of sensitivity encoding using four coils and a SENSE
reduction factor of 4. Figure adapted from [8].

In each aliased image, the signal in each voxel, P , is the sum of the true signal

from voxels in the unaliased image, A and B.

P = A.SA +B.SB (2.45)

Using the relative coil sensitivity at each location of voxels A and B (SA and SB

respectively) the aliased images can be unfolded using simultaneous equations.

If a voxel contains signal from n parts of the image, there must be at least n

receive coils to unwrap it.

Unwrapping the aliased image magnifies the image noise which is spatially vary-

ing across the FOV. The noise is enhanced in areas where coil sensitivity is low.

The geometry factor, g, is used to express this noise enhancement.

2.2.3 Field Mapping

Mapping of both the main magnetic field, B0, and the applied radiofrequency

field, B+
1 , is necessary for the respective shimming calculations that are imple-

mented to homogenise both fields. This is essential for uniform excitation and

contrast in the final generated image.
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2.2.3.1 B0 Mapping

A map of the B0 distribution is acquired using a gradient echo sequence repeated

with two different echo times that are separated by a time ∆TE. The difference in

the phase ∆φ of the nuclei at the two different echo times is directly proportional

to the B0 inhomogeneity, ∆Bz(r), at that location and is given by

∆φ(r) = γ∆Bz(r)∆TE (2.46)

The local deviation of the B0 field is then calculated as

∆Bz(r) =
∆φ(r)

γ∆TE
(2.47)

2.2.3.2 B+
1 Mapping

B+
1 mapping is necessary when the exact flip angle distribution generated across

a field of view is required. This is the subject of Chapter 4 and is covered

extensively.

2.2.4 Dixon Method

The Dixon method [9] exploits the chemical shift properties of fat to produce

separate fat and water images. The resonant frequencies of fat and water are

different and therefore the fat and water signals go in and out of phase with

each other over time.

Two images are collected with different echo times (TE); the first image is

collected when fat (F) and water (W) are in-phase (IP), the second image is

collected when they are out-of-phase (OP) (see Figure 2.26). The signals in IP

and OP images can be described as:

SIP = SW + SF

SOP = SW − SF
(2.48)
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2.3 Conclusion

These equations can be rearranged and solved for SW and SF :

SW = 1
2
(SIP + SOP )

SF = 1
2
(SIP − SOP )

(2.49)

This allows for separate fat and water images to be reconstructed.

Figure 2.26: Example of Dixon method applied at 3 Tesla. Figure from http:

//mriquestions.com/dixon-method.html

More sophisticated Dixon methods acquire multiple images at different echo

times in order to gain more information about the fat composition of the sample,

as well as B0 inhomogeneities [10]. On Philips systems this scan is known as

mDIXON.

2.3 Conclusion

This chapter has introduced the basics of NMR required to understand how MRI

works. It has also discussed the physics behind the MR acquisition techniques

that are used throughout this thesis.
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3 Principles of 7 T Body Imaging

This chapter introduces the advantages and challenges of imaging at 7 T and the

methods designed to overcome these difficulties. The concept of Parallel Trans-

mission Technology (pTx) is introduced and it is explained how pTx systems are

necessary to achieve body imaging at 7 T compared with conventional imaging

at lower magnetic field strengths. An overview of the 7 T Multi-Transmit Philips

Achieva MRI system is given, outlining aspects of scanner operation, hardware

and software that are referred to throughout the rest of this thesis. The theory

of Specific Absorption Rate (SAR) and the regulatory limits placed upon it for

MR scanning is defined. Problems associated with SAR at 7 T and on pTx sys-

tems are explained in addition to how SAR distributions are modelled in order

to monitor and assess MR safety.

3.1 MRI at Ultra-High Field

There are several advantages of 7 T compared to lower field strengths. The

intrinsic Signal-to-Noise Ratio (SNR) is greater meaning that higher spatial res-

olutions can be used for studying small-scale anatomical structures and reducing

partial volume effects. Greater SNR also means that scan times can be shorter

as less averaging is required to collect the equivalent signal.

At UHF the underlying contrast mechanisms in MRI change. The effects of fun-

damental dipole-dipole interactions increase with B0 which leads to an increase

in the T1 relaxation time. Longer T1’s are beneficial for MR techniques which

require signal suppression such as Time-of-Flight (TOF) and Arterial Spin La-

belling (ASL), but mean that longer scan times are required to avoid suppression

in other imaging sequences. T2 relaxation times decrease with increasing B0,

and shorter T∗2 times occur due to the rise in susceptibility effects which can

cause additional geometric distortions and increased intravoxel dephasing. How-

ever, the shorter T∗2 times are beneficial for techniques like Blood Oxygen Level

Dependent (BOLD) imaging as the sensitivity of measurements is increased.
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3.1 MRI at Ultra-High Field

Lastly, the chemical shift effect is increased at UHF and can cause misregistra-

tion of fat and water in reconstructed images (see Figure 3.1) or alternatively

can be exploited for better fat saturation [1].

Figure 3.1: Demonstration of fat and water misregistration in reconstructed
Dixon images at 7 T.

The higher Larmor frequency, and consequently shorter Radiofrequency (RF)

wavelength (approximately 11 cm as demonstrated in Figure 3.2), produces non-

uniformities in the RF transmit and receive fields which are much greater than

those experienced at 1.5 and 3 T. This means that conventional RF excitation

strategies become inefficient and can lead to low SNR and signal voids in the

resultant MR images. Spatially varying flip angles are also produced which can

result in poor inversion efficiency and unexpected contrast. Furthermore, due

to the shortened wavelength the RF penetration is limited which hinders MRI

acquisition of organs located deep within the body [2].

There are a number of methods that have been designed to address these chal-

lenges. These include applying adiabatic RF pulses that are insensitive to inho-

mogeneities in the B+
1 field [4, 5]; using dielectric pads that alter the underlying

Electromagnetic (EM) fields to improve the spatial homogeneity [6–8]; and de-

signing coils to optimise the transmit RF homogeneity [9, 10]. However, the

implementation of multiple RF transmission channels is the most promising ap-

proach for mitigating the B+
1 inhomogeneity experienced at 7 T and is the subject

of the next section.
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3.2 Parallel Transmission

Figure 3.2: Demonstration of the RF wavelengths at common field strengths
relative to standard body dimensions. Quoted wavelengths calculated for proton
Larmor frequency in water. Figure from: [3].

3.2 Parallel Transmission

Parallel Transmission Technology (pTx) uses N multiple transmit channels to

independently adjust the amplitude and phase of N individual RF waveforms to

improve the B+
1 homogeneity in an excited volume of interest [11]. The complex

superposition of the fields generated by each coil element, B+
1,n(r, t), each with

transmit sensitivity, Sn(r), and driven by RF pulses, bn(t), determines the net

field B+
1 (r, t) produced inside the subject [12].

B+
1 (r, t) =

N∑
n=1

B+
1,n(r, t) =

N∑
n=1

bn(t)Sn(r) (3.1)

By modifying bn(t) the resulting total B+
1 field can be controlled both spatially

and temporally using either static or dynamic pTx.
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3.2 Parallel Transmission

(a) (b)

Figure 3.3: Schematic diagrams of (a) static and (b) dynamic pTx. In static
pTx the same RF waveform is applied to each transmit channel; the magnitude
and phase of the waveform can be adjusted on a per channel basis. In dynamic
pTx, different RF waveforms can be applied through each transmit channel.

3.2.1 Static pTx

Static pTx (also known as B+
1 or RF shimming) considers each RF pulse from the

different transmit channels, bn(t), to be identical with a profile b(t), weighted by

a time independent amplitude and phase term, wn = ane
iφn [1, 13]. Therefore,

the net B+
1 field is:

B+
1 (r, t) = b(t)

N∑
n=1

wnSn(r) (3.2)

The goal is to optimise the spatial field, S(r) =
∑N

n=1wnSn(r), in terms of

homogeneity, peak local B+
1 or power by finding a shim set, w = (w1, ..., wn)T ,

(corresponding to optimal an and φn) for each transmit channel. The temporal

profile of the RF pulse b(t) is not affected by the RF shimming. B+
1 maps are

required for each channel to determine the transmit sensitivity Sn(r) and are

explained in more detail in the next chapter.

RF shimming is usually applied to improve the B+
1 inhomogeneity within a Region

of Interest (ROI). The success of an RF shim scales inversely with the size

of the ROI. In localised regions, for example the prostate, a homogenous B+
1

distribution can be achieved with phase only shimming which involves optimising
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3.2 Parallel Transmission

φn by aligning the average phase of each channel such that all channels are

constructively interfering within the ROI. Higher transmit efficiency is achieved

by maintaining an = 1 for each wn.

RF shimming can also be used to maximise the transmit efficiency, as opposed

to maximising the homogeneity of the field, within the ROI. This is desirable

when using adiabatic RF pulses that require high B+
1 values and rely less on a

uniform distribution. Shim sets can also be used to trade off B+
1 homogeneity

for SAR minimisation [14] (see Section 3.8 for explanation of SAR).

The optimum weightings for RF shimming, wn, are usually determined using nu-

merical optimisation algorithms that iteratively minimise a chosen cost function.

There are many different cost functions that have been explored in the litera-

ture such as linear least squares [15], magnitude least squares [16], coefficient

of variation [17] and MaxMin which maximises the minimum [18]. In general,

most functions consist of an error term that control the B+
1 spatial distribution,

a term related to SAR limits and a term related to hardware limits such as peak

power.

The application of RF shimming does not require any changes to be made to

the MR sequence. Different RF shim settings can be employed for different RF

pulses (excitation, refocusing, inversion, saturation etc.) within a sequence using

dynamic B+
1 shimming. This is desirable when there are different ROIs for differ-

ent pulses or when homogeneity or efficiency requirements change throughout

the sequence.

3.2.2 Dynamic pTx

Dynamic pTx approaches are not covered in this thesis, however this section

provides a basic overview for further context of the field. Dynamic pTx differs

from static pTx such that the weights of the RF shim set change over the

duration of a given RF pulse, or there are different RF pulses for each transmit

channel. Dynamic approaches focus more on the optimisation of the resultant

flip angle distribution as opposed to the resultant B+
1 field. Therefore, the B0
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3.2 Parallel Transmission

field and gradient trajectory are also optimised as these also affect the flip angles

that are produced. Dynamic pTx approaches can be applied to non-selective,

slice or slab-selective, and 2D or 3D local excitation.

Non-selective excitation uses kT -points pulses to achieve spatially uniform exci-

tation within a 3D volume [19, 20]. Rectangular sub-pulses are applied with no

slice select gradients so that all RF power is deposited at specific locations in

transmit k-space. Gradient blips are applied between the sub-pulses in all three

spatial directions to create a volume excitation.

Spokes RF pulses are used in slice or slab-selective excitation [21–23]. These RF

pulses utilise successive selective sub-pulses, each with different shim sets. Both

slice-select gradients during the applied RF pulses and gradient blips between

sub-pulses are applied. The trajectory of excitation k-space results in multiple

“spokes” along the kz direction sparsely distributed in the kx,y plane [24].

2D and 3D local excitation is achieved using 2D and 3D spatially selective pTx

RF pulses. This is feasible with single channel transmit systems but requires long

gradient trajectories that are practically unfeasible. pTx allows shorter gradient

trajectories and oversampling of the excitation k-space. This shortens the lengths

of the RF pulses (and subsequently acquisition times) without forfeiting spatial

resolution. This application is called “Transmit SENSE” [25, 26].

3.2.3 Summary

This section has reviewed the two pTx approaches that allow for spatial and

temporal control over individual B+
1 fields generated by separate transmit ele-

ments that can be used to mitigate the inhomogeneity experienced at 7 T. For

the work performed in this thesis, only static pTx is employed. In the sections

that follow, the hardware and software used to implement this method during

imaging is explained.
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3.2 Parallel Transmission

Figure 3.4: Examples of dynamic pTx applications; optimised gradient wave-
forms, excitation k-space trajectories and B+

1 waveforms based on a given target
volume for local excitation and reduced FOV imaging. Figure from [12].
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3.3 Overview of Parallel Transmit System

3.3 Overview of Parallel Transmit System

This section covers the hardware and software that control the 7 T Multi-

Transmit Philips Achieva MRI system used to collect experimental results pre-

sented throughout this thesis. Each subsection provides details concerning the

MR components most relevant to the work presented in the succeeding chapters

with reference to Figure 3.5.

3.3.1 Scanner Operation

The scanner is operated by the user from the console computer. This is where

the MR pulse sequences are generated; the appropriate RF pulses are defined

and gradient magnitudes and timings are calculated. Once the pulse sequence is

finalised the relative signals are passed from the console to the analogue system

via digital to analogue converters (DAC).

The gradient waveforms are sent to the gradient amplifier and the necessary

currents generate the gradient fields at the times calculated. Only information

regarding the shape of the RF pulse is passed to the DAC. In order to achieve

excitation the RF pulse must oscillate at the Larmor frequency. Therefore, it has

to be modulated by the carrier frequency which is determined by the frequency

synthesizer. The RF pulses are then directed to the RF amplifiers that amplify

the waveforms such that they reach amplitudes of µT in the coil.

3.3.2 Main Magnetic Field

The system is built around an unshielded 90 cm diameter bore superconducting

magnet (Magnex Scientific, Oxford, England). Liquid helium is used to cool the

coils wound around the bore that create the superconducting solenoid generating

the static magnetic field, B0. The entire setup is enclosed within a Faraday cage

to minimise RF noise and suppress stray fields from the outside the magnet

room. Approximately 200-ton of iron lines the walls of the room to reduce the

magnetic field from 7 T to 5 mT within a safe distance of the building.
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3.3 Overview of Parallel Transmit System

Figure 3.5: Schematic diagram of 7 T pTx system.

3.3.3 Gradient and Shim Coils

Three layers of gradient coils, each with different geometries, are used to spatially

encode the MR signal in x, y and z directions. Alternating currents rapidly switch

the gradients needed to produce an image; this can cause creation of intense

temperatures within the coil wires. A liquid cooling system is used to minimise

this heating effect. On the Philips 7 T system, the maximum gradient that can

be produced is 40 mT/m, and the maximum rate of change (slew rate) is 200

mT/m/ms.

It is not possible to construct a magnet with a perfectly homogenous magnetic

field. Shim coils are used to improve the homogeneity of the main magnetic

field B0 which is already imperfect and then further degraded when a subject

(or phantom) is placed within the scanner. Shimming can be either be passive

or active; passive shimming is normally performed during installation of the

magnet by placing metal at specific locations on the outer surface of the scanner;

active shimming optimises the homogeneity of the field by adjusting the electrical

currents running through the shim coils.
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3.3 Overview of Parallel Transmit System

This is an important calibration step performed at the beginning of each scan

session as if B0 is not homogenous, the Larmor frequency will spatially vary

resulting in poor image quality. The frequency shift cannot be removed during

post-processing and so it is essential to achieve an effective shim when imaging.

B0 calibration is subject-dependent and so B0 shimming calculations are applied

at the start of each scanning session.

The shim coils are designed similar to the gradient coils and the magnetic field

generated by each coil is proportional to the electrical current running through

it. The currents required to optimise the homogeneity of B0 are determined by

a specific algorithm that analyses the B0 distribution within a given 3D volume.

The B0 distribution is characterised by a Taylor series expansion and is measured

using the B0 mapping method outlined in Section 2.2.3.1.

3.3.4 RF Transmit Chain

There are eight independent RF transmit channels each controlled by a stan-

dalone 2 kW amplifier. The RF amplifiers generate the RF waveforms and power

supply for each transmit channel of the RF coil. During the evolution of the

RF pulse the power is monitored by bi-directional couplers on each channel that

measure the forward and reflected power at the coil connection plane (CCP).

This is a virtual plane between the RF interface box and the RF coil. CCP cali-

bration is a manufacturer routine check essential for ensuring power monitoring

is accurate. The signals detected by the bi-directional couplers are sent to a

software power monitoring unit (SPMU) where the peak and average power for

each channel at the CCP is determined. If either of these measurements exceeds

average or peak power limits for the RF coil, then the power to generate the

desired the RF pulses in the MR sequence is reduced or the scan is aborted.

The SPMU is always active during scanning and accumulates average power

measurements over a time period of 15 seconds.

71



3.4 RF Coil for 7 T Body Imaging

3.4 RF Coil for 7 T Body Imaging

The RF coil used for body imaging at 7 T throughout this thesis is an 8 channel

transmit, 32 channel receive body array (MRCoils, Zaltbommel, Netherlands).

The eight transmit elements are placed around a subject, four on the posterior

and four on the anterior side in two separate arrays. Each element has a plastic

casing that encompasses a fractionated dipole antenna for RF transmission [27]

and along the length of each dipole are four receive loops. Fractionated dipoles

have high transmit efficiency at UHF which is beneficial for imaging deeply

located organs in the body and they also produce lower peak local SAR values

[27].

The body coil arrays are identified by the scanner with a coil ID dongle which is

plugged into the side of the scanner bed at the start of each scanning session.

This allows specific settings and power limits associated with the coil (stored in

a specific coil file) to be applied at the scanner.

3.4.1 Transmit Phase Settings

The coil file associated with the body array contains the default transmit RF

phase settings used during calibration scans at the start of each protocol, be-

fore an RF shim is calculated and the phase settings are altered. Throughout

initial work with the body array, these transmit phase settings were calibrated

to minimise the phase difference in the image in the areas between individual

transmit channels. This effective quadrature mode was achieved with the fol-

lowing relative phases applied to each transmit channel: [0◦ -246◦ -131◦ -129◦

218◦ 165◦ -134◦ 252◦]. Over time, the MR system and body array underwent

separate recalibrations. To achieve the same effect, the transmit phase settings

were replaced with: [0◦ 0◦ 0◦ 0◦ 0◦ 0◦ 0◦ 0◦]. As all transmit phases were set

to 0◦, this mode was termed “linear mode” and it generated homogenous signal

over most of the field of view, apart for a band of destructive interference in

the middle of the subject. Linear mode was desirable for most calibration scans,

such as B+
1 mapping and renal localiser scans (see Figures 3.6 (a) and (b) for
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3.4 RF Coil for 7 T Body Imaging

examples acquired in this mode).

An alternative quadrature mode where the transmit phase on each channel was

45◦ out of phase with its neighbouring element, (theoretically minimising the

variation in phase and the destructive interference between adjacent elements)

was used to acquire the B+
1 map and survey image shown in Figures 3.6 (c) and

(d). This mode was undesirable for calibration scans as there were more distinct

RF interference bands across the Field of View (FOV) and the default transmit

phase settings were set in the linear mode.

(a) B+
1 map acquired with linear mode

transmit RF phase settings.
(b) Gradient echo image acquired with lin-
ear mode transmit RF phase settings.

(c) B+
1 map acquired with quadrature mode

transmit RF phase settings.
(d) Gradient echo image acquired with
quadrature mode transmit RF phase set-
tings.

Figure 3.6: Example of the importance of transmit RF phase settings for cali-
bration scans.
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3.4 RF Coil for 7 T Body Imaging

However, the 45◦ quadrature mode was used when imaging the centre of the

body and when calibration scans were degraded due to the common band of

destructive interference identified through the centre of subjects. This was the

case when attempting to image the uterus within healthy volunteers (see Chapter

7). Figure 3.7 (a) shows a sagittal image acquired using the linear mode phase

settings, and (b) shows the same image slice acquired with the 45◦ quadra-

ture mode. The 45◦ quadrature mode was essential for the sagittal images

that used as localiser and calibration scans performed before RF shimming was

implemented.

(a) Linear mode. (b) Quadrature mode.

Figure 3.7: Examples of linear and quadrature mode transmit RF settings used
in localiser scans for uterus imaging.

3.4.2 Coil Scattering Matrix

The scattering parameter (S-parameter) is the complex ratio of the reflected

signal on a particular transmit channel to the incident signal on the same or

a different transmit channel [28]. It can be measured physically from the for-

ward and reflected power measurements made by the bi-directional couplers on

each transmit channel. S-parameters are commonly quoted in units of decibels

(dB).

74



3.4 RF Coil for 7 T Body Imaging

They can be presented as NTX x NTX matrices (where NTX is the total number

of transmit RF channels) and provide a way of demonstrating the coupling that

exists between the elements of a pTx array. S-matrices also offer insight to

the robustness of fixed tuning for specific loading conditions of the body array.

The S-matrices can vary across subjects with different BMI’s which means that

the power characteristics and coil coupling vary on a subject basis. S-matrices

extracted from the log files compiled from scan sessions with four different vol-

unteers are presented in Figure 3.8 and show how the coupling between elements

can change, particularly between nearest neighbour elements.

Figure 3.8: Example of S-matrices acquired in different in vivo scanning sessions.

S-matrices can have other applications such as detecting cardiac and respiration

motion which have shown promising results for use in cardiac gating and di-

aphragm tracking on pTx systems [29–31]. They have also been used to inform

local SAR measurements and improve the accuracy of the predictions [28].
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3.4 RF Coil for 7 T Body Imaging

3.4.3 Receive Coil Array

The RF transmit dipoles and RF receive coils are located within the same volume.

The voltages required to transmit the RF fields are many times the magnitude

of the induced signal from precessing spins within the sample, and the receive

coils are gated off during transmission to avoid damaging the equipment. The

induced signals detected by each receive coil are amplified by pre-amps before

being recorded. This creates recorded signals large enough to overcome any

noise that can be generated by the electronics.

Signals are detected using quadrature phase sensitive detection which uses two

Phase Sensitive Detectors (PSD) with reference signals 90◦ out-of-phase from

each other. The reference signals are produced by the frequency synthesizer

and so are close to the Larmor frequency. The detected signals are mixed

with the reference frequency in each PSD to demodulate the signal to audio

frequencies. Once the signals have been processed, they are fed to an analogue

to digital converter (ADC) and then sent back to the console where the signals

are processed to form images of the sample.

The body array is designed to detect signal with the 32 receive loops distributed

across all the elements. Loops are commonly used as receive elements at all field

strengths [32, 33]. Alternatively, the eight dipoles can also be used in receive

mode. The fractionated dipoles in the RF coil have been shown to present

homogenous receive sensitivity [27] and it has been suggested that receiving on

dipoles improves performance compared to receiving on loops at UHF [34].

3.4.3.1 Investigation of Receive Coil Configurations

An experiment was performed to assess the receive options available on the

scanner with the body phantom (see Section 3.7). Normalised SNR was calcu-

lated from two data sets of gradient echo images (flip angle = 3◦, TR = 30 ms,

voxel size = 2.3 x 2.3 x 10 mm3, number of slices = 10, slice gap = 125 mm)

acquired (1) with the 32 receive loops, SNR32, and (2) with the 8 dipoles as

receive elements, SNR8. The images were acquired in a coronal geometry with
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slice 1 adjacent to anterior array, and slice 10 closest to the posterior array (see

Figure 3.10 (a)).

Noise was calculated as the voxel-by-voxel difference between consecutive ac-

quisitions. The ratio of SNR32:SNR8 was calculated and is presented in Figure

3.9. A ratio value greater than 1 reflects regions where the receive loops have

outperformed the dipole receive configuration (SNR32 > SNR8). This is the case

for most areas in slices 1 to 8, especially around the periphery of the elements.

However, in slices 9 and 10 (closest to the posterior array) the ratio is less than 1

suggesting that for posterior imaging (e.g. imaging or spectroscopy of the back

muscle and superficial adipose layers) that using the dipole receive configuration

might be advantageous in terms of SNR.

Figure 3.9: Ratio of loop receive to dipole receive SNR data in each slice. In
regions where the ratio is greater than 1 the loop receive outperforms the dipole
receive mode. Voxels with values less than 1 reflect where the SNR in the dipole
receive data is greater.

SNR values were sampled along the length of the four dipole positions (A-D) in

the foot-head direction in each image as shown in Figure 3.10 (a). The mean

SNR32 and SNR8 profiles were sampled and plotted for slices 1 to 10; these

results are shown in Figure 3.10 (b). The mean SNR profiles decrease towards

the centre of the phantom as expected due to the decrease in signal further from

the transmit elements. SNR8 profiles appear smoother than the SNR32 profiles

along the lines of interest, particularly in slices 2 and 3. The higher mean SNR8

values in slices 9 and 10 reinforce the findings that higher SNR is achieved with

the dipole receive configuration posteriorly.
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(a)

(b)

Figure 3.10: Coil SNR measured along length of each dipole (F - H direction)
from coronal SNR maps. (a) Red arrows indicate the location of the SNR
measurements. (b) Subplots from left to right display data from nearest the
transmit arrays to the centre of the phantom. Slices for anterior and posterior
elements taken nearest to respective arrays (subplot1: slices 1 & 10, subplot2:
slices 2 & 9, subplot3: slices 3 & 8, subplot4: slices 4 & 7, subplot5: slices 5 &
6).

SNR values were then studied in the anterior-posterior direction along the centre

line of the phantom at each of the four dipole positions (A-D) as shown in Figure

3.11 (a). The mean SNR32 and SNR8 profiles were calculated over the four dipole

positions and plotted as a function of slice number (see Figure 3.11 (b)). Both

mean SNR profiles present similar drop-off characteristics towards the centre of

78



3.5 RF Power Optimisation

the phantom from the anterior and posterior slices. The mean SNR8 data is

higher towards the posterior slices (slices 9 and 10).

(a)
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(b)

Figure 3.11: Coil SNR measured in each slice (A - P direction) from coronal
SNR maps at the mid-point of the F - H line of the phantom. (a) Red arrows
indicate the location of the SNR measurements. (b) SNR from dipole and loop
receive data.

In conclusion, in some cases it may be beneficial to use the dipoles for both

transmit and receive configurations, particularly for posterior imaging applica-

tions. RF coil models do exist that receive with a combination of both loops and

dipoles [35, 36]. These types of coils can yield enhanced SNR values compared

with receiving with loops or dipoles only [37].

3.5 RF Power Optimisation

Power Optimisation (PO) is always problematic at 7 T systems due to the high

variability of the RF transmit field. PO is normally performed by the MR system

on a central, transversal slice adopting the method used at 3 T (where there is a

Quadrature Body Coil (QBC)) by implementing a double spin-echo stimulated-

echo sequence in which the echo amplitudes have a simple relationship to flip

angle. A reference scale related directly to the power that comes from the

amplifier is then adjusted so that the desired flip angle is achieved.
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3.6 SENSE for 7 T Body Imaging

However, variation in flip angle across the FOV at 7 T makes an image based

PO desirable. This is especially the case for body imaging where a larger dy-

namic range of flip angles, severe B+
1 inhomogeneities and effects from the local

transmit coil give rise to complicated spatial distributions. Therefore, for the

work throughout this thesis the PO step for body imaging at 7 T is performed

manually by the scanner operator as opposed to the scanner software. A B+
1

map is acquired, and the percentage of the requested flip angle is measured in

a ROI. The drive scale is a scale factor related to the RF demand that can be

adjusted to cater for variations in load across subjects. This is adjusted so that

the actual flip angle is equal to 100 % of the requested flip angle in the ROI

used for the PO calibration.

3.6 SENSE for 7 T Body Imaging

Coping with the absent QBC: there is no QBC on the 7 T and so the SENSE re-

construction algorithm uses an alternative QBC image. A synthetic QBC image

is created from the sum of squares of the individual receive coil images.

RF shimming considerations: the SENSE reconstruction algorithm knows noth-

ing about the actual RF shim values in the coil file. Therefore, SENSE reference

scans need to be repeated after the desired RF shim has been calculated.

3.7 Creating a 7 T Body Phantom

When assessing MR sequences and calibrating and checking MRI equipment it is

useful to first test these on phantoms that are designed to have similar loading

and relaxation properties as the organs of interest. For work performed with

the 7 T body array, a phantom designed to replicate the loading conditions of

a human torso was constructed to aid in the calibration of the body array and

development of imaging protocols.

The phantom is constructed from three acrylic cylinders and two acrylic sheets

to form a water-tight container. A schematic of the phantom design can be
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seen in Figure 3.12. The measurements of the phantom are 40 cm x 37 cm x

20 cm.

Figure 3.12: Schematic diagram of body phantom: consists of three compart-
ments (1) left hand cylinder holds 9 litres of solution and has removable lid
section for potential inserts to be administered (2) right hand cylinder attached
to mid-section holds 11 litres of solution (3) small column along central posterior
of phantom with potential to mimic spinal fluid, currently filled with vegetable
oil for fat/water applications.

The left hand side cylinder has a removable lid for access which allows for the

capability for placing objects within the phantom. This allowed for the insertion

of plastic balls containing fat emulsions to do preliminary fat quantification

work and will be useful for future applications such as flow and studying smaller

regions of varying relaxation times. This compartment is labelled ‘Section 1’ of

the phantom.

The right hand side cylinder is connected to the mid-section of the phantom

via holes in the top and bottom of the acrylic cylinder. Therefore, the solution

that fills this cylinder, also fills the middle remaining section. Collectively, this

compartment is labelled ‘Section 2’. Finally, the small column in the middle of

the posterior side of the phantom extends along its full length to mimic the spine.

This cylinder, labelled as ‘Section 3’, contains vegetable oil and has allowed for

observations of chemical shift and provides a region of interest for setting up

MR spectroscopy scans for investigating fat spectra. The three sections of the

phantom can be identified in Figure 3.12 and a photograph of the phantom can

be seen in Figure 3.13.
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Figure 3.13: Photograph of the body phantom.

Sections 1 and 2 were both filled with physiological saline solution (9g/L NaCl).

Section 1 contained 1 mM of copper sulphate (mM, Copper (II) sulphate pen-

tahydrate 98%, Acros Organics), and section 2 contained 0.5 mM of the same

copper sulphate compound. Section 3 was filled with pure vegetable oil.

All solutions and oils were siphoned into the phantom. Due to the small access

holes to each of the sections it was decided that using agar solutions would

restrict the use of the phantom. Keeping the phantom in a liquid state would

mean each of the sections could be altered for future experiments and replaced

if required.

The phantom was generally free from air bubbles and homogenous within each

of the sections. Therefore, it performed well as a sequence development aid. A

single transverse slice through the phantom is shown in Figure 3.14.
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Figure 3.14: Image from survey scan on the body phantom.

3.8 Specific Absorption Rate

The Specific Absorption Rate (SAR) is a measure of the energy deposited by

RF in biological tissue. The transfer of RF radiation energy can cause heating

effects that arise from the interaction of the electric fields. SAR is proportional

to the product of conductivity, σ, and square of the electric field, E, and inversely

proportional to the material density, ρ [12, 38, 39]. At a specific location r, SAR

is described with the following equation:

SAR(r) =
σ(r)

2ρ(r)
|E(r)|2 (3.3)

Global SAR is averaged over the subject’s whole-body or certain body sections

and local SAR is typically averaged over 1g or 10g of biological tissue. Local

and global SAR limits are governed by international standards and adhered to in

all clinical and research settings. Local SAR limits exist for the head, trunk and

extremities [40]. These limits are established by the International Electrotechni-

cal Commission (IEC) and outlined in guidance document IEC 2010 60601-2-33

[41]. The commission recommends different limits depending on use of volume

transmit and local transmit coils and these are summarised in Tables 3.1 and
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3.2. For the work relevant in this thesis the limit of interest is the 10 Wkg−1

local SAR limit placed on the trunk in the normal operating mode.

Table 3.1: SAR Limits for volume transmit coils: aThese limits scale dynam-
ically with the ratio “exposed patient mass/patient mass”. In the “Normal
Operating Mode”: Partial body SAR = 10 Wkg−1 - (8 Wkg−1*exposed patient
mass/patient mass).

Averaging Time 6 minutes

Whole Body SAR Partial Body SAR Head SAR

Body Region → Whole Body Exposed Body Part Head

Operating Mode ↓ (Wkg−1) (Wkg−1) (Wkg−1)

Normal 2 2-10a 3.2

First level controlled 2 4-10a 3.2

Second level controlled >4 >(4-10)a >3.2

Long MR Examination Max allowed SAR is 240 W.min.kg−1 per MR exam

Short duration SAR SAR limits over any 10 second period
should not exceed 2 x stated values

Table 3.2: SAR Limits for local transmit coils: aNOTE in cases where the orbit
is in the field of a local RF transmit coil, care should be taken to ensure that
the temperature rise is limited to 1◦C.

Averaging Time 6 minutes

Local SAR

Body Region → Head Trunk Extremities

Operating Mode ↓ (Wkg−1) (Wkg−1) (Wkg−1)

Normal 10a 10 20

First level controlled 20a 20 40

Second level controlled >20a >20 >40

Short duration SAR SAR limits over any 10 second period
should not exceed 2 x stated values

At 1.5 and 3 T (conventional, single channel MR systems) it is adequate to

calculate the ratio of peak SAR to (B+
1 )2 from simulated data and use this to

determine the peak and time averaged SAR for different estimates of B+
1 in real

time [40]. Traditional methods to lower the SAR for a given MR sequence include

adjusting imaging parameters to reduce the overall RF power deposition during
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scanning. This might include scaling down the requested flip angle, increasing

echo (TE) and repetition (TR) times and implementing parallel imaging [42].

This approach to reducing SAR can limit scanner performance and image quality.

Therefore, there are also more innovative methods for reducing SAR that include

novel coil design, manipulation of imaging sequences and optimised RF pulse

design [43–45].

On moving to 7 T, SAR becomes a major limiting factor for scanner performance.

SAR increases quadratically with B2
0 and so it is inherently greater compared to

SAR at lower fields; local transmit coils are used at 7 T which means there is

more localised power deposition which can lead to high SAR; and, the shorter

RF wavelengths cause inhomogeneities not only in the resultant B+
1 field but

also the electric field distribution which can produce complicated, unpredictable

SAR distributions. The increase in SAR at 7 T can result in the acquisition

of fewer slices, reduction of flip angles and longer TR’s; these steps can often

counteract the gain in intrinsic SNR.

When using a conventional 7 T system in quadrature mode the Philips scanner

uses a similar approach to estimate SAR as at 1.5 and 3 T by estimating the

relationship between B+
1 and SAR for the coil. For pTx systems the electric

fields produced by each transmit element are spatially and temporally variable.

Therefore, the superposition of these fields can be complex due to the multiple

degrees of freedom available [46]. Unexpected hotspots can occur in different

locations due to constructive interference of the electric fields generated by

each transmit element. These SAR hotspots can also occur in different areas in

different subjects due to variation in the positioning of the subject and individual

body tissue compositions [47].

It is impossible to know the locations of these hotspots a priori and it is no

longer feasible to simply scale the global and local SAR according to the B+
1 of

the RF waveform applied as the SAR patterns can vary with the relative phase

settings of the transmit coil elements [40]. Therefore, for pTx it is especially

important to accurately simulate the expected SAR from different profiles of
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electric fields [12]. There is also a need for accurate predictions of SAR for

individualised models and experimental situations that accurately reflect specific

coils, RF pulses, body compositions and subject positioning within the bore of

the scanner.

pTx can also be used to lower SAR and local SAR hotspots. Reducing SAR is

a major target in both static and dynamic pTx optimisations [26, 48] and it has

been shown that improving B+
1 homogeneity whilst simultaneously controlling

RF power and lowering SAR within localised ROIs is possible [17].

3.9 RF Modelling

3.9.1 EM Simulations using FDTD

Local SAR distributions are investigated by modelling the excitation magnetic

field, B1, and electric field, E, in EM simulations using the Finite-Difference

Time-Domain (FDTD) method. This is a numerical analysis technique used for

modelling computational electrodynamics. It is a time domain method and so

can be used to investigate large frequency ranges within a single simulation run

and deal with non-linear material properties [49].

The FDTD method is based on a finite difference approximation of Maxwell’s

time domain equations:

∇×E = −µ∂H
∂t

(3.4)

∇×H = σE + ε
∂E

∂t
(3.5)

These equations are solved by updating the field quantities in a leapfrog manner

such that electric and magnetic field vectors are solved at every time step, but

interlaced half-a-step apart in both time and space [50]. This process is repeated

until the steady-state EM field behaviour has finally evolved [51].

86



3.9 RF Modelling

(a) Yee cell with labelled field compo-
nents.

(b) Ey component enclosed by four Yee
cells with different dielectric compo-
nents [52].

Figure 3.15: (a) Demonstration of FDTD 3D Yee cell and (b) how these are
used to make up the computational grid in EM simulations.

Computational space is based on a Cartesian rectangular grid composed of Yee

cells (named after the mathematician, Yee, who first described the FDTD tech-

nique [53]). The electric field vectors are derived along the edges of these cells

and the magnetic field vectors are derived at the centre of the electric field

surfaces in perpendicular directions as shown in Figure 3.15 (a). Due to the

nature of how the total electric field is calculated on the edge of the Yee cell,

the electric field corresponding to one Yee cell is based on the weighted average

of the dielectric properties of the material that occupies the four adjacent cells.

This concept is illustrated in Figure 3.15 (b).

Boundary conditions are important in FDTD simulations as they are used to

truncate computational space in open region problems. The perfectly matched

layer (PML) technique places an artificial layer of absorbing material around

the outer boundary of the computational domain to completely absorb incident

waves at all frequencies and incidence angles [49].

To ensure accuracy of the computed results, spatial increments must be small

compared to the operating wavelength (typically ≤ λ/10) [54] and selected to

fully characterise minimum feature sizes, particularly subwavelength structures.
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However, small cell sizes come at the cost of large runtimes and memory con-

sumption [55]. This can be problematic for models with curved surfaces where

small cell sizes are desired in order to fully characterise the shape of an ob-

ject. Cartesian FDTD methods can only provide a “stair-case” approximation

to these models [56]. Tetrahedral grids have been developed (for FDTD simu-

lations) offering cells that conform to curved objects whilst maintaining stable

results [57].

It is necessary to verify the results from FDTD simulations before local SAR

predictions can be used for setting power limits for in vivo exams. The simula-

tion models are normally verified by comparing simulated B+
1 field distributions

to experimentally acquired B+
1 distributions on the same object of interest (for

example, a phantom or a specific subject model). If the B+
1 distributions are

similar then it provides some confidence that the simulated electric fields are

modelled accurately. However, similarity between simulated and measured B+
1

fields does not always guarantee similar agreement in the electric fields as differ-

ent Bz components can generate different electric fields. Numerical results can

be verified more directly using field probe measurements and MR thermometry

[58] but such experiments are time consuming and can be difficult to perform

in vivo.

3.9.2 Local SAR Calculation

This section uses the notation presented by Graesslin et al. [39].

The SAR at location x during transmit period, ti can be calculated from the elec-

tric field information, E, mass density, ρ, electrical conductivity, σ and averaging

volume, V

SARsample(x, ti) =
1

V

∫
V

σ(x)

2ρ(x)
.||E(x, ti)||22dV (3.6)

This expression is modified for pTx where Nc is the number of transmit RF

channels and Ec is the electric field generated by each transmit element, c.

88



3.9 RF Modelling

SARsample(x, ti) =
1

V

∫
V

σ(x)

2ρ(x)
.
∣∣∣∣∣∣ Nc∑

c=1

Ec(x, ti)
∣∣∣∣∣∣2

2
dV (3.7)

3.9.2.1 Q-Matrix Formalism

Local and global SAR can be calculated from simulated electric fields. First, the

electric fields, Ec, are scaled to 1 W input power per channel. This leads to an

electric field vector Ẽc that summarises the three orthogonal components in a 3

x Nc matrix for each location, x. The RF waveforms produced by each individual

transmit element are proportional to the currents within the elements, therefore

the waveforms can be represented by a phasor I(ti) at each time point ti

E(x, ti) =
Nc∑
c=1

Ec(x, ti) = Ẽ(x).I(ti) =


Ẽx,1(x) · · · Ẽx,Nc(x)

Ẽy,1(x) · · · Ẽy,Nc(x)

Ẽz,1(x) · · · Ẽz,Nc(x)

 .


I1(ti)

...

INc(ti)


(3.8)

I(ti) represents the relationship between the amplitude and phase of the time

varying signals and the RF waveform on each channel produced following RF

shimming or pulse design.

Ẽi,Nc(x) is the amplitude and phase of each x, y and z component of the elec-

tric field produced from each transmit channel in the unshimmed, default set-

ting.

The expression for SAR is now

SARsample(x, ti) =
1

V

∫
V

σ(x)

2ρ(x)
.
∣∣∣∣∣∣Ẽ(x).I(ti)

∣∣∣∣∣∣2
2
dV (3.9)

Whilst I(ti) can change between RF pulses, Ẽ(x) is constant for a given coil

geometry x; so, to speed up SAR calculation a Q-matrix is calculated at each
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x location on the simulation grid. The Q-matrix summarises the SAR in each

location for a unit power supplied on each transmit element, averaged over a

volume, V, or a certain mass, m. Methods used to perform mass averaging are

discussed in the next section.

Q(x) =
1

V

∫
V

σ(x)

2ρ(x)
.Ẽ†(x).Ẽ(x)dV (3.10)

As the integral only depends on the normalised electric field and local tissue

properties the local Q matrix of size Nc x Nc can be calculated independent of

ti. The local SAR at location x, at time ti is expressed as

SARsample(x, ti) = I†(ti).Q(x).I(ti) (3.11)

where the phasors are given from the specific RF setting under investigation.

3.9.3 Effective Methods for Calculating Local SAR

The IEC and FDA require that SAR is averaged over 10 gram mass volumes to

calculate local SAR as it directly relates to local temperature elevation which

is the limiting factor for MR safety protocols [59]. Commercially available RF

numerical simulators (for example XFDTD (Remcom, Inc.; State College, PA;

USA)) have built-in algorithms that compute the local n-gram average SAR.

These algorithms are based on the method presented in the IEEE Std C95.3-

2002(R2008) documentation [60], where a cubical volume centred in a voxel of

interest is expanded in all directions until the volume encompasses the desired

mass. If the cubical volume does not extend beyond the surface of the body

the volume is classed as valid, and all voxels in the volume are used to compute

the averaged SAR for the voxel of interest. An example of this is shown in the

upper cube of Figure 3.16.

However, the cubical volume is built around a central voxel and expands until it

reaches the total required mass, regardless of the amount of air enclosed in the
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volume (as is the case for the middle and bottom squares in Figure 3.16). As

long as the surface boundaries do not extend beyond the most exterior surface

of the body, the cubical volume is considered valid and all voxels contained

within the volume are included in the averaging process (middle cube, Figure

3.16).

A cubical volume is considered invalid if the volume has external surfaces with

no voxels internal to the body (bottom cube, Figure 3.16). In this case, the

averaged SAR value assigned to the central voxel is the maximum averaged

SAR value of the valid voxels which can lead to problems in the resulting local

SAR distribution.

Figure 3.16: Demonstration of cubical mass averaging method. Figure from:
[61]

An example of this cubical averaging method applied to a SAR distribution

simulated by Carluccio et al. [61] is presented in Figure 3.17 (a). The SAR

distribution was generated by a birdcage coil on a box of water. It demonstrates

the discontinuities present in the computed averaged SAR that arise due to the

most external voxels being assigned the highest SAR value within their respective
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valid mass volume. This is particularly problematic when the method is applied

to large average mass volumes (i.e. 10 g average). The 10g averaging mask

is relatively large which results in more voxels in the final averaged SAR map

with values that are calculated within volumes that are not centred on them.

This causes highly conservative and inaccurate results in external voxels which

is undesirable. These voxels are highly relevant in MR safety as they are nearest

to the coil and exposed to high RF energy.

(a) Cubical averaging method. (b) Adaptive Spherical averaging
method.

Figure 3.17: Local SAR distributions generated by a birdcage coil on a box of
water. (a) local SAR distribution calculated using standard cubical averaging
method, (b) local SAR distribution calculated using adaptive spherical averaging
method. Figures from: [61]

An improved method for mass averaging is the adaptive spherical method and is

presented in Figure 3.18 [62, 63]. This implements an algorithm that sequentially

increases the radius of a spherical volume centred on the voxel of interest. Using

a spherical volume minimises the distance between the central voxel and the

other voxels within the volume, improving the accuracy of the SAR averaging

(upper sphere, Figure 3.18). The adaptive aspect of this method ensures that

the spherical volumes grow according to the shape of the model (see bottom

sphere with adapted geometry in Figure 3.18).

The mass and the summed SAR of all the voxels in the most external voxel layer

(ms and SARs) and the interior volume (mi and SARi) are calculated. When the

total mass (ms + mi) exceeds 10 g, the SAR of the external layer is weighted so
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Figure 3.18: Demonstration of adaptive spherical mass averaging method. Fig-
ure from: [61]

that the total mass equals 10 g. The number of voxels contained in the external

and internal layers are ns and ni respectively and the 10 g averaged local SAR

is calculated as follows:

SAR10g =

10g−mi

ms
(SARs + SARi)

10g−mi

ms
(ns + ni)

(3.12)

This method overcomes the artificial inflation of high SAR values near surface-air

interfaces and reduces the presence of discontinuities in the local SAR distribu-

tion (see Figure 3.17 (b)).

3.9.3.1 Development Work

For the work in this thesis, an alternative mass averaging method was imple-

mented when calculating local SAR from the simulated electric field distribu-

tions. FDTD simulations were performed using optimised mesh settings that

varied the cell sizes across computational space. This shortened the runtime of
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the simulations and reduced the size of the data output from the EM software.

Using the previously described methods to calculate 10 g averaged local SAR

resulted in banding artefacts in the final results (see Figure 3.19 (a)). This was

found to be due to the anisotropy of the voxel shapes.

A method was developed to average SAR distributions based on an approximate

10 g spherical volume with a fixed predetermined radius that was calculated from

the density of muscle tissue used in the human body models (ρ = 1090 kgm−3).

Muscle tissue has high density and therefore, the fixed sphere has a conservative

10 g volume, ensuring the averaged local SAR values assigned to each voxel

throughout the model are not underestimated. Initially, this approach had a

considerably long runtime (approximately 22 hours for one SAR distribution

on the HPC) due to the anisotropic voxels and therefore was not practical for

efficient online local SAR evaluation

To overcome this, the SAR distributions and density information were interpo-

lated onto a 2 x 2 x 2 mm3 grid using a cubic interpolation function (interpn

function, Matlab R2018b). This increased the efficiency of this approach for

calculating conservative local SAR distributions. To avoid any further overes-

timation of SAR values around the edges of the body, the fixed sphere was

expanded until the region of the volume containing voxels within the body was

equal to the number of voxels in the fixed sphere volume. This method removed

the banding artefact in the final local SAR results (see Figure 3.19 (b)).

3.9.4 Virtual Observation Points

Virtual Observation Points (VOPs) can be used to reduce the complexity of

predicting the peak local SAR in a given volume [64]. Rather than considering a

Q-matrix in every voxel, VOPs enable a given model to be compressed so that a

model-wide peak local SAR value can be estimated within a specified tolerance

from the VOPs instead of monitoring the Q-matrices in all voxels in the 3D

model [65].

VOPs capture the peaks in the underlying local SAR distribution and are deter-
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(a) (b)

Figure 3.19: (a) Mass averaging banding artefact, (b) modified mass averaging
method where artefact is removed.

mined by applying a lossy compression algorithm with a specified maximum SAR

overestimation factor [66]. VOPs are an efficient method for fast computation

of an approximate local SAR distribution. They can be extremely beneficial for

real-time RF engineering calculations as they can be pre-computed for a given

model and coil geometry and applied to peak local SAR computations for specific

RF pulses.

3.10 MR Safety at UHF

The increase in static magnetic field strength at 7 T generates specific MR safety

concerns. The risk of ferromagnetic objects interacting with the magnetic field

is greatly increased and the fringe fields of the magnet can be considerably

extended (see Figure 3.20). The 5 Gauss line is the level of static magnetic

field exposure considered to be safe for the general public. No one with loose

magnetic objects or implants should pass this line and this should be strictly

adhered to especially for individuals with electronic devices such as pacemakers

[67].

In terms of physiological effects induced by the increased static magnetic field,

some subjects report cases of vertigo, metallic taste, nausea, light flashes and

there are also recorded instances of nystagmus [58, 69]. Recent work suggests

that experience of these short-term effects differs between active and passively

95



3.10 MR Safety at UHF

Figure 3.20: Comparison of 3 and 7 T fringe magnetic fields. Figure from [68].

shielded magnets [70] which may be related to the shielding or to other aspects

of the system design. However, when compared to subjects’ experiences of MRI

scanning at lower field strengths these effects are not significantly worse, more

likely to occur or less tolerable than those reported at 3 T [71].

Areas of concern also include increased blood pressure and heart rate [72] and

effects on the cognitive system [73]. There are no reported instances of this being

a clinical issue, but it is important to monitor these effects, particularly in patient

volunteers. For the in vivo work performed throughout this thesis, subjects were

put into the scanner bore foot first exposing the subjects’ head to reasonable
dB
dz

. It was anticipated that subjects would be more likely to experience vertigo

in this orientation but no instances were reported. Figure 3.21 shows a subject

positioned foot first towards the bore of the 7 T scanner.

Peripheral Nerve Stimulation (PNS) occurs when time-varying magnetic fields

generate electric fields inside the body which can interact with the normal func-

tion of nerve cells and muscle fibres to cause twitching and general discomfort

during scanning. The gradient magnetic fields at 7 T are equivalent to those
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Figure 3.21: Demonstration of subject positioned in the foot first orientation
before being entered into the bore of the scanner. Anterior section of body array
is observed as well as ear protection for the subject.

used at lower field strengths and so the likelihood of experiencing PNS at 7 T

is equivalent to the risk at 1.5 and 3 T [74, 75].

The limits placed on the RF fields which aim to lower the likelihood of excessive

energy deposition in biological tissue are unchanged from lower field strengths.

There is a shortage of research into how implants and tattoos that are MR safe at

1.5 and 3 T are affected by RF fields at 7 T [76–78]. This interaction requires

accurate modelling of orientation and placement of the specific structures as

well of the transmit mode of the scanner (see Figure 3.22 for an example of

RF safety simulations concerning hip implants at 7 T). Therefore, subjects with

these contraindications are usually excluded from scans at 7 T or local decisions

are made on a case by case basis if the scan is required for clinical benefit.

At 7 T, the size of the scanner’s bore and resonant RF frequency induces EM

wave propagation along the longitudinal axis of the bore. The scanner bore acts

as a waveguide and the propagating wave is known as a travelling wave. These

97



3.10 MR Safety at UHF

Figure 3.22: Example of simulated SAR (Wkg−1) and associated RF heating
(◦C) in patients with hip implants at 7 T [79].

waves mean that the RF fields can extend further than the local RF transmit coil

which can be an additional source of deposited RF energy or can be exploited

for imaging applications [80].

At 7 T local transmit RF coils and experimental hardware tend to be custom

made and so require site specific safety checks and risk assessment. These

include accurate modelling of the electromagnetic fields and validation with

experimental measurements; hazard analysis and mechanical safety checks such

as power measurements and built-in failure modes. International regulatory

limits concerning MR safety put in place by governing bodies include the IEC

EN 60601-2-33 [81], FDA [82] and ICNIRP (2009). A White Paper specifically

on MRI safety at 7 T is due to be submitted by the ISMRM MR Safety Study

Group.
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3.11 Discussion and Conclusion

This chapter has outlined the advantages of imaging at 7 T and discussed the

challenges associated with the higher Larmor frequency and the approaches that

have been developed to overcome this. PTx and the associated hardware and

software used throughout this thesis was described. Examples of the difference

between receive loop and receive dipole configurations was given and images

obtained with different transmit RF phase settings highlight the ability of the RF

coil settings to influence the quality of images obtained. Therefore, knowledge

of how the RF coil operates is key to 7 T body imaging.

The methods for RF power optimisation and SENSE at 7 T has been described,

along with the construction of the body phantom that has been used extensively

throughout this thesis. A summary of SAR and the associated theory related to

RF modelling and local SAR calculation that was given which will be relevant

to the work in Chapter 5. Finally, the safety considerations concerning 7 T

MRI were discussed and conclude that if correct monitoring of the gradient and

RF fields is in place, 7 T MRI applied to brain, musculoskeletal and whole-body

imaging is not dangerous and induces the same level of physiological effects that

are experienced at 1.5 and 3 T.
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4 B+
1 Mapping for 7 T Body Imaging

4.1 Introduction

Reliable B+
1 mapping is extremely important at ultra-high field in order to pro-

duce definitive measures of the transmit RF inhomogeneity. Knowledge of the

B+
1 distribution is necessary for RF shimming and RF pulse design techniques

which are used to improve the B+
1 homogeneity crucial for abdominal imaging

at 7 T.

This chapter provides an overview of available B+
1 mapping methods at 7 T.

This includes exploring common techniques that are used on conventional MR

systems and the development of these techniques for pTx applications. Existing

and ongoing novel approaches to B+
1 mapping are presented with the aim of

determining the best method for B+
1 mapping in 7 T body applications.

4.2 Background and Theory

B+
1 mapping is a measure of the active magnetic field component of the applied

RF field responsible for the excitation of the magnetisation [1]. It is essential

to know the B+
1 distribution, as it has an important influence on the quality of

images that are produced in MRI and can be a source of error for quantitative

measures [2]. Techniques to determine the distribution involve encoding the

B+
1 into the magnitude or phase of the measured signal. A flip angle map is

calculated as an indirect measure of the B+
1 field. Flip angle maps are commonly

presented in units of ‘Percentage of Nominal Flip Angle’.

PTx methods such as RF shimming and tailored RF pulse design, rely on prior

knowledge of the B+
1 distributions generated by each individual transmit coil

element [3, 4]. This calls for a B+
1 map to be collected for each transmit

channel. Therefore, it is important that appropriate, time efficient methods are

applied to ensure as short as possible scan durations [5].
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4.2.1 Conventional Methods

This section outlines magnitude based B+
1 mapping techniques that are com-

monly used across all field strengths. Conventionally B+
1 maps are used to

correct quantitative measures such as T1 maps in the liver at 3 T that suffer

from moderate B+
1 heterogeneities [6] and eliminate bias in cortical thickness

measurements induced by B+
1 inhomogeneity effects T1w images and T1 maps

acquired with the MP2RAGE sequence at 7 T [7].

Examples of B+
1 maps acquired on a Philips 7 T Achieva MR system with a

NOVA 32-channel receive head coil are shown throughout this section.

4.2.1.1 VFA

The Variable Flip Angle (VFA) method is the gold standard technique for map-

ping B+
1 and involves acquiring a series of images with different flip angles α.

The signal intensity, S, in each voxel is fitted using a least squares algorithm to

the function:

S = S0

√
sin2(kθ) (4.1)

S0 is the initial magnetisation information and k is the scale factor that relates

the measured flip angle to the nominal flip angle set, θ, in the scan parameters

[8]. A B+
1 map can then be inferred from the scaling factor, k as this reflects

the transmit efficiency of each element.

This B+
1 mapping technique is reliable due to the high precision of the measure-

ment of k from numerous data points per voxel rather than using a ratio between

images. However, the acquisition time for this method can be extensive due to

the long TRs required between RF pulses to allow the longitudinal magnetisation

to recover fully. The T1 longitudinal relaxation constant increases with B0 which

means that the TR required for magnetisation to fully recover increases at 7 T.

Therefore, the VFA method is not a practical method of measuring B+
1 in vivo
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but it does provide a means for testing the performance of the other techniques

explained within this chapter [9].

Equation 4.1 only applies to 3D acquired data. If a 2D acquisition is used then

the fitted signal does not fully characterise the acquired signal due to slice profile

effects. Figure 4.1 shows an example of a non-linear fit to the signal curve within

one voxel of a dataset obtained with a 2D acquisition. The fit does not fully

characterise the signal curve.
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Figure 4.1: Demonstration of a non-linear fit using the single flip angle VFA
equation to a signal intensity curve from one voxel in an image slice obtained
using a 2D acquisition. The VFA fit does not fully characterise the signal curve
due to slice profile effects.

In reality, slice profile effects mean that the signal within each voxel (intra-voxel

signal) is the sum of the contributions from individual spins across the thickness

of the slice, ∆z, due to the variation of Mx,y within each voxel.

S = S0

∫ ∆z

0

√
sin2(kθ)dz (4.2)

The slice profile effect was simulated by generating intra-voxel signal curves for

different transmit efficiencies, k, which are presented in Figure 4.2. For low k

(k < 1) the signal is maximum above 90◦, for high k (k > 1) the signal is

maximum below 90◦ and for k = 1 maximum signal is at 90◦.
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Figure 4.2: VFA Slice Profile Effects: simulated signal curves for different values
of k; k < 1, k = 1 and k > 1 respectively.

In Figure 4.3 two signal curves are plotted that correspond to (k = 1) and the

sum of (k > 1) + (k < 1) which represents signal corresponding to a mix

of transmit efficiencies. Fits were made to each of these signal curves using

Equation 4.1. The fit made to the (k = 1) curve characterises the signal fully

and shows no slice profile effects. However, the fit to the (k > 1) + (k < 1)

signal curve was unsuccessful reflecting similar features to the failed fit in Figure

4.1.
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Figure 4.3: VFA Slice Profile Effects: fits made to different signal curves -
demonstrates how the model breaks down when applied to the signal curve
composed of different transmit efficiencies of intra-voxel signal.

Figure 4.4 shows an example of a fit to the signal curve within one voxel of a

dataset obtained with a 3D acquisition. In this case, the fit fully characterises

the signal curve and demonstrates the need for 3D acquisition when using the

VFA method.
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Figure 4.4: Fitting of VFA equation to signal intensity across all sampled points
within one voxel in images obtained using a 3D acquisition. VFA fit fully char-
acterises the signal curve due to slice profile effects. This fit can be used to
solve for transmit efficiency k.
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4.2.1.2 AFI

Actual Flip Angle Imaging (AFI) is a robust and frequently used B+
1 mapping

technique [10, 11]. It is a 3D acquisition method but can be adapted for 2D

mapping with an applied slice profile correction [12]. The method uses two

identical RF pulses with a flip angle of α each followed by delays, TR1 and TR2.

This produces two interleaved spoiled gradient echo acquisitions [3]. As can be

seen in Figure 4.5, the signals referred to as S1 and S2 are Free Induction Decay

(FID) signals recorded after each α pulse.

Figure 4.5: Actual Flip Angle Imaging (AFI) Sequence: two identical RF pulses,
α are followed by delays TR1 and TR2.

Transverse magnetisation is spoiled at the end of the delays TR1 and TR2 using

an RF phase cycling and gradient spoiling adjustment scheme to avoid off-

resonance effects and preserve the ratio of the measured signals [3, 13]. To

avoid systematic errors caused by T1 relaxation the following condition is placed

on TR1 and TR2 values: (TR1 < TR2 < T1). Steady state solutions to the

Bloch equations can be calculated based on this condition. The assumption

that TR1,2/T1 << 1 allows a first order approximation to be made so that the

flip angle, α, can be given by:

α ≈ arccos
(rn− 1

n− r
)

(4.3)

Here, r = S2/S1 is the ratio between the two signal intensities and n = TR2/TR1

is the ratio between the two time delays. The ratio n, is the main parameter
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that determines the sensitivity of the AFI method to flip angle variations in the

excited volume. Optimum parameters for the pulse sequence are given for a 1.5

T MRI scanner by Yarnykh [10]. These include setting TR1 and TR2 such that

n has a value between 4 - 6 and selecting the flip angle, α, to within a range of

40◦ - 60◦.

The full analytical AFI signal equation is given by:

α = arccos

[
1− E1 − r − rE2

E1E2 − rE1E2 + rE2 − E1

]
(4.4)

where the terms E1 and E2 are equal to e−TR1/T1 and e−TR2/T1 respectively.

The plot in Figure 4.6 shows the signal ratio, r, calculated for a range of actual

flip angles from the approximate (Equation 4.3) and from the full (Equation 4.4)

analytical equations (T1 = 500 ms). In general, the approximation reproduces

the full analytical solution except at high flip angles (Figure 4.6) which can be

relevant at 7 T where the flip angles can vary considerably across the FOV.

The deviation between approximate and full analytical solutions is more pro-

nounced at shorter T1 values (Figure 4.6 (a)). At higher values of n, the dynamic

range of flip angle measurements is increased (Figure 4.6 (b)). This means there

is an increased difference in the signal intensities in the underlying gradient echo

images. However, larger n values come at a cost of increased scan time and a

choice of n in the range 4 - 6 is sufficient to provide the required sensitivity to

variations in flip angle [10].

Acquisition times for AFI can be long, especially over large FOV’s. This is a

clear disadvantage for abdominal applications in which breath-holds are required

during the acquisition of calibration scans [11].
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Figure 4.6: AFI Signal Dependence: (a) Ratio of signal intensities, r, plotted
as function of flip angle demonstrating T1 dependence for full and approximate
AFI models, (b) Ratio of signal intensities, r, plotted as function of flip angle
demonstrating dependence on the ratio of TRs, n, for full and approximate AFI
models.

4.2.1.3 DREAM

Dual Refocusing Echo Acquisition Mode (DREAM) consists of a Stimulated

Echo Acquisition Mode (STEAM) magnetisation preparation sequence for B+
1

encoding followed by a low-angle gradient echo train for spatial encoding [14].

The sequence produces a Stimulated Echo (STE) and FID signal which are both

refocused with a temporal offset as gre. Their ratio is then used to calculate

the flip angle of the STEAM preparation sequence, α [15].

The DREAM method is a fast 2D technique [15] and to account for slice profile

effects the STEAM slice thickness is thicker than the imaging slice [14]. It is

significantly faster than AFI since the flip angle encoding depends on a STE and

a faster readout can be applied. Therefore, the TR can be shorter and the two

signals can be measured almost simultaneously [15]. This means that DREAM

is more suited for abdominal imaging as large FOV’s can be covered within a

breath hold at reasonable spatial resolutions. Additionally, DREAM has a lower

total SAR burden also making it favourable for UHF scanning [14].

Figure 4.7 displays the DREAM MR acquisition sequence. In-between the two
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α pulses a dephaser gradient (GM2) pre-encodes some of the magnetisation

that is then stored in the longitudinal state to enable the detection of the STE

signal, ISTE, at a controlled time (TESTE) [11]. A spoiler gradient (GSPOIL)

is used at the end of the STEAM preparation to spoil any spurious transverse

magnetisation, which could be refocused by the readout pulses.

The imaging part of the sequence consists of an excitation pulse β which gen-

erates ISTE from the STEAM-prepared longitudinal magnetisation and a FID

signal, IFID, from the unprepared longitudinal magnetisation.

GM2 and prephaser gradient, GM1, control the timing of the STE and FID as

GRE’s at different echo times, TESTE and TEFID respectively, refocused during

a single readout gradient, GM [15]. By switching the polarity and adjusting these

gradients the FID signal can be measured prior to the STE signal giving rise to

a ‘STE first’ or ‘FID first’ sequence option. The STE first option is preferred as

it is less susceptible to T2 decay effects [14].

Figure 4.7: DREAM Sequence: STE first. Figure from Nehrke et al. [15]

As with AFI, solutions of the Bloch equations give expressions for the magneti-

sation at specific time points within the sequence and an analytic expression

for the flip angle of the STEAM magnetisation preparation sequence can be

determined. A final expression that assumes relaxation effects are negligible is

as follows:
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α = arctan

√
2ISTE
IFID

(4.5)

However, the longitudinal magnetisation undergoes recovery according to T1 and

the measured signals decay according to T2 in between STEAM preparation and

imaging sequences. This can impact the accuracy of Equation 4.5 in determining

α. According to simulation results by Nehrke et al. [14] an underestimation of α

is observed when echo number increases and T1 decreases. Taking these effects

into consideration leads to the equation:

α = arcsin

√
1

E1(|IFID/2ISTE|E2 + 1)
(4.6)

where E1 = exp(-Td/T1) and E2 = exp(-∆TE/T2).

4.2.2 B+
1 Mapping for pTx Systems

PTx methods require knowledge of the B+
1 distributions per each individual

transmit element. The methods described in the previous section (VFA, AFI,

DREAM) can be used to produce B+
1 maps for each separate transmit channel.

Each transmit element is pulsed consecutively and signal is acquired simultane-

ously through all coil receive elements so that individual transmit profiles are

obtained over the entire sample. The complex addition of acquired B+
1 magni-

tude and phase maps allows direct comparison with the total volume transmit

mode where all transmit elements were used.

Examples of AFI B+
1 maps acquired in a spherical phantom collected on the

eight transmit channels using the NOVA Medical Head Coil 8TX/32RX (NOVA

Medical, Wilmington, MA) on the Philips 7 T Achieva pTx system are shown in

Figure 4.8. Acquiring B+
1 field information sequentially on single channels can

be time consuming which is undesirable for calibration scans [16].

There is a large dynamic range in pTx systems due to the high signal generated
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close the transmit dipole elements and the little to no excitation further from

the element. Therefore, methods that can accurately map the B+
1 distribution

rapidly across a wide range of flip angles are essential. This is one of the

limitations of using AFI and DREAM for single channel B+
1 mapping as they

are limited in the flip angle regimes that they can accurately measure [17, 18].

Achieving the high flip angle pulses required in these methods is challenging at

UHF due to power and in-vivo SAR limits [19], however, they are necessary as

the techniques suffer from error propagation at low flip angles [20].

Figure 4.8: Individual B+
1 maps collected for each channel of NOVA head coil.

AFI method was used. Position of each transmit element is shown.

4.2.2.1 Linear Combination Approach

This method provides a way of increasing the SNR across the FOV for B+
1 map-

ping methods. Mapping superpositions of individual transmit elements can be

used as a means of shifting the B+
1 field into the operational linear range required

for B+
1 mapping methods [19, 21]. Assuming linear properties of the transmit

system, B+
1 maps for each transmit element can be collected using independent

coil combinations which represent the basis functions of a fitting problem. Basis

functions with constructive superposition of transmit element B+
1 sensitivities

are favourable. The relationship between the individual transmit element B+
1

distributions, (B1+
k,j), and measured B+

1 maps, B1+LC
i,j , can be described using

the following linear combination [22]:
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B1+LC
i,j =

∑
k

Ai,kB1+
k,j (4.7)

Indices i and k are equal if the same number of linear combinations as transmit

channels is used. Index j is the total number of voxels in each B+
1 map. Assuming

i = k, then Ai,k is a square, transformation matrix that describes the linear

combinations of individual transmit elements. Each entry of A can be described

by a single parameter:

Ai,k = 1 for i 6= k (4.8)

Ai,k = ε for i = k (4.9)

• ε = 1, corresponds to quadrature excitation.

• ε = 0, corresponds to zero RF transmission through the transmit element.

• ε = αeiφ, corresponds to a complex parameter where both the relative am-

plitude (α) and phase (φ) of the RF field transmitted through an element

can be adjusted.

B+
1 maps for individual transmit elements are obtained by taking the following

inverse transformation:

B1+
i,j =

∑
k

A−1
i,kB1+LC

k,j (4.10)

It is important that A is an invertible matrix in order to minimise noise amplifi-

cation in the estimation of the individual transmit element B+
1 maps.

The “All-But-One” method is a simple example of this approach and involves

switching off individual transmit channels in turn during each permutation of

coil transmit settings such that:
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Ai,k = 1 for i 6= k (4.11)

Ai,k = 0 for i = k (4.12)

The “All-But-One” combination reduces the dynamic range of B+
1 over the

FOV whilst simultaneously increasing SNR and is equivalent to the following

transformation matrix A:

A =



0 1 1 1 1 1 1 1

1 0 1 1 1 1 1 1

1 1 0 1 1 1 1 1

1 1 1 0 1 1 1 1

1 1 1 1 0 1 1 1

1 1 1 1 1 0 1 1

1 1 1 1 1 1 0 1

1 1 1 1 1 1 1 0



(4.13)

B+
1 maps acquired using the AFI acquisition method and the “All-But-One”

configuration were collected with the NOVA head coil. Figure 4.9 presents the

eight B+
1 maps and shows the calculated flip angles obtained across the phantom

and the decreased dynamic range of B+
1 from the centre to the edges of the FOV.

This method is also time consuming as a full B+
1 map is acquired on each channel

as required for the single channel mapping methods.
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Figure 4.9: AFI B+
1 maps acquired using ‘All-But-One’ method.

4.2.2.2 Relative B+
1 Mapping

Relative B+
1 mapping is a fast and efficient method for calculating the B+

1 dis-

tributions for multiple transmit channels in pTx systems [23]. It requires acqui-

sition of only a single B+
1 map in quadrature mode with all transmit channels

on simultaneously, B1+
quad, plus a set of Low Flip Angle (LFA) Spoiled Gradient

Echo (SPGR) images acquired on each individual transmit channel, ImageFFE(n)

where n is the number of the transmit channels (n = 1−TX). The LFA approx-

imation assumes that the signal intensity in the LFA-SPGR images is directly

proportional to the transmit field strength, on the condition that the RF supply

system is linear [9].

The LFA-SPGR’s are acquired on each transmit channel in turn or by using linear

combinations of transmit channels (see Section 4.2.2.1). Ratios of the individual

transmit channel images to a calculated quadrature image (from the complex

addition of the single channel images) determine the relative B+
1 distributions

for each transmit channel. Any information regarding receive sensitivity or T1

weighting is neglected.

The relative B+
1 distributions are then multiplied by B1+

quad to give absolute B+
1

values for each individual transmit channel map, B1+
ch(n) [23, 24].
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∣∣B1+
ch(n)

∣∣ =

∣∣∣∣∣
(

ImageFFE(n)∑TX
n=1 ImageFFE(n)

)∣∣∣∣∣× ∣∣B1+
quad

∣∣ (4.14)

The relative B+
1 phase maps for each channel are calculated as the difference

between the phase of the first transmit channel image (n = 1) relative to the

phase of each image from the other channels (n = 1− TX).

∠B1+
ch(n) = ∠ImageFFE(1)− ∠ImageFFE(n) (4.15)

An outline of this method is presented in Figure 4.10 for which the data was

collected in a spherical phantom using the NOVA 8TX/32RX head coil. A set

of LFA-SPGR images and a quadrature B+
1 map that are used to calculate the

B+
1 magnitude and phase maps are shown in Figures 4.10 (a), (b), (c) and (d)

respectively.

Relative B+
1 mapping relies on the linear dependence between flip angle and B+

1

being valid across the full FOV in the LFA images. This is unlikely to be the

case for body imaging where the FOV is large and the dynamic range of B+
1 is

even more pronounced. Very large B+
1 fields can be generated in close proximity

to the transmit elements but lower B+
1 fields are produced at a distance in the

centre of the body [22]. Ensuring the LFA approximation is valid adjacent to

the transmit elements results in noise dominated measurements from the rest

of the object where the transmit field is of low amplitude. Likewise, increasing

the flip angle to achieve sufficient signal at greater distances from the transmit

element results in violation of the LFA approximation near the transmit element.

This poses a problem for B+
1 mapping over large FOV’s in body imaging.
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(a) Individual LFA-SPGR images collected for
each transmit channel of head coil. Flip angle
of 3◦ was used.

(b) AFI B+
1 map acquired

with all transmit channels on

(c) Absolute relative B+
1 maps and relative phase maps

Figure 4.10: Data required to calculated relative B+
1 maps and resulting absolute

relative B+
1 maps for each channel, relative phase information displayed as well.

4.2.3 Advanced B+
1 Mapping for pTx Systems

The LFA approximation does not hold across the full FOV in situations where

the B+
1 field has large dynamic range. This is the case in body imaging with

local transmit coils at 7 T. Two novel methods developed to address this are

described in the following sections.

4.2.3.1 Multiple LFA-SPGR’s for B+
1 Mapping

One approach used to combat the large dynamic range of RF fields is the fol-

lowing scheme, developed by Padormo et al. [25]. For each transmit channel,

LFA-SPGR images are acquired at different RF pulse amplitudes so that the LFA

is satisfied in every region for at least one acquisition.
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A reconstruction algorithm combines the images using a Maximum Likelihood

Estimation (MLE) statistical framework that estimates the most probable signal

for each voxel such that the signal intensities in the resultant image are directly

proportional to the B+
1 field. Relative B+

1 maps are then obtained by taking the

appropriate ratios of the images described in Section 4.2.2.2.

This method addresses the need for the LFA-SPGR images to follow the LFA.

However, the validity of the quadrature B+
1 map across the large FOV’s typical

in body imaging which are used to calculate the absolute B+
1 values is still

problematic due to effects of low SNR in the middle of the body. The following

sections look at schemes that can be used to address this.

4.2.3.2 B1TIAMO

An existing method that has been developed to improve B+
1 mapping procedures

for large body regions at UHF is the B1 Time Interleaved Acquisition of Modes

(TIAMO) sequence. This sequence scales single-channel relative B+
1 maps using

two absolute flip angle maps acquired by Pre-Sat TFL [26] which are combined

using the TIAMO technique [16, 27, 28]. The two flip angle maps are acquired

with different RF transmit phase settings to ensure there is sufficient signal in

each voxel in at least one of the maps. The maps are then combined by utilising

a local weighting based on the signals in the underlying images.

By using two different B+
1 modes a complementary RF pattern can be used to

improve overall signal homogeneity. Instead of doubling the acquisition time

TIAMO exploits parallel imaging algorithms such as GRAPPA [29] to minimise

the scan time penalty. This method has shown fast and accurate results in

the abdomen and is possible to perform within a breath-hold, even with a 32-

transmit channel RF body array [16]. It is a promising solution to the B+
1

mapping problem in the body at UHF, however implementing this technique will

require future work and coding the TIAMO MR pulse sequence into the MR

system.
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4.2.4 Summary

An overview of current B+
1 mapping techniques used on both conventional (VFA,

AFI and DREAM) and pTx (linear combination approach, relative B+
1 mapping

and B1TIAMO) systems has been presented. The remainder of this chapter

covers work carried out to investigate and validate the concepts related to each of

these methods. The research and development of further B+
1 mapping techniques

for 7 T body imaging are also put forward for future implementation.

4.3 Methods

An overview of the development of B+
1 mapping for abdominal application on a 7

T system is now presented. Concepts covering multiple aspects of B+
1 mapping

methods were explored using the NOVA head coil on the classic Philips Achieva

7 T system, and the NOVA 8TX/32RX head coil and MRCoils 8TX/32RX body

array on the 7 T pTx system.

4.3.1 AFI

4.3.1.1 Error Propagation

The random error in the full analytical AFI solution (Equation 4.4) due to Gaus-

sian noise in the underlying signals was derived. The full derivation is presented

in Appendix A. The dependence of the random error in the final results on ac-

tual flip angle α, the ratio of TR’s n, and T1 was investigated. The constant

variables used were n = 5, flip angle = 60◦,T1 = 1000 ms, T∗2 = 50 ms, M0 =

1 and SNR = 10.

4.3.1.2 AFI Reconstruction Comparisons

To confirm a full understanding of the MR scanner AFI calculation, B+
1 maps

were collected on a spherical phantom using the NOVA head coil on the con-

ventional 7 T system. B+
1 magnitude and phase distributions were calculated
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off-line using the raw images and compared to the data output from the scan-

ner. The full analytical AFI equation (Equation 4.4) was used in the off-line

reconstruction with T1 = 1500 ms and T2 = 100 ms.

4.3.1.3 AFI Spoiling

The effect of increasing the spoiler gradients at the end of each TR in the

AFI sequence was investigated using a 8 TX/32RX body array on the 7 T pTx

system. B+
1 maps calculated by the scanner software often have masked regions

indicating that no useful B+
1 information exists. Inspection of the data revealed

that regions where the signal intensity in the underlying gradient echo images is

such that S1 > S2 are where the AFI reconstruction is valid and are included in

the mask; regions where S2 < S1 are masked out. This can occur when there

is inadequate spoiling of the transverse magnetisation between gradient echo

acquisitions.

Masking also occurs in the regions furthest from the transmit arrays (in the

middle of the phantom or subject) where the signal intensity is low and close to

the noise floor in both S1 and S2 images. Examples of this masking in the body

phantom and in vivo are shown in Figure 4.11. The images highlighting where

S1 > S2 (Figures 4.11 (d) and (h)) correspond to the masked regions in the B+
1

maps (Figures 4.11 (c) and (g)).

Spoiler gradients were adjusted to investigate the effect this would have on the

masking and low signal areas of the B+
1 maps. The default spoiler gradient

in the AFI sequence had a magnitude of 20 mT and a duration of 50 ms. AFI

acquisitions were repeated with spoiler gradients of 50 mT/50ms and 50 mT/60

ms. All other AFI parameters were kept constant over the three scans; α = 40◦,

TR1/TR2 = 40/200 ms. A comparison of the B+
1 values along a line of interest

(bottom left to top right of phantom) was made.
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(a) Image 1 (b) Image 2 (c) B+
1 Map (d) S1 > S2

(e) Image 1 (f) Image 2 (g) B+
1 Map (h) S1 > S2

Figure 4.11: AFI data acquired in body phantom and in vivo; (a,b) and (e,f)
show the underlying gradient echo images, (c,g) the calculated B+

1 distribution
and (d,h) highlights the voxels where S1 > S2.

4.3.2 DREAM

4.3.2.1 Error Propagation

The random error propagation in the determination of α due to noise using the

DREAM method [15] was investigated to study its dependence on STEAM flip

angle, α, according to different values of imaging flip angle, β. The constant

variables used were ISTE = 0.87, IFID = 0.8, α = 1 - 90◦, β = 5, 10 and 15◦,

and SNR = 2. The values of ISTE, IFID and SNR were measured from the

underlying raw images of acquired DREAM data.

4.3.2.2 DREAM Reconstruction Comparison

To confirm a full understanding of the scanner DREAM reconstruction, B+
1 maps

were calculated off-line using Equation 4.5 and compared to those output from

the scanner.

DREAM B+
1 maps were collected on a spherical phantom on the classic 7 T

system. The underlying images were used to calculate B+
1 distributions with both
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the approximate and full analytical approaches outlined in Equations 4.5 and 4.6.

The agreement between the two different reconstructions was investigated for

the following different T1 values; 250 ms, 500 ms, 1000 ms, 1500 ms, 3000

ms.

4.3.3 Comparing VFA, AFI and DREAM

Ideally, VFA, AFI and DREAM B+
1 mapping methods should return identical B+

1

distributions. An experiment was performed on the conventional 7 T system

with the NOVA 32-channel head coil, and a spherical phantom to investigate

this. It was important to ensure that the same drive scale (see Chapter 3,

Section 5) was used for each acquisition in order to directly compare between

the distributions obtained using each method. The voxel size in each acquisition

was 3 x 3 x 7 mm3, other scan parameters used are listed in Table 4.1.

Table 4.1: Scan parameters used for comparison of VFA, AFI and DREAM
methods.

Scan Drive Scale α (◦) β (◦) TR1 (ms) TR2 (ms) Duration (mins:secs)

AFI 0.1411 40 - 40 200 5:26

DREAM 0.1411 40 7 - - 0:10

VFA 0.1411 10 - 180 - - - 10:12 (0:34/scan)

Lines of interest were drawn across each resultant B+
1 magnitude distribution

and the B+
1 values along the lines were compared across all methods. The

correlation between AFI and DREAM produced B+
1 values across the full FOV

was also studied.

4.3.4 Linearity of B+
1 Response

The linear relationship between B+
1 mapping methods and RF power supply was

investigated in order to prove that B+
1 information could be inferred directly from

the measured image intensity; this is the basis of the B+
1 mapping techniques

presented for pTx applications.
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B+
1 maps were acquired in the body phantom using the body array on the 7 T

pTx system at the following drive scales; 0.1, 0.2, 0.3, 0.4 and 0.5 using both

AFI (α = 40◦, TR1 = 30 ms, TR2 = 150 ms) and DREAM (α = 40◦, β =

7◦) acquisition methods. The mean B+
1 magnitude was measured in three ROIs

in each distribution and plotted against the drive scale to check for a linear

repsonse.

4.3.5 Single Channel versus Linear Combination B+
1 Maps

Single channel B+
1 maps were calculated from a set of acquired AFI “All-But-

One” maps (see Figure 4.9) using the inverse of the transformation matrix

outlined in Equation 4.10. These were then compared to acquired single channel

B+
1 maps also using the same AFI method (see Figure 4.8 for this dataset).

Both sets of B+
1 maps were scaled so that the total power demand was equivalent.

B+
1 magnitude values were compared along lines of interest across the diameter

of the phantom originating from the maximum signal region produced adjacent

to each transmit element, as shown in Figure 4.12.

Figure 4.12: Line of interest across diameter of phantom originating from the
maximum signal region adjacent to each transmit element. Lines of interest
were repeated in this manner for each transmit element.

4.3.6 Adapting B+
1 Mapping for Body Imaging

The following section was performed using the body phantom and 8TX/32RX

body array on the 7 T pTx system. A simple approach was proposed to improve

the relative B+
1 maps for body imaging applications. This involved masking
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final single channel B+
1 distributions according to the areas where the linear

response between the reconstructed B+
1 values and signal in the FFE images is

no longer valid. Examples of the original and masked relative B+
1 magnitude

maps calculated in the body phantom are shown alongside the associated phase

maps.

4.3.6.1 Combining Different Transmit Phases

A method for combining two B+
1 maps acquired with different transmit RF phase

settings in an approach similar to B1TIAMO was developed. The resulting B+
1

map was optimised in terms of signal coverage across the FOV with reduced

B+
1 drop outs. The optimised B+

1 map was then used in the relative B+
1 map-

ping calculation to produce absolute flip angle values for individual channel B+
1

distributions.

Two sets of AFI B+
1 maps (B1+

mode1 and B1+
mode2) were acquired in the body

phantom at a drive scale of 0.4. The implemented transmit phase settings were

linear mode and 45◦ quadrature mode (see Chapter 4). The weightings used to

combine the B+
1 maps, wmode1 and wmode2 , were calculated on a voxel-by-voxel

basis based on the random error in the AFI underlying GRE signals that was

calculated previously, σ2
α, for both of the B+

1 maps:

wmode =

√
1

σ2
α

(4.16)

The optimum absolute B+
1 map (B+

1,optimum) was calculated as follows:

B1+
optimum =

(
wmode1 ×B1+

mode1

)
+
(
wmode2 ×B1+

mode2

)
wmode1 + wmode2

(4.17)
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4.3.6.2 Combining Different RF Powers

Another method for generating an optimised B+
1 map was developed. This time

individual B+
1 maps were acquired using the AFI method at different drive scales

(see Figure 4.13). The drive scales applied for each separate scan were 0.1, 0.2,

0.3 and 0.4 respectively.

In the lower drive scale data B+
1 values are in the linear regime near the transmit

elements, not in the centre of the phantom as the signal is low. In the higher

drive scale maps, the B+
1 values that are in the linear regime are more likely to

be towards the centre of the phantom due to the increase in transmit efficiency.

Near the elements the signal is very high resulting in large flip angles which

are outwith the linear regime. By using a weighted average of these different

distributions, a resultant B+
1 distribution should be considered valid in the linear

regime across the full extent of the phantom.

Figure 4.13: AFI B+
1 maps acquired at four different drive scales; displayed in

order of decreasing drive scale.

All B+
1 maps were scaled to the maximum applied drive scale, 0.4 (e.g. the

0.1 drive scale B+
1 map was multiplied by a factor of 4). This approach could

be taken due to the linearity of B+
1 mapping techniques with drive scale. A

weighted average of the scaled B+
1 maps then results in an optimised, combined

B+
1 map. The weights are calculated from the signal in the underlying AFI

images at different drive scales using the same method outlined in the previous

section. Theoretically, the calculated B+
1 map represents the B+

1 distribution at

a drive scale of 0.4.
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4.4 Results

4.4.1 AFI

4.4.1.1 Error Propagation

Figure 4.14 presents the random error propagation in the full analytical solution

for AFI with respect to actual flip angle α, the ratio of TR’s n, and T1. The

propagated error approaches 10◦ at values of α below 30◦; approaches 6◦ at val-

ues of n less than 2 and increases as the T1 of a given material decreases.
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Figure 4.14: Random error propagation in the full analytical AFI solution as a
function of (a) actual flip angle α, (b) ratio of TR’s n, and (c) T1 relaxation
time.
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4.4.1.2 AFI Reconstruction Comparison

The off-line reconstructions closely matched those calculated by the scanner

software; scanner B+
1 magnitude and phase maps are presented in Figures 4.15

(a) and 4.15 (d), and the off-line reconstructed B+
1 magnitude and phase maps

are presented in Figures 4.15 (b) and 4.15 (e). Figures 4.15 (c) and (f) present

the correlation between scanner and off-line data for magnitude and phase data

respectively and show that the off-line reconstructions match those output from

the scanner directly indicating that the scanner AFI reconstruction was as ex-

pected.
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Figure 4.15: Examples of scanner and off-line reconstructed AFI B+
1 maps;

magnitude and phase data shown for comparison. Note air bubble at the top of
the phantom.

4.4.1.3 AFI Spoiling

Figure 4.16 (a) shows an AFI B+
1 map acquired with default spoiler gradients

(20 mT, 50 ms), (b) shows a B+
1 map acquired with spoiler gradients increased
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to 50mT and (c) shows a B+
1 map acquired with a 50 mT spoiler gradient of 60

ms duration. There is less masking of the area in the centre of the phantom,

where signal is low, in (b) and (c) compared with (a).

(a) Default Gradients:
20mT, 50 ms

(b) Adjusted Gradients:
50mT, 50 ms

(c) Adjusted Gradients:
50mT, 60 ms

Figure 4.16: Examples of AFI B+
1 maps acquired with default and adjusted

spoiler gradients. Red line shows line of interest taken for Figure 4.17.

Figure 4.17 shows the comparison of the B+
1 values along a line of interest across

each magnitude map. In voxels numbered 1 - 40 there was no significant change

to the B+
1 values. In voxels numbered > 40 the calculated B+

1 is greater in the

maps acquired with increased spoiler gradients indicating that the signal in the

second gradient echo image is lower (compared to the default image) and any

residual transverse coherence has been removed.

0 20 40 60 80 100 120 1400

50

100

150

200

250

Voxel

%
of

N
om

in
al

Fl
ip

A
ng

le

Default AFI Gradients
Increased Spoiler Gradient Magnitude
Increased Spoiler Gradient Duration

Figure 4.17: Comparison of AFI B+
1 values acquired with default and adjusted

spoiler gradients along line of interest (top, right to bottom, left of phantom).
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4.4.2 DREAM

4.4.2.1 Error Propagation

Figure 4.18 shows the random error propagation with respect to STEAM angle,

α. Random error is high at α’s below 30◦ and greater than 70◦. Increasing the

excitation pulse, β, decreases the error in the predicted value of α.
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Figure 4.18: Random error in estimated STEAM angle with respect to actual
STEAM angle, α [15].

4.4.2.2 DREAM Reconstruction Comparison

Scanner B+
1 magnitude and phase maps are presented in Figures 4.19(a) and

4.19(b), the off-line reconstructed B+
1 magnitude and phase maps are presented

in Figures 4.19(c) and 4.19(d). Figures 4.19 (c) and (f) display the correlation

between the two B+
1 magnitude and phase distributions respectively. The off-

line reconstructions are identical to the B+
1 distributions output directly from

the scanner.
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Figure 4.19: Examples of scanner and off-line reconstructed DREAM B+
1 maps;

magnitude and phase data shown for comparison.

DREAM data reconstructed with the full analytical solution with different T1

values correlated with data reconstructed with the approximate solution (inde-

pendent of T1) is displayed in Figure 4.20 (a). Solutions for α start to deviate

at around 70◦. Figure 4.20 (b) highlights the flip angle region from 70◦ - 100◦

where the deviation between the calculated values of α can be seen to increase

at lower values of T1.
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Figure 4.20: Correlation plot of DREAM B+
1 maps calculated with approximation

and T1/T2 dependent equations. Units are % of STEAM angle, α.

4.4.3 Comparing VFA, AFI and DREAM

Figure 4.21 displays the three B+
1 maps acquired with (a) VFA, (b) DREAM

and (c) AFI techniques. All methods were acquired using a 3D acquisition and

so slice profile effects did not have to be considered. The line of interest along

which B+
1 values were compared is highlighted. All profiles reflect a peak B+

1 of

120 % of nominal flip angle in the middle of the phantom; this corresponds to

48◦. The profiles start to deviate between 70 and 110 % of nominal flip angle

(28 - 44◦). The VFA profile for B+
1 values less than 60 % of nominal flip angle

(< 24◦) corresponding to the outer layer of the phantom is matched by the

DREAM profile (although it is considerably more noisy). In this region, the AFI

overestimates the B+
1 by about 10 % (∼ 4◦). Deviation of both DREAM and

AFI from the VFA results is expected due to the higher random error propagation

at low flip angles present in the respective reconstruction methods as shown in

Figures 4.14 (a) and 4.18. The VFA has lower error propagation due to the

multiple data points involved in calculating the measured flip angles.
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(a) VFA (b) DREAM (c) AFI
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Figure 4.21: B+
1 maps showing line of interest drawn for comparing magnitude

profiles.(a) resulting B+
1 distribution calculated from VFA method, (b) B+

1 distri-
bution obtained using DREAM and (c) B+

1 distribution obtained using AFI, (d)
shows the comparison of B+

1 values along the line of interest. AFI and DREAM
closely resemble the VFA B+

1 distribution in the middle of the phantom and less
so around the periphery of the phantom where the B+

1 is lower.

Figure 4.22 displays the correlation between AFI and DREAM B+
1 values across

the whole FOV. There is a high correlation above 110 % of nominal flip angle (>

44◦). Between 80 - 110 % (32 - 44◦), AFI and DREAM results begin to deviate

from each other, and below 80 % of nominal flip angle (< 32◦) the correlation

is low due to the noisy DREAM distribution and random error propagation in

both methods at low flip angles.
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Figure 4.22: Correlation of B+
1 values from distributions generated using the

AFI and DREAM methods. Values correlate well at high B+
1 values (> 90 % of

nominal flip angle corresponds to ∼ 35◦), and there is a low correlation at low
flip angles.

4.4.4 Linearity of B+
1 Response

Figure 4.23 shows the B+
1 maps acquired using (a) AFI and (b) DREAM acquisi-

tion methods at varying drive scales. The ROIs 1-3 are shown in Figure 4.24 (a)

and include examples in the (1) centre right, (2) upper left and (3) top right of

the phantom. The mean B+
1 value in each ROI obtained from AFI and DREAM

distributions were plotted against drive scale and are presented in Figures 4.24

(b), (c) and (d) for ROI 1, ROI 2 and ROI 3 respectively. From observation

of all three plots it is clear that the linear characteristics of the of B+
1 mapping

methods depend on the location of the ROI in the FOV.

In ROI 1 (centre right of phantom) the mean B+
1 is unstable, particularly in the

DREAM data where low B+
1 has been incorrectly reconstructed as high B+

1 . In

addition to this, the effect of severely decreasing B+
1 towards the centre of the

phantom that results in low B+
1 values with noise characteristics is shown. In

ROI 2 (upper left) there is evidence of linearity within the range of drive scale

0.2 - 0.4. In ROI 3 (top right) the B+
1 transmit efficiency is high and the linear
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(a)

(b)

Figure 4.23: (a) AFI and (b) DREAM B+
1 Maps acquired at different drive scales.

behaviour is very clear. Similar to ROI 2 results the linearity changes below drive

scale = 0.2 and above drive scale = 0.4. The large dynamic range of B+
1 values

experienced in the body phantom can be seen by comparing results across each

plot.
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(a) ROIs chosen
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Figure 4.24: Plots of measured B+
1 vs. drive scale in different regions of interest

in the body phantom demonstrates how linearity of B+
1 mapping is not consistent

across different ROIs and over the full range of RF power available.

4.4.5 Single Channel versus Linear Combination B+
1 Maps

Figure 4.25 displays single channel B+
1 maps calculated from the “All-But-One”

channel AFI B+
1 maps shown in Figure 4.9. The comparison of B+

1 values between

a directly acquired single channel AFI B+
1 map and a calculated single channel

B+
1 map for transmit element number 3 is displayed in Figure 4.26.

The inverted All-But-One and acquired single channel maps do not have identical

B+
1 values. In the transmit element 3 example, the inverted All-But-One values
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Figure 4.25: Single channel AFI Maps calculated by multiplying ‘All-But-One’
AFI maps by the inverse of matrix, A.
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Figure 4.26: Plots show B+
1 values (in % of Nominal Flip Angle) from single

channel and inverted All-But-One AFI maps. Values are taken along lines of
interest originating from the maximum signal region of each transmit element.
Example from transmit element 3 is shown.

cover a greater range of flip angles demonstrating the wider dynamic range

of the All-But-One method. This highlights the advantage of this method for

capturing more information about the full distribution of B+
1 values generated

close to and further away from each transmit element.

4.4.6 Adapting B+
1 Mapping for Body Imaging

Relative B+
1 maps calculated by voxel-by-voxel multiplication are shown in Figure

4.27. High B+
1 values in middle of phantom are not physical but arise due to

low signal noise and incorrect B+
1 reconstruction based on the underlying AFI

(or DREAM) method.
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(a) (b) (c) (d)

(e) (f) (g) (h)

Figure 4.27: Conventional relative B+
1 maps; non-physical high B+

1 values in the
centre of the phantom correspond to low signal areas in LFA-SPGR images and
where linear response of B+

1 is not valid.

A plot of normalised signal intensity from one of the single channel LFA-SPGR

images against the corresponding channel relative B+
1 map is shown in Figure

4.28. A positive linear trend can be seen across all of the voxels, and outlier

values are more severe at lower signal. For this reason, the relative B+
1 map

threshold was set to a normlaised signal intensity of 0.1.

Figure 4.29 shows the relative B+
1 maps after they have been masked accord-

ing to signal intensity values less than 0.1 where the linear behaviour of the

reconstructed B+
1 values was no longer valid. The associated relative B+

1 phase

maps are presented in Figure 4.30. These are calculated from the single channel

LFA-SPGR images and are relevant in the unmasked areas in Figure 4.29.
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Figure 4.28: Example of a plot of signal from a single channel LFA-SPGR image
versus B+

1 values in the equivalent voxels.

Figure 4.29: Relative B+
1 maps masked according to areas where the linear

response of the reconstructed B+
1 values is no longer valid.
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(a) (b) (c) (d)

(e) (f) (g) (h)

Figure 4.30: Relative B+
1 phase maps calculated from the low angle FFE images.
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4.4.6.1 Combining Different Transmit Phases

The calculated voxel weights based on underlying images acquired using the AFI

method are illustrated (using a logarithmic scale) in Figure 4.31 and demonstrate

that higher weighting was given to higher signal areas. Figure 4.32 displays each

acquired B+
1 map acquired with linear and quadrature transmit phase settings,

and the final combined, optimised B+
1 map which contains increased B+

1 infor-

mation in areas where there is no B+
1 data in the acquired distributions.

Figure 4.31: Weights are calculated for each voxel based on the underlying
images acquired with the AFI sequence. This is repeated for data acquired in
multiple different transmit RF phase settings. These weights are then applied to
the respective AFI maps which are combined to produce an optimised B+

1 map.
Image data acquired in the body phantom is shown.
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(a) Linear transmit phase
setting

(b) Quadrature transmit
phase setting

(c) Combined B+
1 map

Figure 4.32: Combining B+
1 maps acquired with different transmit phase setting.

(a) displays a B+
1 map acquired with linear transmit phase settings, (b) displays

a B+
1 map acquired with quadrature transmit phase settings and (c) displays the

combined B+
1 map calculated from a weighted average of maps shown in (a)

and (b). The weights are calculated based on the underlying signal intensity in
the images acquired using the AFI method.

4.4.6.2 Combining Different RF Powers

The B+
1 maps all scaled to the maximum acquired drive scale are displayed

in Figure 4.33. Figure 4.34 displays the combined B+
1 map calculated from

the weighted average of the scaled maps shown in the previous figure that

represented the 0.4 drive scale distributions.

Figure 4.33: AFI B+
1 maps (acquired at drive scales 0.1, 0.2, 0.3 and 0.4) all

scaled to the maximum drive scale.
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Figure 4.34: B+
1 map reconstructed from a weighted average of four individual

AFI B+
1 maps acquired at different drive scales. Weights were calculated based

on the signal in the underlying images which varied with drive scale.

4.5 Discussion

4.5.1 AFI

The random error propagation in the AFI reconstruction confirmed that there

is high error in the determination of actual flip angles at low flip angles (<

20◦). This is an issue for large FOVs where signal can be low at distances far

from the transmit elements in the centre of either the body phantom or subject.

Calculated B+
1 in this region can result in noisy results returning high B+

1 values

that are not physical, or the signal in this area can be masked out where S2 >

S1; however, this can be improved marginally by increasing the spoiler gradients

in the AFI sequence.

4.5.2 DREAM

DREAM has high random error propagation in the determination of the STEAM

angle α at low flip angles (< 20◦), similar to AFI. Additionally, the random error

propagation increases as flip angles approach 90◦. For shorter T1 values (which

is not as problematic at UHF) it is recommended that the full analytical solution
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is used due to the deviation of results compared to those obtained with the

approximate solution.

4.5.3 Comparing VFA, AFI and DREAM

AFI and DREAM methods produced similar B+
1 values to those calculated with

the VFA technique. However, they do not accurately map the low B+
1 values

corresponding to low flip angles that are prone to random error in the signal

fof the underlying images of each method. This leads to systematic errors in

the reconstruction of final B+
1 values. The correlation between AFI and DREAM

demonstrated the robustness of both methods at higher flip angles, but both are

unreliable at determining low B+
1 values at low flip angles. In terms of practical

considerations, AFI was found to be more robust to use as conflicts often arose

with DREAM when during scanning sessions.

4.5.4 Linearity of B+
1 Response

The plots of B+
1 versus drive scale (Figure 4.24) confirm that B+

1 mapping meth-

ods are not proportional to RF power with the same scale factor in different ROIs

in large FOVs due to the large dynamic range. Therefore, methods that produce

B+
1 fields that are linear with RF power, across the typical FOVs experienced in

body imaging, are essential for accurate B+
1 mapping in the body.

4.5.5 Single Channel versus Linear Combination B+
1 Maps

Acquired single channel B+
1 maps and calculated single channel B+

1 maps (ob-

tained by inverting All-But-One data) did not reproduce identical B+
1 values.

This was expected as the calculated B+
1 data from the All-But-One maps should

exhibit a larger dynamic range, more representative of the B+
1 values generated

close to and far from each transmit element. The gradient of the relationship

between the acquired and calculated data is not equal to that of a linear rela-

tionship. This is likely due to different B+
1 power calibrations used for each of

the underlying acquisitions. For the single channel maps, one transmit channel
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was activated; for the calculated maps, seven transmit channels were activated.

The power calibrations were unable to be controlled by the scanner user with

the NOVA head coil as the hardware restrictions limited the choice of drive scale

during scanning. Although the linear combination method could be advanta-

geous for its wider dynamic range, it still requires iterative acquisition of B+
1

maps on each transmit channel which can be time consuming compared to the

relative B+
1 mapping method where only a single B+

1 map with all-channels-on

is required.

4.5.6 Adapting B+
1 Mapping for Body Imaging

The methods put forward for improving the quality and validity of relative B+
1

maps for body applications are now discussed. Masking the relative B+
1 maps

according to where the linear response of the reconstructed B+
1 values is no

longer valid improves the quality of the data and would solve issues surrounding

magnitude-based RF shimming with non-physical values in the centre of the

body phantom or subject where low signal is a challenge. The B+
1 phase maps

can be calculated quickly from the LFA-SPGR data, applying the same masking

to this data improves the validity of the relative B+
1 phase distributions for each

transmit channel. This is important as these maps are the basis for phase-only

RF shimming calculations that are employed throughout this thesis.

4.5.6.1 Approaches for Combining B+
1 Maps

An optimised B+
1 map was produced by combining two separate B+

1 maps ac-

quired with different transmit phase settings. The optimised map has improved

the existing B+
1 information in the middle of the phantom. Combining B+

1 maps

that were required at different drive scales also produces a final optimised B+
1

map with improved coverage and B+
1 information in the centre of the phan-

tom.

Both methods for producing optimised B+
1 maps (acquisition with different trans-

mit phase settings and drive scales) are promising approaches for B+
1 mapping for
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7 T body applications. However, changing the transmit phase settings and drive

scales before each acquisition is time consuming. Further work should include

exploring these methods more in depth and programming the scanner so that

these parameters can be changed conveniently during scanning sessions.

4.6 Conclusion

B+
1 mapping is important for B+

1 calibration and RF shimming during in vivo

scans on pTx systems. B+
1 mapping methods need to be time efficient and

accurately reflect the underlying flip angle distribution across the whole FOV.

Although the AFI method has a longer acquisition time than DREAM, it was

a more robust sequence during initial body imaging work. Sufficient coverage

with coarse resolution could still be achieved within a single breath hold. Linear

combination and relative B+
1 mapping techniques were described. Both of these

methods address the problem of increased dynamic range sufficiently in smaller

FOV imaging applications. Relative B+
1 mapping using DREAM to acquire the

necessary B+
1 map is the most time efficient method considered.

The problems associated with using these methods for body imaging were ex-

plained. This includes the lack of a consistent linear regime across the large

FOVs experienced in the body. Examples of methods that can be used to im-

prove B+
1 mapping for UHF abdominal imaging were described. Relative B+

1

maps where information was non-linear in low signal areas was eliminated and

optimised B+
1 maps based on combinations of different transmit phases or powers

were calculated. These are promising approaches for B+
1 mapping in the body at

7 T but requires future work in investigating the best way to extrapolate to low

and high areas of B+
1 in order to be used as part of the imaging work flow.
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5 Robust RF Modelling for Evaluation

of 7 T Body Imaging

Parallel Transmission Technology (pTx) at 7 T poses a particular MR safety

challenge due to the potential for local SAR hotspots that can arise from con-

structive interference of electric fields generated from individual transmit RF

channels. SAR distributions cannot be predicted a priori and so electromagnetic

(EM) simulations are essential for full local SAR assessment. The overall goal of

this chapter is to outline a method for efficient local SAR estimations of subject-

specific models for abdominal imaging at 7 T. The sensitivity of the estimates of

local SAR and B+
1 in relation to coil displacement, intra-subject variability due

to respiration, and inter-subject variability within a library of subject-specific

models is also explored.

This chapter contains methods and results that were published as abstracts

in the proceedings of the 26th and 27th Annual Meetings of the International

Society for Magnetic Resonance in Medicine (ISMRM):

• Repeatability of FDTD simulations for determining local SAR and B+
1

distributions for UHF abdominal imaging, 2019, In Proc. ISMRM (Mon-

treal), #4157

• Simplified subject-based models for efficient electromagnetic simulations

and evaluation of local SAR for 7 T abdominal MRI, 2019, In Proc.

ISMRM (Montreal), #4156

• Effects of Respiration on B+
1 and SAR in Whole-Body Imaging at 7 T,

2018, In Proc. ISMRM (Paris), #4179
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5.1 Introduction

Abdominal MR imaging at 7 T shows great promise due to the increase in

signal-to-noise (SNR) [1]. However, when imaging at UHF it is important to

ensure subject safety and limit the tissue heating effects that can be caused

by the increased RF energy deposition introduced in Chapter 3. The Specific

Absorption Rate (SAR) is used as a measure for this energy deposition and is

a concern at all field strengths but even more so at 7 T due to the increase in

frequency of the RF fields used for excitation [2].

Estimations of SAR must be made prior to scanning to ensure restrictions set by

the International Electrotechnical Commission (IEC) and The Food and Drug

Administration (FDA) are met [3, 4]. It is difficult to measure SAR in vivo

and so numerical simulations are used to evaluate the expected global and local

SAR distributions [5]. Global SAR is easier to estimate and can be controlled by

restricting power during scanning. However, there is a lack of reliable techniques

for monitoring and measuring local SAR in vivo. Due to the use of local transmit

coils and the shorter wavelengths of the RF radiation at 7 T there is a danger of

reaching peak local SAR values whilst still being within global SAR safety limits.

The complicated behaviour of local SAR is due to the unique electromagnetic

interactions of the RF fields within heterogeneous tissues with different dielectric

properties that are present in the human body [6].

Therefore, local SAR simulations must contain realistic representations of the

RF transmit system and subject anatomy. Work has been performed with highly

detailed generic human body models in a small population of body composi-

tions to characterise the inter-subject variability [7–10]. These results provided

conservative safety factors so that 7 T scanning could be performed. However,

working within these conservative regimes can be detrimental to image quality,

and this has motivated further development of methods for investigating local

SAR in the body at 7 T on an individual subject basis.

This chapter aims to develop a robust modelling pipeline for investigating local
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SAR in the abdomen at 7 T. This includes performing FDTD simulations with

an efficient RF coil model and subject-specific body models to provide measures

of intra- and inter-subject variability in a population of healthy volunteers.

As described in Chapter 3, local SAR can be estimated using the FDTD method

for EM simulations to model RF behaviour [11]. When simulating pTx sys-

tems, if all transmit RF channels are simulated simultaneously with a specific

amplitude and relative phase setting, only this single RF configuration can be

investigated. However, simulating each transmit channel independently enables

unique RF settings to be applied off-line during local SAR computation. This

means that fully characterising a pTx system can take significant amounts of

time as the number of full simulations required is equal to the number of transmit

channels.

Each transmit RF channel in the coil model needs to be tuned to resonant

frequency in the simulation to ensure realistic representation of the RF transmit

system. The tuning process can also take considerable lengths of time as it

requires a broadband frequency sweep (0 - 1 GHz). Therefore, a coil model that

is capable of accurate and rapid tuning is desirable.

Initial EM simulations were performed with a model of the body array (MRCoils

8TX/32RX fractionated dipole body array [12]) with transmit dipoles modelled

as thin blocks of perfectly conducting material as displayed in Figure 5.1 (a).

This model only tuned to resonant frequency (300 MHz) when dipoles were

orientated along Cartesian mesh edges. This did not represent how the body

array is wrapped around the subject in real life situations, as shown in Figure

5.1 (b).
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(a) (b)

Figure 5.1: (a) Example of one of the fractionated dipoles used in the coil
model in initial simulations. Dipoles were modelled as thin blocks of perfectly
conducting material. (b) Demonstration of body array wrapped around subject.

The Cartesian gridding used in the FDTD simulation poses a problem for the

curved meanders of the fractionated dipoles (see Figure 5.2). There are tech-

niques developed in EM simulation packages to improve the accuracy of the mesh

generated for geometrical features such as complex curved surfaces or small gaps

in material [13] however, these are not always available in every software version.

When the dipoles were tilted to mimic how they are wrapped around a subject in

the scanner, they would not tune to resonance as the curved meanders were no

longer sufficiently meshed. Accurate determination of coupling ratios and dipoles

tuned to resonance are necessary for accurate SAR predictions. Therefore, this

configuration could not be used to produce accurate results.
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Figure 5.2: Example of a curved meander of the dipole and a meshed block
model.

In order to allow for variations in the dipole orientation during scanning the block

dipole model was replaced by a wire dipole model. In this model straight perfectly

conducting wires and multiple inductors were used to represent each transmit

dipole. By using this model, developed by Bawden et al. [14], individual transmit

elements could effectively be rotated in the xy-plane whilst still maintaining

resonant tuning at 300 MHz. Additionally, comparing simulations where the

target cell sizes were equivalent, the wire model tuning converged 2.2 times

faster than the block dipole with the meanders.

Complex human models based on highly detailed, high resolution segmentations

of 3D image data can be constructed of millions of voxels. Simulations with

these models require similar numbers of Yee cells (see Section 3.9) in order

to fully capture information about the dielectric properties for different tissue

types and the boundaries between them, contributes to significant simulation

time.

Furthermore, these complex human models only represent a small fraction of the

human population. Scaling models up or down to match other human geometries

is not sufficient as retaining information about exact internal tissue distributions

is vital for accurate SAR modelling. The modelling of male and female body

types of all ages, Body Mass Index (BMI) values and realistic positions based

on subject-specific models would allow local SAR distributions to be assessed in

a general population [8, 15].
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Typically, simulations with generic human models are performed and to compen-

sate for differences in different body types additional safety factors are applied

to results when investigating worst case local SAR conditions [16, 17]. These

safety factors can potentially be highly conservative severely limiting the power

available for scanning [18]. Alternatively, individual subjects can be modelled

to allow more accurate local SAR predictions, but construction of these mod-

els can be very time consuming, requiring skilled user intervention for tissue

segmentation [19, 20].

Existing literature has shown that using truncated whole-body models with re-

duced tissue complexity can be used to simulate local SAR in the head without

compromising the results [2, 18, 21]. This finding is incredibly useful as it

means that less tissue types require segmentation when constructing subject-

specific body models for simulations speeding up the process. The work in this

chapter is based on the hypothesis that the same approach can be taken in the

body by using truncated whole-body models with reduced tissue complexity to

simulate local SAR in the abdomen.

5.1.1 Outline

This chapter addresses the challenges discussed in the previous section and

covers the following pieces of work:

• Verification of FDTD simulations through comparison of simulated B+
1

fields and acquired B+
1 maps in a body phantom.

• Simulations with the developed wire dipole model are performed, local

SAR and B+
1 distributions are calculated and compared to results obtained

with the original full block dipole model.

• A method for creating subject-specific, simplified body models was de-

veloped. The use of simplified models to reproduce accurate results was

assessed by looking at the truncation of generic whole-body models and

the reduced tissue complexity of subject-specific models.
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• Efficient simulations combined with simplified models offer a robust ap-

proach for RF modelling and evaluating body imaging at 7 T. This is used

to study the following three concepts.

– The sensitivity of local SAR results to small displacements of the coil

model was also determined. In reality the body array (and subject)

do not always remain in the same position throughout the scan ses-

sion due to movement. Investigating the sensitivity of RF modelling

results to realistic displacements will give insight into the variability

in maximum local SAR evaluations and increase confidence in values

used to form final power limits.

– Respiration induced variations in both local SAR and B+
1 [22, 23]

provide a measure of intra-subject variability. This is important in-

formation for assessing the robustness of RF shimming and RF pulse

design at 7 T in the body [24]. The developed subject-specific mod-

els are used to evaluate the effect of respiration on calculated local

SAR and B+
1 fields. The results are verified by comparing B+

1 maps

acquired in the same subjects in vivo.

– Inter-subject variability of peak local SAR results in a library of mod-

els was also investigated. This is extremely important as it char-

acterises the worst case scenario peak local SAR values. The cor-

relation of these results with body composition of the subjects and

different RF phase settings generated using a Monte Carlo method

were evaluated.
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5.2.1 Simulations

EM simulations were performed using Remcom XFdtd 7.7.1 (Remcom, State

College, PA, USA) and were executed on an NVIDIA Titan Xp GPU. Each

transmit dipole was driven by feeding a port located halfway along each dipole

with 0◦ phase shift and tuned ideally at 300 MHz (each dipole was tuned to a

slightly different frequency due to the interaction with the body model placed in

the coil). An example of a tuned dipole is shown in Figure 5.3. Open boundary

conditions were defined in all directions and calculations were terminated after

simulation of a system energy decay of -30 dB.

An optimised gridding algorithm (PrOGrid, Remcom) was applied in all simula-

tions. The minimum feature size was defined as 5 cells for good conductors and

2 cells for poor conductors. This resulted in minimum cell edge lengths of 3.6 x

1.5 x 0.4 mm3 around the dipole feeds and maximum edge lengths of 7.8 x 7.7

x 29.2 mm3 towards the periphery of the simulation space. On average there

were on the order of 5 million cells across each simulation. The average runtime

for each simulation was approximately 30 minutes depending on the extent of

the body model. EM fields, scattering (S-) parameters (see Section 3.4.2) and

input powers for each transmit element were exported once each simulation had

terminated along with biological tissue density and electrical conductivity data

associated with the body model in each simulation.
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Figure 5.3: S-parameter [S11] vs. frequency plot for a wire dipole: inductors
were tuned such that each transmit dipole had a resonance frequency of 300
MHz.

5.2.2 Data Processing

The post-processing and analysis of the exported data was carried out in Matlab

R2018b (The MathWorks Inc, Natick, MA, USA) using in-house scripts. Electric

and magnetic fields were normalised to 1 W incident power for each transmit

element before calculating SAR distributions and B+
1 fields.

These were projected onto a 2 mm isotropic Cartesian grid for the mass averaging

method used (described in Section 3.9.3). S-parameters were used to construct

the S-matrices (discussed in Section 3.4.2) for the coil model in each simulation.

A SAR per
√

(B+
1 )2 value for each simulation was calculated from the peak local

SAR value after scaling the local SAR distribution by the same factor required

to normalise the B+
1 distribution to a maximum value of 1 µT.

5.2.3 Comparing Simulated and Experimental B+
1 Distri-

butions

To provide a test of the validity of the EM simulations and wire based body array

model, the B+
1 distribution generated from a simulation with a model of the body

phantom (described in Section 3.7) was compared to a B+
1 map collected on the

same phantom on the 7 T Philips Achieva multi-transmit system.

The model of the phantom, shown in Figure 5.4, was constructed with the
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following dielectric properties for each simulated material [25]:

Table 5.1: Conductivity and density values of the simulated materials included
in the body phantom model.

Material Conductivity, σ [Sm−1] Density, ρ [kgm−3]

Copper Sulphate Solution 10.7 988.2

Plastic Casing 1e−15 1180

Vegetable Oil 1e−10 900

Figure 5.4: Body array and phantom models used in the EM simulations.

The B+
1 mapping acquisition method used was DREAM [26]; transverse orienta-

tion, FOV = 304 x 480 x 400 mm3 , voxel size = 3.125 x 3.125 x 4 mm3, STEAM

flip angle α = 40◦, imaging flip angle β = 7◦, imaging sequence repetition time

TR = 5.3 ms, echo times = 3.6/4.05 ms, echo order: STE first.

In order to directly compare the B+
1 distributions the simulated data was scaled

to 3 W average power per transmit channel (to match the power limits set on

the scanner) and the experimental data was converted from % of nominal flip

angle to units of micro-Tesla (µT). This was achieved using details of the RF

excitation pulses used for the STEAM sequence (B+
1 max = 1.6 µT) which dictate

the nominal flip angle for the DREAM B+
1 mapping method.

5.2.4 Simplified Dipole Model Verification

The agreement between the wire dipole model [14] and the full block dipole

model was investigated. In the block based model each radiative fractionated
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dipole antenna consisted of two copper strips which were centrally fed by a volt-

age feed with a load of 50 Ω. This framework was created using CAD software

to represent the exact geometry and imported into simulation software.

The wire based model replaced the fractionated dipole antennas with straight

perfectly conducting wires. These wires were also centrally fed by a voltage

feed with a load of 50 Ω and included four inductors placed along each wire

to represent the dipole meanders. Values for the inductors were adjusted to

tune each dipole to 300 MHz and ranged from 70 - 95 nH. The element casing

and fibreglass circuit board upon which each dipole was placed was modelled

as a plastic substrate. The dimensions of each transmit element was 100 mm

x 30 mm x 400 mm and the length of each wire dipole was 310 mm; this is

demonstrated in Figure 5.5.

Figure 5.5: Body array model; dimensions of transmit element casings [400 x
100 x 30 mm3] and dipole elements [310 mm in length] shown.

In reality, receive loops are contained within the plastic substrates along the

length of each dipole. However, these were not included in the simulation model

as they are detuned and have negligible effect in normal operations. Both wire

and block dipole body array models included the ability to move individual el-

ements so they could accommodate the human models, just as the body array

would adapt to individual subject’s body contours.
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Three simulations were run according to the methods outlined in Section 5.2.1

with a male body model (examples are shown in Figure 5.6). The first simulation

(Block Model) used the block dipole model with each element placed straight

along the Cartesian grid lines. The second simulation (Wire Model (straight

configuration)) replaced the block dipole model with the wire dipole model

elements in the same locations and orientation. The third simulation (Wire

Model (tilted configuration)) was run with wire dipole elements tilted in the x,

y plane such that each element was positioned in accordance with the contours

of the body model.

(a) Block dipole model with straight elements.

(b) Wire dipole model with straight elements.

(c) Wire dipole model with rotated elements in xy-plane.

Figure 5.6: Examples of the coil geometries used in each simulation (with a
male body model) performed for wire dipole model verification.
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5.2.5 Development of Simplified Body Models

5.2.5.1 Truncation

A generic, whole-body, male human model based on data from the National

Library of Medicine’s Visible Human Project [27] was available as part of the

simulation software. This body model was used to study the effects of replacing

whole-body models with torso-only models. Three separate simulations were

performed with a whole-body, upper-body and torso-only model as shown in

Figure 5.7. Upper-body and torso-only models were obtained by restricting the

computational space to the target anatomy. A perfectly matched layer (PML)

boundary was used (layers = 7) to avoid any problems with open boundaries in

the truncated simulations (see Chapter 3, Section 3.9.1).

(a) Whole-body. (b) Upper-body. (c) Torso-only.

Figure 5.7: Whole-body and truncated versions of the generic male human model
used in simulations.

5.2.5.2 Repeatability and Coil Model Position

Two subject-specific models (male and female) were created based on data

acquired on a 3T Philips Ingenia MR system. The mDixon sequence with TR

= 5.0 ms, TE1/∆TE = 1.19/1.18 ms and flip angle = 3◦ was used. The FOV

was fixed to 560 x 300 x 560 (AP x FH x RL) mm3 and the voxel resolution was

1.3 x 1.3 x 5 mm3 resulting in a total scan duration of 10.1 s.

171



5.2 Methods

Image outputs were used to manually segment 12 different abdominal tissue

types using Analyze software. These regions were labelled according to the

Remcom tissue library and constructed into 3D body models (resolution 1.5 x

1.5 x 5 mm3) encompassing the torso and arms of each subject in Matlab. The

body models were then imported into the EM software for simulation.

Five separate simulations were performed with each model to generate EM fields

from individual elements. The body array model was displaced in ±x directions

(corresponding to the RL direction) by 10 mm and then reconformed around

the body at the new position in each simulation. Figure 5.8 highlights how the

positions of the coil elements were subtly changed in each simulation.

(a) Male model simulations.

(b) Female model simulations.

Figure 5.8: Body array positions in each of the five separate simulations for the
(a) male model and (b) female model investigations. Note the subtle movement
and overall small displacements of each transmit coil element between each of
the columns.

The variation of local SAR between positions for each model was calculated

and used to compute an expected error for final local SAR values in subse-

quent simulations. The local SAR variability result was also used to determine

when simplified simulations started to deviate significantly from validated simu-

lations.
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5.2.5.3 Reduced Tissue Complexity

Six versions of each manually segmented model were created with increasingly

reduced tissue complexity to represent successive stages of simplified tissue seg-

mentation. The different tissue assignments are outlined in Table 5.2, and the

conductivity and density values of the different tissues used in the simplified

models, generated by the Remcom tissue library, are listed in Table 5.3. Full

simulations were repeated with each of these models with the coil and human

models in the same geometry.

Table 5.2: Tissue types included in each of the simplified models. A male and
female of each model type was constructed.

Tissue Types

Model Type Abdominal Organs Muscle Fat Skin Lung Bone

Full Organ specific Muscle Fat Skin Lung Bone

MFSLB Muscle Muscle Fat Skin Lung Bone

MFSLBa Muscle Muscle Fat Skin Lung Fat

MFSLBb Muscle Muscle Fat Skin Lung Muscle

MFLBa Muscle Muscle Fat Muscle Lung Bone

MFLBb Muscle Muscle Fat Fat Lung Bone

MFL Muscle Muscle Fat Fat Lung Fat

Table 5.3: Conductivity and density values of reduced complexity tissue types.

Tissue Conductivity [Sm−1] Density [kgm−3]

Muscle 0.8 1090

Fat 0.035 911

Skin 0.0002 1109

Lung 0.03 394

Bone 0.07 1178

5.2.5.4 Automatic Segmentation

The most simplified model that returned accurate results was used to develop

an automatic segmentation method for generating subject-specific torso-only

body models from 3 T mDixon data. The input images for the automatic
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segmentation were the same 3T mDixon data used previously. The in-phase

mDixon images were used to segment the subject from the image background

using the Otsu method; this is an automatic clustering based image thresholding

technique [28]. Fat and water images were used to segment fat and water-based

tissues for each model. Adaptive k-means clustering [29] was implemented on

the out-of-phase images to segment the lungs. Finally, a 2 mm3 layer of skin

tissue, corresponding to a single voxel layer, was added to each subject model

and all tissue types were labelled according the Remcom tissue library.

Simulations were run according to Section 5.2.1 with the male and female au-

tomatically segmented simplified models. Results from these simulations were

then compared to those obtained from the manually constructed models in order

to confirm if the automatically segmented models could replace the manually

segmented models in simulations to investigate local SAR. The automatic seg-

mentation process is illustrated in Figure 5.9.
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(a)

(b)

Figure 5.9: Overview of (a) subject-specific model construction; manual and au-
tomatic segmentation of 3 T mDixon images were used to construct body models
for EM simulations, and (b) local SAR analysis pipeline; simulated electric fields,
conductivity and density data were exported from the FDTD simulation and pro-
cessed using the Q-matrix formulism to calculate local SAR for a given human
body model.

5.2.6 Intra-subject Variability: Respiration Study

Seven healthy subjects (three female, four male) were scanned on a Philips 3 T

Ingenia. mDixon scans (described in Section 5.2.5.2) were repeated at exhale

and inhale breath hold positions. A mock 7 T body array with vials of copper

sulphate solution attached on top of each anterior element was placed under the

3 T 32-channel receive body array during scanning permitting the location of

the vials to be indicated in the segmentation process and used as markers for
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the transmit element locations in subsequent EM simulations as shown in Figure

5.10 (a). Subject-specific body models were constructed from the mDixon data

in the method outlined in Section 5.2.5.2.

The subjects also underwent scans on a Philips 7 T Achieva 8-channel pTx

system (Best, Netherlands) with the MRCoils 8 TX/32 RX fractionated dipole

array coil (Utrecht, Netherlands). Abdominal B+
1 maps were acquired at exhale

and inhale. In all of the subjects, individual transmit element B+
1 maps were

acquired using the AFI technique (voxel size = 3 x 3 x 10 mm3, FOV = 450 x

450 x 10 mm3, TE = 2.05 ms, TR1 = 40 ms, TR2 = 200 ms, flip angle α =

40◦, breath-hold duration per element = 20 s) [30].

Repeatability was assessed in one subject by acquiring another set of single chan-

nel B+
1 maps in a separate scanning session. B+

1 maps were also acquired with all

channels on using the same AFI parameters in three of the subjects. These were

used to examine the change in the B+
1 magnitude induced by respiration in the

liver and kidneys. Fiducial markers that contained copper sulphate solution were

attached inbetween the transmit elements of the 7 T body array and allowed

assessment of the position of the coil during each respiratory phase (see Figure

5.10 (b)).

EM simulations were run with the exhale and inhale body models with the

coordinates of the body models matching between separate simulations. The

coil model was adjusted between the exhale and inhale simulations according to

the contours of each body model, mock array element location markers from

the 3 T mDixon data and the placement of the fiducial markers from the 7 T

in vivo images. Local SAR, B+
1 distributions and S-matrices were evaluated in

order to study the changes induced by respiration effects. In order to compare

simulated and in vivo B+
1 distributions the simulated data was scaled to 3 W

incident power per transmit channel as this was used for the 7 T scans.

Simulated and in vivo individual transmit channel B+
1 data from all seven subjects

was analysed to calculate the change in the magnitude of the B+
1 field due to

respiration using the following approach. The mean B+
1 magnitude and standard
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(a) Body model in the EM simulation showing
the numbered transmit elements that directly
correspond to the in vivo scans.

(b) 7 T in vivo image showing fiducial
markers attached to the transmit ele-
ments of the body array.

Figure 5.10: Fiducial markers attached to the transmit elements of the body
array during in vivo scanning allowed direct comparison between in vivo and
simulated positioning of the transmit elements.

deviation was measured in ROIs of 4 x 4 voxels under each transmit element

for each respiration phase. The same ROI was applied to the exhale and inhale

data.

In vivo all channels on B+
1 data was analysed for the subset of three subjects.

The mean B+
1 magnitude and standard deviation was measured in three ROIs

within the liver and kidneys. The underlying gradient echo images from the AFI

data were used to select the ROI within the organ of interest. An average value

calculated from the three mean B+
1 values in each organ was then quoted for

the final result.

Equivalent anatomical slices were assessed in the in vivo and simulated data sets.

The image slices were matched manually between the 7 T images (see Figures

5.11 (a) and (b)), 3 T mDixon images (see Figure 5.11 (c)), and constructed

body model (see Figure 5.11 (d)). The same position in the abdomen was

then found in the simulated body models and relevant data for all subjects.

Figure 5.12 shows density and conductivity maps in a simulated body model

that corresponds to the slices shown in Figure 5.11.

177



5.2 Methods

(a) Underlying image of B0 Map (b) Underlying image of B+
1 Map

(c) 3 T mDixon slice (d) Body model constructed from the
3 T data

Figure 5.11: Demonstration of the corresponding anatomical slices between
different data sets acquired on different scanners. Images presented are; (a)
an underlying image from a 7 T B0 map, (b) an underlying image from a 7 T
B+

1 map, (c) corresponding 3 T mDixon image, (d) a slice from the simplified
subject-specific model constructed from the 3 T mDixon images. Slice shown
here for one subject encompasses the bottom of the liver and kidneys.

(a) Simulation. (b) Simulation.

Figure 5.12: Examples of (a) density and (b) conductivity tissue maps exported
for a simulated body model. Slice presented is equivalent to the in vivo slices
outlined in Figure 5.11.

178



5.2 Methods

5.2.7 Inter-subject Variability

Ten healthy subjects (four females and six males, BMI range 19.7-36.7) were

scanned at 3 T with the mock 7 T body array and mDixon data was acquired

according to Section 5.2.5.2 to generate a small library of subject-specific mod-

els. Simulations were performed and data was processed according to Sections

5.2.1 and 5.2.2 respectively.

A Monte Carlo simulation [31] was performed on a high performance computing

(HPC) cluster with each generated subject-specific dataset. A total of 103

static RF configurations were simulated by generating eight random phases (in

the range 0◦ - 360◦) while keeping the RF amplitude of each channel equal to

1. The corresponding 103 maximum local SAR values, maximum B+
1 values and

RF phase settings were used to assess inter-subject variability. An inter-subject

safety factor was determined in relation to the current average 3 W power supply

per channel applied to the 7 T MR system.

Fat images from the mDixon data were analysed for visceral and subcutaneous

fat volumes in an external software program. Measures for the total number of

voxels in each fat image that corresponded to visceral or subcutaneous fat were

correlated with the local SAR values obtained in each subject.
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5.3 Results

5.3.1 Comparing Simulated and Experimental B+
1 Distri-

butions

Figure 5.13 (a) shows a simulated B+
1 distribution in a model of the body phan-

tom and Figure 5.13 (b) displays the acquired B+
1 map in the body phantom.

Both distributions are similar providing confidence that the EM simulations re-

produce experimental conditions. Notably, the dark band of destructive inter-

ference in the middle of the simulated B+
1 distribution matches the noisy central

region in the acquired B+
1 map. This central line corresponds to where the B+

1

magnitude and therefore signal is low, and the DREAM reconstruction is prone

to errors (see Chapter 4).

(a) Simulated B+
1 distribution. (b) Acquired B+

1 distribution.

Figure 5.13: EM simulations are validated by comparing (a) simulated and (b)
acquired B+

1 distributions in the body phantom. Experimental B+
1 distributions

were acquired using the DREAM method.

Magnitude B+
1 values from both distributions were compared along a line of

interest starting from the posterior of the phantom to the anterior surface on

a diagonal line through the centre of the phantom (this line is shown in Figure

5.14 (a)). The B+
1 drop-off from the phantom surface towards the central region

is steeper in the simulated data compared to the experimental B+
1 map. This

is likely due to greater localisation of deposited RF energy at the surface of a

given sample in the wire dipole coil model compared to the fractionated dipoles
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in the body array. The B+
1 values from the central region of the acquired B+

1

map reflect the noisy estimates of B+
1 values reconstructed from low signal in

the underlying images.

(a)
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Acquired B+
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(b)

Figure 5.14: Magnitude B+
1 profiles were compared between the simulated and

acquired data. The line of interest drawn for the profile is displayed in (a) and
(b) shows the comparison of simulated and acquired B+

1 values measured along
the line of interest in the phantom.

5.3.2 Simplified Dipole Model Verification

Figure 5.15 shows B+
1 distributions in the central slice of the body model in

Block Model, Wire Model (straight configuration) and Wire Model (tilted con-

figuration) simulations respectively. In general, B+
1 distributions are consistent

between the simulations. The magnitude of B+
1 increases between Block Model

and Wire Model (straight configuration) simulations, and again in the Wire

Model (tilted configuration). This is expected as the dipole elements are suc-

cessively brought closer to the body model and are more realistically adapted

to the contours of the simulated biological tissue, which would result in greater

transmit efficiency and energy deposition.

Local SAR maximum intensity projections (MIPs) are shown in Figure 5.16

with the location of local SAR hotspots highlighted. Maximum local SAR and

SAR/
√

(B+
1 )2 values for each simulation are listed in Table 5.4. Figure 5.17

shows the position of the transmit dipoles in each of the simulations.
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(a) Block dipole model. (b) Wire dipole model
(straight configuration).

(c) Wire dipole model
(tilted configuration).

Figure 5.15: B+
1 field generated in central slice of body model for (a) block

dipole, (b) wire dipole (straight configuration) and (c) wire dipole (tilted con-
figuration) simulations.

Table 5.4: Maximum Local SAR Results in Wire Dipole Model Development
Simulations

Simulation Max. Local SAR [Wkg−1] SAR/
√

(B+
1 )2 [Wkg−1µT−1]

Block Model 0.98 3.97

Wire Model (straight) 1.47 3.89

Wire Model (tilted) 2.01 3.20
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(a) Block dipole model. (b) Wire dipole model (straight config-
uration).

(c) Wire dipole model (tilted configu-
ration).

Figure 5.16: Local SAR MIPs shown in transverse, coronal and sagittal views
for (a) block dipole, (b) wire dipole (straight configuration) and (c) wire dipole
(tilted configuration) simulations.
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Figure 5.17: Location of dipole elements in each simulation highlighted by the
red circles on the anterior and posterior of body model for block dipole, wire
dipole (straight configuration) and wire dipole (tilted configuration) simulations
respectively.
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The resonant frequencies of the tuned dipoles are listed in Table 5.5. In both

simulations the wire model dipoles have higher resonant frequencies than the

block model. S-matrices for each coil model are displayed in Figure 5.18. The

wire dipole simulation demonstrates higher coupling between nearest neighbour

elements and between anterior and posterior elements compared to the block

dipole model results.

Table 5.5: Resonant Frequencies for each element in Wire Dipole Model Devel-
opment Simulations

Transmit Dipole Resonant Frequency [MHz]

Simulation ↓ Dipole → 1 2 3 4 5 6 7 8

Block Model 299 280 279 297 302 281 283 301

Wire Model (straight) 308 305 305 307 308 306 306 308

Wire Model (tilted) 307 306 306 304 310 304 297 307

(a) Block dipole model. (b) Wire dipole model
(straight configuration).

(c) Wire dipole model
(tilted configuration).

Figure 5.18: S-matrices for the coil model in (a) block dipole, (b) wire dipole
(straight configuration) and (c) wire dipole (tilted configuration) simulations.

5.3.3 Development of Simplified Body Models

5.3.3.1 Truncation

Figure 5.19 shows coronal and sagittal local SAR MIPs from the successively

truncated male generic body model simulations. The location of the peak local

SAR hotspot did not change as the body model was truncated. Table 5.6 lists

the maximum local SAR and SAR/
√

(B+
1 )2 values for each simulation. B+

1
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distributions in a posterior coronal slice are shown in Figure 5.20. Resonant

frequencies of each tuned dipole did not change between each simulation and

the S-matrices showed no significant differences indicating that the results were

unchanged by the use of truncated models.

(a) Coronal Local SAR MIPs. (b) Sagittal Local SAR MIPs.

Figure 5.19: Local SAR MIPs from simulations with successively truncated
generic body models.

Table 5.6: Maximum Local SAR Results in Truncated Model Simulations

Simulation Max. Local SAR [Wkg−1] SAR/
√
B+2

1 [Wkg−1µT−1]

Whole Body Model 1.04 2.53

Upper Body Model 1.03 2.50

Torso Only Model 1.02 2.51
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(a) Whole body. (b) Upper body. (c) Torso only.

Figure 5.20: B+
1 distribution in a posterior coronal slice of each truncated model.

5.3.3.2 Repeatability and Coil Model Position

Transmit dipoles were moved in the xy-plane relative to an initial simulation. In

the x direction (R-L) the maximum displacements were 19 and 11 mm and this

corresponded to maximum displacements in the y direction (A-P) of 3 and 5

mm (for simulations with male and female models respectively).

Figure 5.21 presents B+
1 magnitude distributions from each of the five simulations

in the male and female models. The slice shown is that containing the maximum

local SAR value in the initial simulation. No significant changes were observed

between the different simulated B+
1 data.

Figures 5.22 and 5.23 display the local SAR MIPs from each of the simulations

with the maximum local SAR location indicated for the male and female model

respectively. The mean maximum local SAR value was 2.0 ± 0.4 Wkg−1 (20%

variation) and 1.3 ± 0.1 Wkg−1 (4% variation) for male and female simulations

respectively. The 95th percentile values for the male were 0.62 ± 0.03 Wkg−1

and for the female were 0.45 ± 0.01 Wkg−1. A SAR Variation Factor (calcu-

lated as maximum peak local SAR value/minimum peak local SAR value) and

Safety Factor (calculated as 10 Wkg−1/maximum peak local SAR value) were

calculated. All of the listed results are presented in Table 5.7.

Local SAR values in the location of the maximum value in each simulation were

compared across all simulations. Local SAR values at these points were all within
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(a) Male model.

(b) Female model.

Figure 5.21: B+
1 distributions for the five simulations where the coil elements

have been displaced relative to the placement in the initial simulation.

20% of the maximum local SAR value for the simulation under consideration.

Figures 5.22 and 5.23 demonstrate the movement of the maximum local SAR

locations between simulations which are indicated by the intersection of the white

lines. From the simulations with the male model, the maximum displacement of

the local SAR hotspot in the x- direction was 18.6 mm and in the y- direction 3

mm. For the simulation with the female model this was 11.3 mm and 5.2 mm

for x and y directions respectively.
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Table 5.7: Results from repeatability simulations.

Simulation Max. Local SAR SAR/
√

(B+
1 )2 SAR Variation Safety Factor

[Wkg−1] [Wkg−1µT−1] Factor [SVF] [SF]

Male 2.0 ± 0.4 3.0 ± 0.7 1.6 3.9

Female 1.34 ± 0.1 2.6 ± 0.2 1.1 7.2

S-matrices from each simulation with the coil model displaced were not signif-

icantly different to that from the initial simulations. The maximum standard

deviation of the S-matrix calculated over all simulations was 7.5% and 5.6%

and the maximum change in individual S-parameters was 8.3 and 6.1 dB for

male and female simulations respectively. This corresponds to a variation of

less than 10% in the forward and reflected power measured in each transmit

element.

Scatter plots showing the correlation between local SAR distributions from initial

and succeeding simulations in every voxel of the body models are displayed in

Figure 5.24 (local SAR values less than 10% of the maximum local SAR result

in each simulation were not shown in the scatter plots to improve visualisation).

The correlation coefficients were above 0.9 in each plot.

(a) Male simulation data. (b) Female simulation data.

Figure 5.24: Voxel-wise local SAR correlation between initial and succeeding
simulations with different coil model placements.
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5.3.3.3 Reduced Tissue Complexity

Local SAR and B+
1 distributions from full, MFSLB, MFSLBa and MFSLBb body

models are shown in Figures 5.25 and 5.26 for male and female models respec-

tively. The slice displayed corresponds to that in which the maximum local SAR

value was located in the fully segmented model simulation. The difference in

local SAR between each of the models with respect to the fully segmented model

in the same slice is shown in Figure 5.27. Results are only shown for full, MF-

SLB, MFSLBa and MFSLBb models where the skin tissue was retained. Once

the skin tissue was reassigned (in models MFLBa, MFLBb and MFL) distribu-

tions changed significantly and therefore were eliminated from further analysis.

Quantitative results including maximum local SAR and SAR/
√

(B+
1 )2 values

are outlined in Table 5.8. As the tissue types were gradually reassigned, the

maximum change in S-parameters calculated for the MFSLB simulation was

6.6/4.9 dB, for MFSLBa was 6.8/5.0 dB and for MFSLBb was 6.0/5.0 dB with

regard to male/female model simulations respectively.

192



5.3 Results

Table 5.8: Maximum local SAR and SAR/
√

(B+
1 )2 values listed for each model

type. Greyed out results were excluded from rest of analysis.

Model Model Type
Max. Local SAR SAR/

√
(B+

1 )2

[Wkg−1] [Wkg−1µT−1]

Male

Full 1.74 2.77

MFSLB 1.87 3.19

MFSLBa 1.77 2.99

MFSLBb 1.76 2.97

MFLBa 2.65 4.01

MFLBb 1.57 3.22

MFL 1.65 3.37

Female

Full 1.22 2.40

MFSLB 1.20 2.38

MFSLBa 1.19 2.37

MFSLBb 1.19 2.38

MFLBa 2.23 3.77

MFLBb 1.04 2.78

MFL 1.07 2.86
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(a) Male model results.

(b) Female model results.

Figure 5.27: Differences in local SAR distributions between full segmented model
results and models with reducing levels of tissue complexity (MFSLB, MFSLBa
and MFSLBb respectively).
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5.3.3.4 Automatic Segmentation

Examples of a manual and automatic segmentation in the lower abdomen of

the female model are shown in Figure 5.28. In the automatically segmented

model the delineation of the fat, muscle and pelvic bone are superior to the

manual segmentation. Figure 5.29 shows tissue density maps, local SAR and B+
1

distributions from both manual and automatic segmentations used to construct

the male and female models. The slice shown corresponds to the maximum local

SAR value in each separate simulation.

(a) Manually segmented female model. (b) Automatically segmented female
model.

Figure 5.28: Example of the effect of the different tissue segmentation ap-
proaches in the female model obtained with the (a) manual and (b) automatic
segmentation process.

Figure 5.30 highlights the locations of the maximum local SAR values in each

local SAR MIP generated from each of the four simulations. In the male model,

the hotspot moves from the anterior to the posterior of the model. In the female

model, the hotspot remains on the anterior surface of the model but moves to

the right of the model’s torso.

Quantitative results are outlined in Table 5.9. The male model showed a 16%

decrease in the maximum local SAR value and the female model showed an in-

crease of 13% when comparing results from the automatically segmented models

to manually segmented versions. The SAR/
√

(B+
1 )2 values decreased by 14%

and 12% and the 95th percentile local SAR values both increased by 8% and

27% for male and female results respectively.
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Table 5.9: Quantitative results from automatically and manually segmented
model simulations.

Model
Segmentation Max. Local SAR SAR/

√
(B+

1 )2

Method [Wkg−1] [Wkg−1 µ T −1]

Male
Manual 1.77 2.99

Automatic 1.48 2.58

Female
Manual 1.19 2.37

Automatic 1.35 2.08

The maximum absolute differences between the individual S-parameters obtained

with manually and automatically segmented models was 8.3 dB for the male

models and 8.2 dB for the female models. This corresponds to a small change

in coupling (a maximum of 10 dB variation relates to 1/10th variation in re-

flected power) which does not affect the performance of the coil model in the

simulation.
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5.3.4 Intra-subject Variability: Respiration Study

Figure 5.31 shows the maximum local SAR values calculated at exhale and

inhale for each of the seven simulated body models. There was a general trend

showing increased local SAR on the inhale breath hold, however this increase

was not significant. An increase of local SAR could be expected at inhale due to

the higher volume of air in the lungs and an increase in the surface boundaries

between lung tissue and air which both have different dielectric properties and

can contribute to discontinuities in the SAR distributions.

Figure 5.31: Maximum local SAR values at exhale and inhale for each simulated
body model.

Tissue density maps, local SAR and B+
1 distributions in a simulated model at

exhale and inhale are displayed in the slice which contained the maximum local

SAR value in Figure 5.32. The displacement of internal organs between breath-

hold positions is clear in the tissue density maps (Figures 5.32 (a) and (b)). Local

SAR distributions are similar between the slices and the position of the peak

local SAR values did not vary beyond the results presented in the repeatability

investigation (see Section 5.3.3.2 and Figures 5.32 (c) and (d)) across all of the

simulated subject-specific models. In addition, the general pattern of the B+
1

distributions did not change due to respiration (Figures 5.32 (e) and (f)).
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(a) Exhale tissue density map (b) Inhale tissue density map

(c) Exhale local SAR distribution (d) Inhale local SAR distribution

(e) Exhale B+
1 distribution (f) Inhale B+

1 distribution

Figure 5.32: Comparison of exhale and inhale simulation data: (a) and (b) show
tissue density maps in an exhale and inhale model respectively; (c) and (d) are
the local SAR distributions calculated in the same slices and models as presented
above; (e) and (f) are the respective simulated B+

1 distributions. The displayed
slice corresponded to that containing the maximum local SAR value in each
exhale and inhale simulation.)

202



5.3 Results

An example of the S-matrices calculated from an exhale and inhale simulation

in the same subject model is shown in Figure 5.33. No changes to the overall

coupling behaviour between elements was observed although small variations,

less than 10dB, in individual S-parameters did occur in each subject.

(a) Exhale S-Matrix (b) Exhale S-Matrix

Figure 5.33: Simulated S-matrices from an (a) exhale and (b) inhale simulation
performed with body models corresponding to the same subject. No significant
changes to the individual S-parameters are observed.

Figure 5.34 shows in vivo and simulated individual transmit channel B+
1 distri-

butions for one subject and associated body model. Figure 5.35 shows the mean

magnitude B+
1 in ROIs under each transmit element at exhale and inhale aver-

aged over all subjects in both in vivo and simulated data. Error bars correspond

to the standard deviation of mean B+
1 values at each transmit element across

all subjects. The in vivo results show a greater change in the B+
1 values under

transmit elements 5 - 8. These correspond to the anterior elements and so this

greater change in B+
1 is expected due to the anterior movement of the body

during respiration (Figure 5.35 (a)). These results were not reproduced in the

simulated data (Figure 5.35 (b)).
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Figure 5.34: In vivo (top row) and simulated (bottom row) B+
1 maps for the

eight individual transmit channels.
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(a) In vivo results.
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(b) Simulation results.

Figure 5.35: Mean B+
1 in a ROI over each transmit element. Measured from

individual channel B+
1 maps from (a) in vivo data and (b) simulated data.

The discrepancy between the measured in vivo and simulated changes in B+
1

could be due to the nature of the subject’s breath-hold technique at 7 T com-

pared to 3 T (on which the simulated data is based on). Figure 5.36 presents

measures of the breath-hold displacement in each subject measured from 7 T

images (yellow bars) and 3 T body model images (green bars). The breath

hold displacement is mismatched in each case with subjects 3, 4 and 7 having

particularly pronounced differences.

Figure 5.37 shows in vivo B+
1 maps acquired with all channels on at exhale, inhale

with the difference between these two distributions are displayed. It is observed

that the greatest change in B+
1 (corresponding to the red regions) is on the an-

terior of the subject, as expected. The B+
1 distribution, with particular reference

to the interference patterns in the body, does not change significantly. This was

also the case for the simulated B+
1 distributions shown in Figure 5.32.
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Figure 5.36: Breath hold displacement in each subject measured in AP direc-
tion on 3 and 7 T images. Mismatch between breath holds could explain the
difference between in vivo and simulated results.

Figure 5.37: In vivo all channels on B+
1 maps acquired at exhale and inhale

positions. The difference between these two distributions is also presented to
show the greatest change in B+

1 is on the anterior of the subject.

Figure 5.38 shows the mean B+
1 in ROIs under each transmit element in the all

channels on B+
1 maps at exhale and inhale in both in vivo and simulated data

in three of the subjects. As was the case for the individual channel B+
1 maps,

the in vivo data captures the change in B+
1 on the anterior of the body whereas

the change in the simulated B+
1 data presented is less pronounced.
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(b) Simulation.

Figure 5.38: Mean B+
1 in a ROI over each transmit element. Measured from all

channels on B+
1 maps.

Figure 5.39 presents the mean B+
1 calculated across three ROIs in each of the

following abdominal organs; liver, right kidney and left kidney. The change in

B+
1 due to respiration in each organ was less than 5% of the nominal flip angle

(which in this case was 40 ◦).

Figure 5.39: Mean B+
1 calculated from the three ROIs in abdominal organs; liver

and the kidneys. Measured from in vivo all channels on AFI B+
1 maps.

Repeatability was assessed in one of the subjects by measuring the change in

mean B+
1 in ROIs under each transmit element in two image data sets acquired

in separate scanning sessions. In Figure 5.40, the exhale data (red line = scan 1,

grey line = scan 2) shows similar characteristics between separate scans, as does
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the inhale data (blue line = scan 1, yellow line = scan 2). However, in terms

of quantitative results the repeatability is poor. Again, this is probably due to

inconsistent breath-holding technique between the separate scan sessions.

Figure 5.40: Repeated B+
1 measurements in one subject.

5.3.5 Inter-subject Variability

The resulting 104 maximum local SAR values from 10 subjects were in the

range 0.89 to 3.99 Wkg−1 and are approximated by the gamma distribution

Γ(18.7,0.11). The inter-subject peak local SAR variability range corresponding

to 8 × 1 W input power was 2.06 Wkg−1 ± 24%. This result indicates that

operating at 3 W per channel corresponds to a 1.6 inter-subject variability safety

factor. This is sufficient in reducing the risk of exceeding local SAR limits across

a population.

The transmit RF settings corresponding to the lowest, mid-range and highest

100 local SAR values were analysed. The phase difference between neighbouring

transmit elements was calculated for each unique RF setting; these were then

summed together over the 100 RF settings of interest. There was no correlation

between this measure of phase difference and each specified local SAR range

indicating that subject composition had a greater influence on the local SAR

generated than the transmit RF phases employed.
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Figure 5.41: Histogram of the maximum local SAR values for all 10 subjects x
1000 random transmit RF phase settings. Distribution follows Gamma function
shown by red line.
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Figure 5.42: Boxplot of the maximum local SAR values generated for each model
with 8 x 1 W input power and 1000 random transmit RF phase settings.
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Figure 5.43 shows an example of the visceral and subcutaneous fat segmented in

one subject. The visceral fat measures showed no correlation with the maximum

local SAR across all subjects. However, the combined visceral and subcutaneous

fat (total fat volume detected) demonstrated a slight positive correlation (R =

0.16) with maximum local SAR (see Figure 5.44 (a)). In particular, the subject

with the highest total fat measure corresponded to the highest maximum local

SAR simulated out of all the subjects. The BMI of each subject had the greatest

correlation with the maximum local SAR values (R = 0.38) and is displayed in

Figure 5.44 (b). Figure 5.44 (c) shows the correlation between subject BMI and

the measure of detected fat tissue (R = 0.51). These do not directly correlate

highlighting that subjects with higher BMI’s are also likely to have more higher

levels of muscle tissue.

Figure 5.43: Example of the visceral (area shaded in green) and subcutaneous
(area shaded in red) fat tissue segmentation in one subject based on analysis of
3 T mDixon images.
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Figure 5.44: Correlation plots comparing (a) peak local SAR values with measure
of fat content, (b) peak local SAR values with BMI, and (c) BMI with measure
of fat content across all subjects.

5.4 Discussion

A method for performing EM simulations with a modified wire dipole coil model

and simplified, subject-specific body models for assessing local SAR in the ab-

domen at 7 T has been presented. The main results of the work in this chapter

cover an analysis of the sensitivity and variation of local SAR and B+
1 distribu-

tions in the abdomen at 7 T with respect to small coil displacements, respiration

and inter-subject variability.
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Comparing Simulated and Experimental B+
1 Distributions

B+
1 distributions that were both simulated and acquired experimentally in a

body phantom (shown in Figure 5.13) showed some similar characteristics. As

it is only the B+
1 magnitude that is of interest in the context of MR safety,

the fact that the interference patterns present in the distributions were similar

indicates that the relative transmit phases between simulated dipoles match

those used experimentally; thus adding confidence to the validity of the EM

simulations.

The B+
1 was more localised at the surface of the phantom in the simulated data.

It is thought that this could be due to the RF energy being deposited over a

relatively long, thin area by the wire model compared to the fractionated block

dipoles in the RF coil. Future work to investigate the disagreement between

simulated and experimental B+
1 distributions should include a study of the con-

centration of deposited RF energy at the phantom model surface and how this

changes when a single wire is split into two wires separated by the width of the

fractionated dipole. The results from this study may provide some insight into

adaptations that can be made to the existing wire model. In addition to this, a

revision of the body phantom model dielectric properties should be made. Over

time the body phantom contents may have degraded and so the analytical so-

lutions for the expected conductivity and density of the phantom materials may

not exactly match. This may be a contributing factor to the difference between

the experimental data and the simulated B+
1 distributions.

Simplified Dipole Model Verification

B+
1 interference patterns were consistent between the Block Model, Wire Model

(straight configuration) and Wire Model (tilted configuration) simulations. The

increase in B+
1 magnitude between Block Model and Wire Model (straight con-

figuration) simulations can be attributed to the increase in the resonance fre-

quencies of the individual wire dipoles (listed in Table 5.5). In the block model,

dipoles did not all tune to the same resonant frequency, however, with the wire
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model achieving a resonant frequency of approximate 300 MHz for all dipoles

was possible due to the nature of the tuning. The increase in B+
1 magnitude

between Wire Model (straight configuration) and Wire Model (tilted configura-

tion) simulations, as shown in Figure 5.6, was expected as the outermost dipoles

were brought closer to the body model improving the transmit efficiency of the

coil in these areas.

On moving from the Block Model to Wire Model (tilted configuration) simu-

lation, the maximum local SAR value doubled. Simulating the transmit dipoles

as wires overestimates local SAR compared to the original block dipole model.

However, using the wire model method allows for more realistic positioning of the

coil elements around the contours of the body allowing for better RF modelling

of the local power deposited by each dipole in biological tissue.

Development of Simplified Body Models

Truncation

Local SAR MIPs calculated for the whole, upper and torso only body models

were similar across all models. This was also the case for the listed maximum

local SAR and SAR/
√

(B1+)2 values. The location of the maximum local SAR

values did not change between the models. B+
1 distributions in each model did

not present any noticeable differences. The tuning of the dipoles remained at

resonance even when the models were truncated, and the S-matrices did not

present any significant changes to the performance of the coil model.

The torso only model reproduced whole-body model results which confirmed that

the torso only models can be used without affecting overall simulation results.

It also means that the runtime of the simulation is significantly shortened due to

the reduced grid size required to encompass the body model. The field-of-view

required for the acquisition of mDixon images used to create the subject-specific

models is also reduced meaning shorter scan times at 3 T.
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Repeatability with Respect to Coil Model Position

Local SAR distributions showed good repeatability between simulations with

different coil models displacements (shown in Figures 5.22 and 5.23), although

the location of the maximum local SAR values did change significantly in some

simulations. A change in the location of peak local SAR was expected as the

coil model was reoriented around the contours of each human model and RF

deposition in the body would change accordingly. The location of maximum local

SAR was not always linked to the distance of the dipole away from the human

model. The 20% variation in maximum local SAR values over all simulations

performed (in the male model) suggests that repeatability should be taken into

account as an additional safety factor when performing local SAR evaluations

based on FDTD simulations. The lower 4% variation in the female model is

attributed to the limited movement of each dipole element due to the more

pronounced contours of the female model.

B+
1 distributions did not vary significantly between each simulation (shown in

Figure 5.21). The similarity of B+
1 interference patterns provides confidence that

RF shimming calculations should be robust against small movements.

The differences induced in the S-parameters implies there are changes to the

coupling between dipole elements as the body array model is moved. However,

the loading of the body array continues to be sufficient and the dipoles remain

tuned to resonant frequency. The changes in the S-parameters due to movement

of the body array are considerably larger than those reported to be induced by

physiological motion measured by Hess et al, and Jaeschke et al [32, 33].

Reduced Tissue Complexity

Local SAR distributions were similar for the full, MFSLB, MFSLBa and MFSLBb

models. The maximum local SAR values from the simplified model simulations

were all within 10% of the full model value. When bone was reassigned as

muscle (MFSLBb) there were elevated local SAR values in the arms of the

model, therefore this tissue type assignment could not be used to replicate the
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full model results. The maximum local SAR values from the MFSLB models

differed by +7.3% and -2.0% and from the MFSLBa models varied by +1.8%

and -2.7% for male and female models respectively.

Peak local SAR values were overestimated in the reduced complexity male model

results, and underestimated in the female model results, however all were within

10% of the value from the full model versions. Ideally, future investigations into

reduced tissue complexity of body models would be performed with more than

two simplified models of different genders to validate if the over- and under-

estimations were genuine effects based on the gender of the model or due to

inherent uncertainties within the simulated data.

MFSLBa models reproduced results that best matched the results from the fully

segmented models. The tissue complexity of these models differentiated between

lung, fat, muscle and skin tissue (bone was assigned to fat tissue). This level of

tissue assignment was used to construct the simplified body models used in the

remainder of the work in this chapter for assessing subject-specific local SAR for

7 T abdominal MRI.

Automatic Segmentation

The respective decrease and increase in maximum local SAR values for male

and female models when moving to the automatic segmentation method for

constructing body models was less than the expected variation of 20% calcu-

lated from the repeatability simulations. Therefore, local SAR values produced

by the automatically segmented models were still within an acceptable range.

The changes were likely due to the effects of the different approaches to the

segmentations of fat and muscle tissues in each subject.

The common decrease in SAR/
√

(B+
1 )2 by a factor of 0.8 suggests that the

simulated B+
1 fields consistently decrease and increase with local SAR distribu-

tions for male and female automatically segmented models. This value is used

for local SAR monitoring and in RF pulse design and so power limits based on

simulations with the automatically segmented models should be conservative to
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account for this.

The common increase in the 95th percentile local SAR values reflects that the

local SAR distributions generated in the automatically constructed models were

skewed consistently; again, it is anticipated that this was due to increased ac-

curacy in the automatic segmentation of fat and muscle tissues.

The general patterns of the local SAR distributions were similar, especially at

the boundaries between fat and muscle tissues. This is known to be the area in

which local SAR is increased and indicates the acute sensitivity of the simulation

results to the exact distributions of fat and muscle tissues [34–37]. Elevated

local SAR values on the surface on the manual model simulations were not

present in the automatically segmented model simulations. This is because the

local SAR distributions in the automatically segmented models more accurately

represent the exact fat and muscle tissue compositions in each subject as the

segmentations were based on a direct image threshold method compared to a

user-based manual segmentation.

In the male model the maximum local SAR location moved from anterior to

posterior (shown in Figure 5.30). This was within an acceptable range as this was

also shown in the repeatability simulations where the locations of the maximum

local SAR moved with coil displacement. In the female model the displacement

in maximum local SAR along the torso of the model could also be due to

superior segmentation of fat and muscle tissues within the breast region in the

automatically segmented model.

These models were based on preliminary data acquired at 3 T in which an

inadequate shutter size was used. This caused some signal drop out in the

arms throughout the mDixon images. It was easy to work around this artefact

in the manual segmentation by inferring where the outline of the arms would

be between slices, however, in the automatic segmentation these regions were

included as areas of background noise causing errors in the segmentation of fat

and muscles tissue in the arms. In subsequent 3 T acquisitions care was taken

to ensure subjects arms were captured during the mDixon scans to improve the
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images used as input for the automatic segmentation. This was important as

the arms are a key feature for simulating the true geometry of a subject within

the body array.

To summarise, a method of segmentation based on signal thresholding and k-

means clustering of 3 T mDixon images was used to automatically segment fat,

muscle and lung tissues. This information was then used to construct simplified

human models found to be suitable for use in EM simulations to assess local

SAR for 7 T abdominal applications.

Intra-subject Variability: Respiration Study

The simulated change in peak local SAR value at exhale and inhale was not sig-

nificant (Figure 5.31). This increases the confidence that local SAR estimations

are robust against respiration and a respiration safety factor does not need to

be taken into account when considering an overall safety factor for local SAR

estimations.

The B+
1 fields did vary significantly due to respiration in the anterior areas of

the body in vivo (Figure 5.35). This could lead to errors in quantitative imaging

that rely on knowledge of the exact flip angle distribution and confirms the need

for breath-held scans with short durations for a particular RF shim set. The

change in B+
1 between exhale and inhale is lower in the posterior side of the

subjects. Therefore, changes in B+
1 during respiration are less of a concern for

organs such as the kidneys and posterior sections of the liver. However, in whole

liver studies, as the organ extends across most of the anterior and posterior of

the subject, the changes in B+
1 in the liver could be detrimental to the RF shim

that is applied.

The simulated changes in B+
1 were lower than the results reported from the in

vivo data. The discrepancy between acquired and simulated distributions was

attributed to inconsistent breath-hold technique across scans performed on the

3 T and 7 T scanners. S-matrices showed no significant changes in the coupling

behaviour, confirming that the loading of the coil was not affected by respiration.
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However, small fluctuations did occur and have possible future application as a

method for detecting respiration induced movements [32, 33].

Inter-subject Variability

The inter-subject variability calculated for random RF shim settings in a popula-

tion of ten subjects was reported. Peak local SAR values obtained corresponded

to a 1.6 safety factor currently in place for in vivo scanning. This means that

current power limits are conservative with respect to inter-subject variability and

with additional simulations to increase the statistical power of these findings,

the power per channel could potentially be increased as long as additional safety

factors are not compromised.

No obvious link between peak local SAR values and specific RF shim settings was

found. However, future work is planned to study the phase difference between

pairs of neighbouring transmit elements and observe how these relate to the

exact positions of the local SAR hotspots generated in the body models. In

addition to this, there was no strong correlation between peak local SAR values

and subject composition. Other work investigating inter-subject variability has

reported lower peak local SAR values in subjects with higher BMI [38]. Extending

this work in a larger library of models with more varied body compositions might

reflect these findings.

5.5 Conclusion

Simplified subject-specific models and a wire dipole-based body array model were

used to investigate local SAR on realistic geometries as opposed to performing

simulations with generic human models and restricted coil geometries. Studying

intra- and inter- subject variability in a database of human models, has increased

the confidence in current local SAR predictions that inform power limits set at

the scanner for 7 T body imaging.
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6 High Resolution MR Angiography for

Imaging Small Vessels

The work in this chapter was presented during an oral session at the Society for

Magnetic Resonance Angiography 31st Annual International Conference (2019).

The preliminary research was presented as an electronic poster at the 26th An-

nual Meeting of the International Society for Magnetic Resonance in Medicine

(2018) [1].

6.1 Introduction

Magnetic Resonance Angiography (MRA) is an imaging technique that exploits

the sensitivity of MRI to moving nuclei and is used to visualise blood vessels and

assess vascular conditions non-invasively [2]. MRA was first implemented as a

clinical technique in 1985 [3] and was used by Edelman et al. to successfully

acquire angiograms of the coronary arteries [4]. Since then there have been

multiple advancements made in imaging techniques and hardware that have

made MRA a routine clinical method. Diagnosis of vascular diseases across the

whole body is possible using tailored coils designed to fit specific body parts

such as the head or extremities.

MRA can be applied to gain information about vascular kinetics and haemo-

dynamics [5, 6]. MR techniques that have been developed to accelerate image

acquisitions, such as parallel imaging, undersampled radial k-space trajectories

and compressed sensing [7] have contributed to the improved diagnostic accu-

racy of MRA such that it competes with CT angiography (CTA) and digital

subtraction angiography [8, 9].

High resolution MRA has been developed at 7 T for imaging microvasculature

and has been shown to provide superior detail compared to clinical images ob-

tained at 1.5 and 3 T. An example of this is the increased delineation of small

peripheral vessels in the brain at 7 T compared to 3 T [10] as displayed in
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Figure 6.1 (a). Another example includes contrast enhanced musculoskeletal

images that demonstrate the benefits of both using contrast to enhance vascu-

lature detail in the hand and the higher resolution that is possible due to the

inherent increase in SNR available at 7 T [11] is shown in Figure 6.1 (b).

(a) Brain MRA at 3 and 7 T:
spatial resolution of 0.63 x 0.80
x 1 mm3 [10]

(b) Hand CE-MRA at 3 and 7 T: spatial resolutions
are 0.5, 0.4 and 0.3 mm isotropic [11]

Figure 6.1: Examples of neuro and hand MRA at 3 and 7 T.

As 7 T becomes increasingly used for abdominal MRI due to advancements made

in pTx [12] and novel coil design [13], the potential for enhanced imaging of

vascular networks in abdominal organs can be researched. The kidneys are an

ideal choice of organ in which to develop 7 T abdominal MRA due to their size

and placement in the abdomen. As the kidneys are relatively small organs, the

severe B+
1 inhomogeneity experienced at 7 T should not be a problem for static

pTx applications (see 3.2).

Similar to the way in which clinical images at 3 T have significantly improved

the visualisation of peripheral renal arteries when compared to 1.5 T (Figure

6.2 (a)) [14], it is anticipated that results at 7 T will enhance the detail with

which blood vessels can be resolved. Several groups have worked on 7 T renal

angiography and current published work includes preliminary contrast [15], and

non-contrast enhanced [16, 17] results demonstrating concepts such as dynamic

B+
1 shimming [18] that were implemented to obtain successful renal angiograms

within local SAR constraints (see 3.8). An example of non-contrast enhanced
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renal MRA data adapted from the 7 T renal MRI review paper by de Boer et al.

[19] is presented in Figure 6.2 (b).

(a) SSFP MRA in the kidneys at 1.5 and 3 T. Transverse (A, B) and coronal (C, D) MIPs
at 1.5 T (A, C) and 3 T (B, D) [14].

(b) Low flip angle GRE renal MRA and associated MIP at 7 T. Figure adapted from: [18]

Figure 6.2: Examples renal MRA collected at different field strengths.

This chapter outlines the development of high resolution 2D TOF-MRA com-

bined with a multi-echo acquisition for imaging small vessels in the kidneys at

7 T. This protocol was then applied to the liver and Deep Inferior Epigastric

Perforator (DIEP) vessels to demonstrate its potential use in other body MRA

applications.
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6.2 Clinical Applications

This section outlines the anatomy and basic physiology of the organs to which

MRA will be applied in this chapter.

6.2.0.1 Kidney Function and Vasculature

The kidneys make up less than 1% of total body mass but demand 20 - 25% of

cardiac output [20]. Their function is to process and filter the total blood volume,

reabsorb electrolytes and secrete unwanted waste metabolites whilst controlling

the body’s fluid balance. Regulation mechanisms in the kidney balance filtration

rates and urine production of which up to 1.5 L can be produced daily.

The microscopic structural and functional component of the kidney is the nephron

(see Figure 6.3). There are approximately one million nephrons in each kidney

and together they filter the blood through multiple reabsorption and secretion

processes to produce urine which drains into the renal pelvis and out through

the ureter to the bladder. The filtering component of the nephron is called

the renal corpuscle and the reabsorption and secretion component is the renal

tubule. The renal corpuscle filters solutes from the blood and transfers water

and small solutes to the renal tubules in each of the nephrons.

The kidney itself (renal parenchyma) can be divided into the renal cortex and

the renal medulla. The renal medulla makes up the inner region of the kidney

and contains the renal pyramids and collecting ducts. The medulla is hypertonic

compared to the filtrate in the nephrons and so assists with the reabsorption of

water.

The cortex is the outer region of the kidney that contains the renal corpuscles,

renal tubules and blood vessels. Ultrafiltration occurs in the cortex which is

where large molecules such as proteins and blood cells are kept in the blood.

Smaller molecules, such as sodium, are passed through to the renal tubule which

delivers fluid that has been filtered to the medullary collecting duct system

[21].
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(a) Renal parenchyma. (b) Nephron.

Figure 6.3: Basic renal anatomy: (a) schematic diagram showing the renal
cortex and medulla regions, the main renal artery and vein entering and leaving
the kidney, renal pyramids and renal pelvis in the medulla and ureter leading to
the bladder. (b) detailed diagram of the nephron showing how the components
span both sides of the cortico-medullary border [19].

The kidneys receive blood via the renal artery which branches from the abdominal

aorta and venous drainage is via the renal vein into the inferior vena cava (IVC).

Most of the total Renal Blood Flow (RBF) to the kidneys perfuses the cortex

(90 %), whilst only 10 % is delivered to the more metabolically active medulla.

Oxygen extraction is high in the medulla and so it is extremely sensitive to

hypoxia and changes in renal blood flow. Intralayer perfusion is heterogeneous

and the intrarenal vasculature enables diffusion of O2 from arteries to veins in

the cortex as well as from cortex to medulla. Vascular architecture promotes

plasma distribution at vessel branches resulting in different blood O2 contents

in the perfusing daughter vessels.

Each renal artery branches into segmental arteries, which then divide further into

interlobar arteries, which penetrate the renal capsule and extend through the

renal columns between the renal pyramids. The interlobar arteries then supply

blood to the arcuate arteries that run through the boundary of the cortex and

the medulla. Peritubular capillaries run alongside the nephrons and penetrate
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the renal medulla to combine and form veins that eventually form the renal vein.

This then exits the kidney and joins the Inferior Vena Cava (IVC) that transports

deoxygenated blood back to the heart [22].

In renal imaging, small distal vessels at the cortico-medullary border and small

intrarenal arteries are of interest in Chronic Kidney Disease (CKD) patients

as a potential marker of early end-organ damage in hypertension. CKD is a

progressive disorder causing scarring of the renal tissues that leads to End Stage

Kidney Disease (ESKD) [23]. This scarring is thought to be related to chronic

ischaemia created by the loss of the peritubular capillaries [24].

Renal Artery Disease (RAD) is also associated with high blood pressure and

hypertension and can lead to renal failure due to stenosis (Renal Artery Stenosis

(RAS)) and reduction of the arterial diameters. MRA can be used to image

the affected intrarenal and accessory arteries vital for diagnostic information.

Computed Tomography Angiography (CTA) is more widely available than MRA

but requires iodinated contrast which is not ideal in patients with impaired renal

function. There is a need to monitor the progression of RAD and response to

hypertension treatments. After imaging it can be decided whether intervention

with revascularisation strategies is required [25].

Atherosclerotic Renovascular Disease (ARVD) is another progressive condition

that disturbs normal renal function due to inadequate blood supply and damage

caused by hypertension. It accounts for 90 % of RAS in the Western population.

ARVD can lead to CKD and ESKD and provides another example of how vas-

cular imaging is crucial for informing intervention and preventing further renal

impairment [26].

Using non-invasive imaging is also beneficial in the case of screening for donors

where angiography is used to map transplant vasculature [27]. Angiography

is also a valuable tool for evaluating graft vessels. CTA with iodinated con-

trast is used for this or MRA with gadolinium based contrast. Development of

MRA techniques that do not require contrast enhancement with improved image

quality and diagnostic accuracy have made substantial progress [28].
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MRA can be added to a multi-parametric protocol to provide additional vascular

information that compliments functional measures such as Glomerular Filtration

Rate (GFR) which is considered the reference standard for evaluating renal func-

tion [29]. This is vital for accurately diagnosing Acute Kidney Injury (AKI) [30],

CKD and renal masses [31].

6.2.0.2 Liver Function and Hepatic Vasculature

The liver’s main function is to control metabolic processes such as glycogen

storage, red blood cell decomposition and hormone production. It can also

be considered as an accessory digestive organ producing bile which aids the

breakdown of fats in the small intestine. It is located in the right upper quadrant

of the abdomen below the diaphragm.

Blood supply to the liver is via the right and left Hepatic Arteries (HA) and the

Portal Vein (PV) (see Figure 6.4). The PV carries deoxygenated blood from the

spleen and Gastrointestinal (GI) tract delivering 75 % of the liver’s blood supply,

whilst the remaining blood flow comes from the oxygenated blood through the

hepatic arteries. Blood travels through the liver and flows out through the

Hepatic Veins (HV) that drain into the IVC [32].

Using MRA to image the vascular network of the liver is a valuable, non-invasive

diagnostic method for use in patients with suspected liver vascular disease [33].

For example, in patients with suspected portal hypertension identifying blocked

vessels is important for treatment planning. Angiography can also provide more

information regarding smaller intrahepatic lesions in patients with liver scarring

conditions such as fibrosis and cirrhosis [34].

These conditions can alter the vasculature within the liver, causing disarrange-

ments of circulation which can worsen liver disease progression, cause the onset

of portal hypertension and reduce liver perfusion which can lead to liver failure.

The potential to include microvasculature detail in the computation of hepatic

network connectivity is desirable for assessing the structural progression of liver

disease [35].
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Figure 6.4: Basic liver anatomy: portal vein (PV) and hepatic arteries (HA)
deliver oxygenated blood to the liver. Vascular network throughout the liver is
tortuous. Blood flows through central veins to the hepatic veins (HV) that each
drain into the inferior vena cava (IVC).

6.2.0.3 Blood Supply to the Lower Abdominal Wall

The Deep Inferior Epigastric Artery (DIEA) has perforating branches that supply

blood to the lower abdominal wall. These Deep Inferior Epigastric Perforator

(DIEP) vessels pass through the rectus muscle and fascia to reach the subcuta-

neous fat and skin (Figure 6.5). This provides a connection to the Superficial

Inferior Epigastric Artery (SIEA) and Superficial Inferior Epigastric Vein (SIEV)

[36, 37].

DIEP flap surgery for breast reconstruction involves transferring patient’s skin

and subcutaneous tissues from the lower abdominal wall to the chest to form a

breast mound (Figure 6.6). Only the perforating vessels are removed and the

rectus muscle is spared resulting in fewer complications compared to other breast

reconstruction surgeries [37–39]. Identification of viable donor sites for the DIEP

flap is based on the location, shape and size of perforating vessels.
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Figure 6.5: Lower abdominal wall arterial supply: [1] deep inferior epigastric
artery (DIEA) under the rectus muscle (RM), [2] DIEA within the RM, [3]
Perforating artery, [4] Subfascial perforator, [5] Subcutaneous perforator. UMB
marks the umbilicus.

Figure 6.6: Schematic of DIEP surgery [38]
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Abdominal vasculature is very individual and so pre-operative imaging on a case-

by-case basis to inform surgical planning and dissection is essential to ensure

reliable arterial supply. CTA with iodinated contrast agents is commonly used

to image the DIEP vessels. MRA with gadolinium based contrast agents is

becoming increasingly used as it uses non-ionising radiation which is preferred in

cancer patients [40] and can locate perforating vessel branches easily [41]. An

example of perforating vessels imaged at 1.5 T with contrast enhancement is

shown in Figure 6.7 [42]. 3 T contrast enhanced coronal images that highlight

the DIEA and SIEA are shown Figure 6.8 [41].

Figure 6.7: 1.5 T images of perforator arteries (highlighted by the arrows).
Figure taken from [42].
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Figure 6.8: 3 T contrast enhanced images of deep and superior inferior epigastric
vessels demonstrating different types of branching patterns in separate subjects.
Figure taken from [41].

6.3 Magnetic Resonance Angiography

6.3.1 Contrast vs. Non-Contrast Enhancement

MRA can be performed with (contrast enhanced, CE) or without (non-CE)

exogenous contrast agents. In CE-MRA, gadolinium (Gd) is usually injected

into the blood which causes a shortening of its T1 due to its paramagnetic

properties. This leads to blood vessels appearing bright in T1-weighted images.

Functional information can be gained from CE-MRA; the average time it takes

for a contrast agent to pass through a region of interest in a tissue is the mean

transmit time (MTT). This can be measured in dynamic studies to describe

tissue perfusion [43, 44].

Gd based contrast agents (GBCA) have been linked to nephrogenic systemic

fibrosis (NSF) in patients with renal failure. Therefore, preventing the use of

GBCA’s in patients with renal impairment is highly desirable [45–50]. Gd has

also been found to accumulate in the brain in healthy volunteers [51]. The long

term effects of this are unknown.

In non-CE MRA, contrast is obtained from the velocity or movement of the

blood. Unenhanced techniques tend to have lengthy acquisition times, partic-

ularly for peripheral arteries, and common image artefacts (such as ghosting

which can be caused by the pulsatile nature of blood flow [52]) have made CE
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MRA more favourable. However, non-CE techniques have been developed that

are comparable to CE MRA results even at lower field strengths.

Removing the need for contrast administration can also lighten the workload

for MRI radiologists or radiographers who are required to dispense the contrast

agents, non-CE scans can be easily repeated without disrupting clinical workflow

and the potential risks associated with GBCA can be avoided. There are two

main non-CE MRA techniques; phase contrast angiography (PCA) and time-of-

flight MRA (TOF-MRA). These are both outlined in the following sections.

6.3.2 Phase Contrast Angiography

Phase Contrast Angiography (PCA) uses bipolar gradients to manipulate the

phase of moving spins relative to stationary spins depending on the velocity of

the flow. This generates phase contrast between stationary tissue and flowing

blood as the stationary spins experience no net phase shift, and moving spins

accrue a net phase shift linearly proportional to their velocity (Figure 6.9). If

two spins are flowing at the same constant velocity but in opposite directions

then they will have equal but opposite phase shifts. Velocity can be calculated

by measuring the change in phase.

Figure 6.9: PCA phase shift induced by the application of bipolar gradients.

To eliminate other contributing phase shifts, for example from B0 inhomogene-

ity, in PCA two sets of image data are acquired with imaging parameters held
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fixed except for the first moment of the bipolar gradient. Phases of the two re-

sulting images are subtracted on a pixel-by-pixel basis. This highlights the flow

information and suppresses the unwanted phase variation in the background

tissue.

The bipolar gradients can be applied prior to the readout along each of the

axes either one at a time or simultaneously to provide flow sensitivity in each

relative direction. The amplitude, duration and spacing of the bipolar gradients

determine the sensitivity to slow or fast flows. These variables are controlled

by the velocity encoding (VENC) parameter and are predetermined prior to the

PCA acquisition to optimise performance of the study.

Velocity components of flow along each direction (vx, vy, vz) can be calculated

by measuring the phase shifts along each direction in which the bipolar gradients

are applied (x-, y-, and z-). The total acquired phase shift can be found by

integrating over the precession frequency, ω, of spins at each spatial location,

r, and is proportional to its velocity, v(t), the strength of the applied gradient,

G(t), and the length of time it moves within that gradient, t:

φ(r, t) =

∫
ω(r, t)dt = γ

∫
r(t)G(t)dt = γ

∫
v(t)G(t)tdt (6.1)

PCA can generate 1D, 2D, 3D or 4D flow data which can be displayed in

directionally-insensitive magnitude images or in a cine format. It is useful in

2D to create quick vascular scout images prior to performing non-PC MRA

techniques and in cine mode to quantify blood flow and velocities within vessels.

3D-PC-MRA is generally not used due to its long acquisition times and the

invention of sequences that perform the same function with shorter acquisition

times such as Time-of-Flight (TOF).

235



6.3 Magnetic Resonance Angiography

6.3.3 Time-of-Flight (TOF) Angiography

Partial saturation of longitudinal magnetisation occurs when signal is attenu-

ated and forced into a steady state due to incomplete T1 relaxation between RF

pulses if the T1 << TR. Time-of-Flight (TOF) angiography uses spoiled gradi-

ent echo pulse sequences to partially suppress static tissue signal. A typical 2D

TOF-MRA sequence is outlined in Figure 6.10. Flow compensation gradients are

applied before the readout and after slice selection during phase encoding gra-

dients. These reduce the intravoxel phase dispersion effects from moving spins

by eliminating the phase shift using the method outlined in Figure 6.9.

Figure 6.10: 2D TOF-MRA Sequence

The equation describing the relationship between signal S, T1, TR, flip angle θ,

equilibrium longitudinal magnetisation M0, TE and T∗2 is:

S =
M0sinθ(1− e−TR/T1)

(1− cosθe−TR/T1) e−TE/T
∗
2 (6.2)

The signal S decreases as the ratio TR/T1 decreases, therefore saturation in-

creases if TR is shortened or the T1 is longer. The maximum signal occurs when

the flip angle is equal to the Ernst angle:

236



6.3 Magnetic Resonance Angiography

θE = arccos(e−TR/T1) (6.3)

Flow Related Enhancement (FRE) is a phenomenon that restores signal intensity

lost to partial saturation from the inflow of magnetised blood that has not been

exposed to the series of RF pulses into the imaging slice (Figure 6.11 (a)).

FRE increases with flow velocity and as the flow becomes more perpendicular

to the imaging slice. Additionally, FRE is increased if slice thickness, ∆z, is

reduced. There is complete inflow replacement of magnetisation in the imaging

slice during each TR interval, and no further increase of FRE if the perpendicular

component of the velocity surpasses:

vmax =
∆z

TR
(6.4)

Figure 6.11 (b) further demonstrates FRE and how the signal from inflowing

blood generates contrast against the partially saturated background tissue. Fast

flowing blood takes less time to travel through an imaging volume and is there-

fore exposed to less RF pulses resulting in high blood signal. Slower flowing blood

is exposed to more RF pulses and appears with relatively lower signal.
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(a) (b)

Figure 6.11: Time-of-flight angiography: (a) Schematic representation of in-
flowing blood entering an imaging slice. This is the effect that gives rise to flow
related enhancement. (b) Fully magnetised blood flows into imaging volume.
Signal from blood is enhanced relative to the stationary tissue background which
experiences partial saturation from exposure to repeated RF pulses.

In 3D TOF there is more FRE in the slices where flowing blood enters the slab,

and less FRE in the slices where the vessel exits (see Figure 6.11 (b)). However,

in reality this is complicated by vessels that have twisted trajectories and variable

blood velocities.

2D TOF involves splitting the imaging volume into sequentially acquired slices.

The number of slices is solely limited by the imaging time and field-of-view. The

imaging plane is chosen to be perpendicular to the flow to maximise the FRE

signal. Motion artefacts are less likely in 2D TOF and if they do occur they arise

on a slice-by-slice basis as opposed to corrupting the entire acquisition as would

be the case in 3D TOF.

Arteries and veins often overlap which can be detrimental to the imaging of

particular arteries of interest. Spatial saturation pulses can be applied parallel
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to the imaging slice to suppress the venous signal, but this approach assumes

that the arteries and veins have different directions of flow within the vessels

[53]. This can be difficult in organs such as the liver; where the vasculature is

tortuous and further complicated with a dual blood supply from both portal vein

and hepatic artery, or in the kidney; where the renal artery and renal vein run

parallel [54].

Artefacts can arise in 2D TOF Maximum Intensity Projection (MIP) images due

to moving vessels and pulsatile flow caused by respiration and cardiac motion.

This causes irregular, frequency modulated patterns close to the vessels. Flow

compensation gradients can be used to counteract these artefacts and reduce

accumulated phase errors. Alternatively, cardiac triggering can overcome the

pulsatile flow, however movement from respiration and other patient movement

still can contribute to this artefact, particularly in body imaging.

6.3.4 Benefits of 7 T

At 7 T, the longer T1 relaxation time of different tissues leads to improved

suppression of the background signal at lower flip angles. The signal intensity

in the vessels remains constant and when combined with the higher SNR readily

available at 7 T, a higher Contrast-to-Noise Ratio (CNR) between the vessels

and background can be reached. Therefore, it should be possible to obtain

higher spatial resolution angiograms at 7 T without loss of contrast compared

to 3 T. This has been already exploited in the brain for visualising the small

cerebral vessels [55].

The increase in endogenous contrast has the potential to remove the need for

contrast administration currently required at lower field strength abdominal stud-

ies, removing the complications associated with GBCAs that were mentioned

previously in Section 6.3.1.
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6.3.5 Challenges at 7 T

Performing MRA in the abdomen at 7 T comes with unique imaging challenges.

The B+
1 inhomogeneity is greatly increased and this can result in varying sup-

pression of the background signal across the FOV. To account for increased SAR

at 7 T, there are additional power constraints and to compensate, for a given

flip angle, the TR in the angiography sequence is lengthened. Consequently,

in order to perform high resolution angiography scans within the time frame

of a breath-hold (≈ 25 seconds) parallel acceleration (e.g. SENSE) must be

implemented.

Both the long TR and implementation of SENSE result in lower SNR, however,

the long TR can be exploited to acquire multiple gradient refocused echoes

within a single TR. This is already an established method and involves combin-

ing the angiograms obtained from each echo to provide more information than

exists in an individual angiogram [56]. The resultant combined angiograms have

enhanced SNR which can outweigh most of the reduction in SNR associated

with the use of SENSE.

6.3.6 Outline

This chapter outlines the development of a high resolution 2D multi-echo TOF-

MRA protocol in the kidneys at 7 T, qualitative assessment of the angiograms

produced and quantitative analysis of SNR, CNR and renal vessel radii in healthy

subjects. Preliminary results from the application of this protocol in the liver and

lower abdominal wall are also presented, alongside results from PCA of the large

vessels in the liver. The 2D TOF-MRA gradient echo sequence was implemented

as a starting point for developing abdominal imaging at 7 T. The benefits of

imaging at 7 T compared to 3 T are demonstrated and the challenges of UHF

body imaging are discussed.
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6.4 Materials and Methods

6.4.1 Study Population

Eight healthy volunteers (6 female, 2 male; average age 40 ± 16 years) were

enrolled for a 7 T renal MRA study. Data acquisition was conducted in accor-

dance with the institutional review board and approved and informed consent

was obtained before each examination. Data was collected in four of these sub-

jects on the 3 T Achieva and 3 T Ingenia wide bore scanner for comparison (2

female, 2 male; average age 25 ± 1 years).

6.4.2 MRI and Coil System

All examinations were performed in the feet-first, supine position on a 7 T

Philips Achieva pTx system equipped with a high-performance gradient system

providing a strength of 40 mT/m and a maximum slew rate of 200 mT/m/ms.

For RF transmission, 8 x 1 kW amplifiers were used to drive an 8 TX/32 RX

body array (MRCoils).

The two transceiver array plates were positioned such that the centre line of

the coil coincided with the region between the bottom of the ribs and the hips

of each subject. This ensured maximum signal in the area where the kidneys

were likely to be located and minimised the need for repositioning subjects once

scanning had started.

The forward and reflected RF power in each transmit channel was monitored

throughout the examination using the Philips standard software power monitor-

ing unit (SPMU). Average power per channel was set to 3 W which is the limit

set from local SAR calculations performed in-house. A Philips 3 T Achieva and

Philips 3 T Ingenia with dual-RF transmit, both with 32-channel receive coils

were also used to produce comparison data.
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6.4.3 Sequence Optimisation and Imaging

6.4.3.1 Development

A 2D TOF-MRA sequence was optimised at 7 T during pilot tests in healthy

volunteers to satisfy local SAR constraints and increased T1 relaxation times.

This involved addressing the longer TRs and limited high flip angle pulses re-

quired to generate sufficient image contrast. A high flip angle and short TR

are required to sufficiently suppress the background tissue (see Figure 6.12 (a)).

The flip angle also needs to be large enough to give reasonable signal from the

inflowing blood (see Figure 6.12 (b)) and, the TR needs to be long enough to

allow the inflowing blood to enter the imaging slice.

The power limit (corresponding to the local SAR limit) for a particular flip

angle is proportional to
√
TR. An arbitrary power limit curve is plotted on top

of contrast curves which were calculated as the difference between the signal

curves for blood and background tissue (T1 = 1000 ms) in Figure 6.12 (c).

Levels of available contrast above the power limit curve can not be achieved

during scanning, therefore, a high flip angle at the minimum allowed TR is

desired. The TR also needs to be short enough so that high resolution imaging

can be performed within a breath hold.
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(a) Tissue signal. (b) Inflowing blood signal.

(c) Demonstration of the power limitations
of achievable contrast (difference between
blood and tissue signals).

Figure 6.12: Associated concepts for sequence development: (a) normalised
signal curves for flip angles 20◦ and 70◦ that correspond to background tissue
with a T1 = 1000 ms. (b) Normalised signal curves generated with 20◦ and
70◦ that correspond to inflowing blood. The signal is proportional to sinθ and
is constant with TR. (c) The difference between the inflowing blood and tissue
signals for each simulated flip angle (this is the contrast between the inflowing
blood and static tissue). The curve corresponding to the arbitrary power limit,
which is proportional is

√
TR, is also displayed. Contrast generated above the

power limit curve can not be achieved during scanning.
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On consideration of these concepts, imaging parameters were set with the short-

est TE available, and the TR and flip angle were determined from simulations

of the FLASH signal for blood and renal tissues.

The T1 values used to simulate the FLASH signal are listed in Table 6.1. T1,blood

was taken from current literature [57], and the T1,cortex and T1,medulla values were

obtained during preliminary T1 measurements at 7 T. Figure 6.13 (a) displays

the signals simulated for a TR of 31 ms across the flip angle range 0◦ - 180◦,

and Figure 6.13 (b) displays the signals simulated for a flip angle of 50◦ across

the TR range 1 - 50 ms. The dashed lines in each plot highlight the final values

selected for flip angle and TR parameters which were shown to achieve high

saturation of the background tissue, high signal in the vessels and thus superior

contrast within local SAR limits.

Table 6.1: T1 values used to plot FLASH signal curves at 7 T

Tissue T1 value (ms)

Blood 2087

Renal cortex 1930

Renal medulla 2849
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Figure 6.13: FLASH signal curves aid development of renal angiography pro-
tocol: (a) simulated signal for blood and renal tissues for a TR of 31 ms, (b)
simulated signals for a flip angle of 50◦. Dashed lines mark the values used as
final imaging parameters.
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A demonstration of the importance of optimising the TR for the transit time

of renal blood flow is shown in Figure 6.14. The sensitivity to signal in the

peripheral vessels is greater in the image acquired with (a) TR = 25 ms compared

to the image obtained with the (b) TR = 20 ms.

(a) TR = 25 ms (b) TR = 20 ms

Figure 6.14: Demonstration of sensitivity of signal in the peripheral vessels to
choice of TR parameter. Signal in the peripheral vessels is greater in the image
with the longer TR.

Initially, the TOF-MRA sequence was applied in the transverse orientation in

concatenated scans to cover the full length of the kidney. 7 T images and final

mip were compared to those produced at 3 T in order to assess the possibility of

2D TOF at 7 T (see Figure 6.15 for comparison of 3 and 7 T renal angiograms).

From this preliminary work increased detail in the small vasculature in the pe-

ripheral regions of the kidney motivated further development of this approach.

Imaging acquisition parameters used at this stage at 3 and 7 T were: TR = 20

ms, TE1 = 5.4 ms, field-of-view = 230 x 230 x 12 mm3, water fat shift = 298

Hz/pixel, requested flip angle = 70◦, voxel size = 1.5 x 1.5 mm2 with a slice

thickness of 2 mm, and a reconstructed in-plane resolution of 0.65 x 0.65 mm2.

No parallel imaging was implemented.
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Figure 6.15: Preliminary work comparing renal angiograms collected at 3 and 7
T in the transverse orientation.

The 7 T protocol was then optimised to increase the spatial resolution of the

images and to implement parallel imaging. The longer TR in the TOF-MRA

sequence derived from the FLASH signal simulations (TR extended from 20 to

31 ms) was exploited to acquire multiple echoes. By summing over these echoes

for each image slice it was possible to recover SNR lost due to the use of longer

TR’s (which are required at 7 T because of the longer T1 values and local SAR

constraints) and parallel imaging to improve the quality of the final MIP’s.

To maximise coverage and allow the images to be acquired within a single

breath hold the image acquisition was altered to a coronal oblique orientation.

Furthermore, it was decided to focus on only one kidney as B+
1 shimming over

both kidneys simultaneously proved difficult. The right kidney is located under

the liver and more centrally in the abdomen when compared to the left kidney.

Therefore, the right kidney was considered to be more challenging to image and
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the best choice for optimising a renal protocol. Again, the 7 T renal images were

compared to those acquired at 3 T, using the same imaging sequence, in a subset

of volunteers to assess the quality of vascular detail in the angiograms.

The large range of flip angles achieved in the abdomen was challenging. A target

flip angle of 50◦ in the kidney region with a TR = 31 ms, was selected from the

preliminary results and this produced consistent contrast between renal tissues

and the small peripheral vessels. Actual flip angles were determined in vivo by

collecting a DREAM B+
1 map immediately prior to the angiography scan in the

same geometry and measuring the actual flip angle in a ROI encompassing the

kidney. The target flip angle was then achieved by increasing or decreasing the

flip angle parameter.

6.4.3.2 Localiser Scans

Quadrature mode transmit B+
1 phases (45◦ relative phase set on each channel)

were used at the beginning of each imaging session. Survey images were initially

run to ensure the subject was at the correct placement within the body coil;

this comprised of 12 slices in the three perpendicular orientations. If subjects

were not placed such that there was high signal in the region of interest they

were repositioned accordingly. A SENSE reference scan was then run to collect

coil sensitivity information. Three mDIXON localiser scans were performed in

transverse, coronal and sagittal orientations; these were used for planning the

coronal oblique geometry for each angiography scan. Examples of the planning

stage in one subject at 3 T and another subject at 7 T are shown in Figures

6.16 (a) and (b) respectively. Similar geometries were used between 3 and 7

T scanners; however, this was difficult to match exactly due to the different

positioning of subjects between the scanners. The 3 T Ingenia is a wide bore

scanner and so subjects could lie with padding under the knees for comfort in a

more relaxed position compared to that in the narrower 3 T Achieva bore. On

the 7 T Achieva the bore is again narrower, and the body array set-up does not

allow any room for subjects to lie with padding under the knees. Therefore, the

overall spinal alignment of the subject differs between the scanners.
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(a) Planning the coronal oblique acquisition on 3 T mDixon images.

(b) Planning the coronal oblique acquisition on 7 T mDixon images.

Figure 6.16: Coronal oblique geometry planning; examples shown in (a) one
subject at 3 T and (b) another subject at 7 T.

6.4.3.3 B0 and B+
1 Mapping

The same quadrature setting was to collect a B0 map (TE = 1.6 ms, TR = 7

ms, FA = 8◦), DREAM B+
1 map on all transmit channels (STEAM flip angle α

= 40◦, imaging flip angle β = 7◦, TR = 5.4 ms, TESTE = 3.8 ms, FEFID = 4.21

ms, scan duration = 3.8 s) and single channel gradient echo images (flip angle

α = 1◦, TR = 8 ms, TE = 6.7 ms, scan duration = 22.4 ms). These scans were

all acquired with the voxel resolutions of 5 x 5 x 5 mm3 and matrix dimensions

80 x 80. B0 shimming was implemented with Philips volume B0 shimming; for

the renal angiography the volume of interest was selected over the posterior of
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the subject to ensure a homogenous B0 in the area encompassing both kidneys.

This is demonstrated in Figure 6.17.

(a) B0 map acquired with default shim
parameters before shimming.

(b) B0 map acquired with Philips vol-
ume B0 shim.

Figure 6.17: In vivo B0 maps demonstrating application of Philips volume B0

shimming used for the renal angiography; volume of interest was selected over
the posterior of the subject encompassing both kidneys.

Relative B+
1 maps (see Chapter 4) were calculated for each individual channel

using an in-house RF shimming program. An RF shim was calculated for a

volume of interest drawn around the right kidney. Phase-only RF shimming was

performed to optimise constructive interference and increase the homogeneity

of the B+
1 field in the ROI.

6.4.3.4 B+
1 Optimisation

Once the desired coronal, oblique geometry was achieved an RF shimmed DREAM

B+
1 map was then acquired in order to measure the actual flip angle that was

achieved in the kidney; an example of this is shown in Figure 6.18. The flip

angle parameter for the angiography scan was then adjusted so that the actual

flip angle was 50◦. In the majority of subjects this meant increasing the nominal

flip angle to 100◦ for an actual flip angle of 50◦ in the kidney.
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Figure 6.18: In vivo, coronal, oblique, DREAM B+
1 map; % of nominal flip angle

calculated in kidney ROI. Flip angle used in MRA scan adjusted such that the
actual flip angle achieved is 50◦.

6.4.3.5 Final Imaging Parameters

The final high resolution, multi-echo, TOF MRA scanning parameters were as

follows: TR = 31 ms, TE1 = 5.9 ms, ∆TE = 7.0 ms, number of echoes/TR =

4, field-of-view = 12 (A-P) x 348 (F-H) x 292 (R-L) mm3, water fat shift = 2.37

pixels, target flip angle = 50◦, and in-plane resolution of 0.726 x 0.726 mm2

with a slice thickness of 2 mm. To achieve the target flip angle in most subjects,

the flip angle parameter was set at 100◦. This generated RF excitation pulses

with a B1 magnitude of 1.025 µT and duration τ of 1.7 ms on each transmit

channel; using an average B1 excitation across the FoV of 8.200 µT.

Parallel imaging was performed with the sensitivity encoding algorithm (SENSE).

A factor of 2.5 was chosen to produce sufficient SNR and allow for satisfactory

coverage of the kidney within a breath hold. Flyback gradients with flow com-

pensation were also enabled to ensure all acquired echoes had the same read-out

polarity. This prevented fat-shift directions alternating with echo number and

minimised phase accumulation errors from moving spins.

Lower resolution angiography data was also acquired with the same scan param-

eters in each subject, within a single breath-hold, to demonstrate the anatomical

detail gained with the high-resolution scanning. In one subject, the SENSE fac-

tor was decreased in order to demonstrate the effect of SENSE on the SNR of
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the final images. Image acquisition was repeated in another subject in order to

assess repeatability. All TOF-MRA scans that were performed in the protocol

are outlined in Table 6.2.

Table 6.2: MR Angiography: additional scans

Scan Resolution Voxel Size [mm3] No. of Slices SENSE Factor Scan Time [s]

High 0.75 x 0.75 x 2 6 2.5 29

Medium high 1 x 1 x 2 6 2.5 21

Medium 1.5 x 1.5 x 2 6 2.5 14

Medium (more slices) 1.5 x 1.5 x 2 12 2.5 27

Medium (low SENSE) 1.5 x 1.5 x 2 6 2.0 28

Low 2 x 2 x 2 6 2.5 11

6.4.4 Qualitative and Quantitative Image Analysis

MRA images and maximum intensity projections (MIPs) were assessed for phys-

iological content in 3 and 7 T data. SNR and CNR ratios were calculated

according to SNRvessel = signalvessel
noise

and CNR =
signalvessel−signalsurrounding tissue

noise
. Noise

was defined as the standard deviation of signal in the background and was mea-

sured in an extracorpeal ROI (this method was possible as the quadrature body

coil (QBC) background mask was disabled).

Both ratios were calculated for the first echo alone and the summed multi-echo

image data, and were measured in voxels containing signal from the periph-

eral renal vessels located at the cortico-medulluary border in each image slice.

Surrounding tissue signal, signalsurrounding tissue for the CNR measurements was

obtained from voxels in the medulla. The mean and standard deviation of SNR

and CNR values were computed across slices. Mean values were compared at 3

T in a subset of subjects and at 7 T in all subjects. SNR and CNR were also

compared in one subject in which two scans were acquired with different SENSE

factors. Repeatability of SNR and CNR was investigated in two subjects at 7

T.
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6.4.5 Assessment of Vessel Radii

High resolution (0.75 x 0.75 x 2 mm3) 7 T TOF-MRA data was used to assess

the distribution of vessel radii in healthy volunteers. The methods implemented

were based on previous work relating to the assessment of vessel radii in the brain

between a patient cohort and healthy controls [58]. All analysis was performed

in Matlab R2019a and is outlined in Figure 6.19. Summed multi-echo images

of the kidney, excluding the main renal artery and vein, were passed through a

wavelet denoising algorithm. A spatially adaptive thresholding method was writ-

ten to overcome the variation in vessel intensities between central and peripheral

regions of the kidney and was used to calculate a binary vessel mask for each

image slice. Additionally, the spatially adaptive thresholding helped overcome

some of the signal variation caused by B+
1 inhomogeneity which was generally

present in the images despite the use of RF shimming.

The spatially adaptive threshold assessed the intensity of each voxel and its

neighbouring voxels (within a 5 x 5 x 5 neighbourhood). If the central voxel

value was greater than the mean of the neighbourhood, it was classed as a vessel

and labelled with a 1. The vessel mask was applied to each image and a MIP

was calculated before undergoing a second wavelet denoising stage as shown as

part of Figure 6.19. A MIP of the binary vessel masks was used to calculate

a 2D Euclidean Distance Transform (EDT) which was multiplied by the voxel

resolution (0.75 x 0.75 mm2) to convert voxel number to millimetres. The binary

vessel mask MIP also underwent a skeletonisation process to detect the centre

lines of the vessels. The vessel centre lines and EDT were multiplied together

to obtain a vessel radius map for each subject.

Vessel radii less than 0.375 mm were eliminated from analysis as these values

should not be reliably resolved, however, vessels between 0.375 - 0.75 mm could

theoretically be detected due to partial volume effects. Radii less than 0.375

mm were most likely due to inaccurate segmentation of low CNR regions in the

cortex tissue around the edge of the kidney.
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Figure 6.19: Processing pipeline used to assess vessel radii from 2D TOF-MRA
data.
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The resulting vessel radii were counted and binned into small (0.375 - 1.0 mm),

medium (1.0 - 2.0 mm) and large (> 2.0 mm). The counts in each category

were divided by the total number of vessel radii values to determine the relative

frequency (% of Detected Vessels). The mean and standard deviation of the

% of Detected Vessels in each category was determined across all subjects.

The same analysis was performed on the 3 T data acquired in a subset of the

volunteers.

6.4.6 Liver Angiography

The 2D TOF-MRA protocol with voxel resolution 1.5 x 1.5 x 2 mm3 was also

implemented in a healthy volunteer to collect preliminary liver angiography data

and to demonstrate the benefits of multi-echo acquisition for increased vascu-

lature detail. A lower resolution was used in order to cover a larger FOV within

a breath hold. For these scans the transceiver array plates were positioned such

that the centre line of the coil coincided with the bottom of the ribs to ensure

maximum signal generation over the liver region. A phase null RF shim was also

used to improve the B+
1 homogeneity within the field-of-view. The final geome-

try was transverse through the right superior subsegments of the liver, avoiding

the large hepatic artery and portal vein that tend to dominate the image in liver

MRA.

Phase contrast angiography (PCA) scans were added to the TOF-MRA sequence

with the aim of investigating the potential for monitoring haemodynamic changes

to liver tissue at 7 T. Survey images were acquired in 3 orthogonal planes to

locate the liver and the main feeding vessels (portal vein (PV) and hepatic artery

(HA)). The imaging parameters used are outlined in Table 6.3. PCA on the PV

and HA was performed using a single slice TFE technique with the imaging slice

placed perpendicular to the vessels. PCA data was analysed using the Philips

Q-flow software. ROIs were drawn over the vessels of interest and the mean flux

and mean velocity (over the cardiac cycle) were calculated.
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Table 6.3: PCA Imaging Parameters

Parameter Value

Time resolution (ms) 53

TR (ms) 8.8

TE (ms) 4.1

Flip Angle (◦) 5

FOV (mm2) 143 x 280

Acquisition Matrix 188 x 185

Acquired Voxel Size (mm2) 1.17 x 1.17

Slice thickness (mm) 6

Cardiac Frequency (bpm) 80

Velocity Encoding (cms−1) 100

Number of cardiac phases 15

SENSE factor 2.5

Acquisition time (s) 12.4

6.4.7 Lower Abdominal Wall Angiography

The TOF-MRA protocol was adapted for imaging the DIEP vessels in the ab-

dominal wall. This was developed in 7 female healthy volunteers. Placement on

the bed was such that the centre line of the coil was aligned with the umbilicus

of each subject. The adapted MRA protocol was as follows:

• Initial survey scan.

• Transverse, coronal and sagittal mDixon localiser scans.

• Coronal, free-breathing, 2D TOF-MRA (0.75 x 0.75 x 2 mm3). This

consisted of 40 slices and served as a roadmap for identifying the DIEP

vessels.

• Transverse, breath-held, 2D TOF-MRA (0.75 x 0.75 x 2 mm3). A series

of 6 stacks were acquired that each consisted of 6 slices.

RF shimming was not implemented as the default transmit phase setting of

the body array was sufficient to produce a homogeneous B+
1 field close to the

anterior transceiver array where the DIEP vessels are located. A 3D multi-planar
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reconstruction tool (RadiAnt DICOM Viewer) was used to identify and track

the perforating vessels in the transverse image data set. This was then used to

display the optimal view of the vessel track through the abdominal wall.

6.5 Results

All examinations were performed successfully and no side effects associated with

imaging at 7 T were reported. The average examination time was 45 minutes

which included positioning of the subject, B0 and B+
1 shimming and acquisition

of multiple MRA scans.

6.5.1 Localiser Scans

Figure 6.20 shows coronal, transverse and sagittal images used to plan the B+
1

calibration scans and coronal oblique geometry for the angiography at 7 T. These

images demonstrate the type of destructive interferences that were commonplace

during scanning sessions. This is particularly noticeable in the middle of the

transverse and sagittal images. The coronal image is taken from a slice nearer

the posterior transmit array and so the low signal is not as problematic.

Figure 6.20: Example of 7 T localiser scans.
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6.5.2 B+
1 Optimisation

Figure 6.21 displays DREAM B+
1 maps before and after phase-only RF shimming

was performed and demonstrates an increase of B+
1 in the right kidney. Figure

6.22 displays pre- and post-RF shim mean B+
1 values (in % of nominal flip angle)

measured within an ROI encompassing the kidney for each individual subject.

The figure displays the mean ± the standard deviation σ.

(a) B+
1 map acquired with default quad

setting.
(b) B+

1 map acquired after phase-only
RF shim.

Figure 6.21: In vivo DREAM B+
1 maps demonstrating effect of RF shimming;

volume of interest was selected over the right kidney.

The group mean result pre-RF shim was 46 ± 8 % and post-RF shim was 57 ± 7

%. In each subject implementing the phase-nulling method for RF shimming to

the region over the right kidney increased transmit efficiency and the magnitude

of the B+
1 field in this area. Standard deviations increased in each subject after

RF shimming reflecting the large heterogeneity of the B+
1 field within the kidney

ROI even after local RF shimming had been applied.
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Figure 6.22: Mean B+
1 measured in kidney ROI before and after phase-null RF

shimming is implemented. Error on the mean is ± σ.

6.5.3 Qualitative image analysis

Different spatial resolutions of the same image slice within a subject are shown in

Figure 6.23 demonstrating the advantage of imaging at higher spatial resolution

in the kidney. As the spatial resolution is increased from 2 x 2 x 2 mm3 to

0.75 x 0.75 x 2 mm3 the vascular detail at the cortico-medullary boundary

increases.

Figure 6.23: Image slice at different resolutions; demonstrates additional vascu-
lature detail gained in high resolution imaging at 7 T. Voxel resolutions left-right:
2 x 2 x 2 mm3, 1.5 x 1.5 x 2 mm3, 1 x 1 x 2 mm3 and 0.75 x 0.75 x 2 mm3.
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Figure 6.24 shows the images acquired at 5.9, 12.9, 19.9, 26.9 ms within a single

TR for in one slice. The decrease in signal intensity is characteristic of T∗2 decay

with the signal from venous blood decaying faster than the signal from arterial

blood [59–61]. Two examples of comparing first echo and summed multi-echo

images are shown in Figure 6.25. In both cases there is an increase in SNR

and the enhanced detail of smaller vessels in the summed multi-echo data. This

confirms the capability for multi-echo acquisition to improve the visualisation of

renal vasculature.

Figure 6.24: Multiple echo images acquired at 5.9, 12.9, 19.9, 26.9 ms in a
single slice; decrease in signal intensity is characteristic of T∗2 decay.

MIP’s calculated from first echo and summed multi-echo images separately are

compared in Figure 6.26. In the multi-echo MIP there is higher SNR in the

distal vessels at the cortico-medullary boundary.

An example MIP from another subject is shown in Figure 6.27 where multiple

vessels that come from the division of the renal artery and vein are more resolved.

The highlighted vessel is an intra-renal artery which is now resolvable due to

the contribution of the arterial blood signal in the later echoes. Figure 6.28

presents MIP’s calculated from summed multi-echo data in each of the eight

subjects.
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(a)

(b)

Figure 6.25: Examples from two different image slices comparing first echo [left]
and summed multi-echo data [right].
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Figure 6.26: Maximum intensity projections from [left] first echo MRA images
[right] summed multi-echo MRA images. Higher SNR in distal vessels of kidney
achieved in summed data.

Figure 6.27: Comparison of first echo and summed multi-echo MIPs; red box
highlights improved detail in the summed angio.
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Figure 6.28: Summed multi-echo renal MRA MIPs showing data collected in
each of the eight healthy subjects (subject numbers next to respective MIP).
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6.5.4 Quantitative image analysis

The distance between the posterior of the subject and the centre of the right

kidney was measured from the image data from the B0 maps (see Figure 6.29).

The distance for each subject is presented in Table 6.4.

Figure 6.29: Distance from subject posterior to centre of right kidney.

Table 6.4: Results from measuring the distance from posterior of each subject
to the centre of the right kidney. Measurements were obtained from images of
B0 map.

Subject 1 2 3 4 5 6 7 8

Distance [cm] 6.9 6.3 6.4 6.6 6.8 7.5 5.9 8.0

The SNR measured in the peripheral renal vessels in subjects that were scanned

at both 3 T on the Achieva and Ingenia (which has digital architecture), and

the 7 T is presented in Figure 6.30. Consistently at each field strength, the

summed multi-echo images demonstrate higher SNR in the vessels. There is a

clear increase in SNR between 3 and 7 T data for subjects 1 -3, although Subject

4 shows 7 T SNR values comparable with the 3 T data. There were no relevant

factors concerning Subject 4 that might have explained this (for example, large

BMI) and so the lower 7 T results are most likely due to poor coil placement

over the kidneys during the 7 T scanning session.
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Figure 6.30: SNR measured in peripheral renal vessels in subset of volunteers
that were scanned at 3 T and 7 T. First echo only and summed multi-echo
image data are compared.

These measures were repeated in the remainder of the subjects at 7 T and

results are presented in Figure 6.31. The increase in vessel SNR in the summed

multi-echo data is observed across all subjects. Subjects 4 and 5 have noticeably

lower SNR than the rest of the subjects and this is reflected in the final MIPs

displayed in Figure 6.28. Again, this could be due to sub-optimal placement of

the body array within these specific scanning sessions.
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Figure 6.31: SNR measured in peripheral renal vessels in each subject. First
echo only and summed multi-echo image data are compared.

Table 6.5 presents additional SNR results. SNR measures were compared be-

tween two datasets acquired with different SENSE factors (2 versus 2.5) on

subject 4. SNR was higher in the images acquired with the lower SENSE factor

as expected. The repeatability of SNR measures in subjects 3 and 6 showed

consistent gain of SNR in summed multi-echo images within the same scanning

session.

Table 6.5: Results demonstrating effect of reducing SENSE factor and repeata-
bility on SNR.

Subject Scan SNR (1st Echo) SNR (All Echoes)

SENSE 2.5 14.0 ± 4.3 22.4 ± 4.8
4

SENSE 2.0 19.3 ± 2.3 28.8 ± 9.5

Repeat 1 23.3 ± 7.6 30.9 ± 9.1
3

Repeat 2 24.4 ± 10.5 36.0 ± 10.8

Repeat 25.8 ± 5.2 34.1 ± 10.7
6

Repeat 2 29.6 ± 5.5 32.7 ± 7.1
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The CNR was measured in peripheral renal vessels against the background tissue

in subjects scanned at 3 and 7 T, and results are presented in Figure 6.32. CNR is

highest in the 7 T summed multi-echo image data for each subject. In subjects

1 and 4 the 7 T CNR is not significantly higher than that obtained at 3 T.

CNR was then calculated for all subjects scanned at 7 T and are presented in

Figure 6.33. CNR is higher in the summed multi-echo images across all subjects.

Subject 7 shows no significant increase in CNR between first echo and summed

echo images, however, the quality of the MIP displayed in Figure 6.28 does not

appear to be affected.

Figure 6.32: CNR in subset of volunteers scanned at 3 and 7 T. First echo only
and summed multi-echo image data are compared.

Table 6.6 outlines results for the additional SENSE and repeatability scans. The

CNR increased in both first echo and summed multi-echo images in the dataset

acquired with a lower SENSE factor. The repeatability of the CNR measures

in subjects 3 and 6 showed consistent increases in CNR values of the summed

multi-echo images.
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Figure 6.33: CNR measured in peripheral renal vessels in each subject. First
echo only and summed multi-echo image data are compared.

Table 6.6: Results demonstrating effect of reducing SENSE factor and repeata-
bility on CNR.

Subject Scan CNR (1st Echo) CNR (All Echoes)

SENSE 2.5 20.9 ± 4.4 31.4 ± 5.5
4

SENSE 2.0 25.2 ± 6.8 40.8 ± 7.4

Repeat 1 22.9 ± 8.3 32.3 ± 9.7
3

Repeat 2 22.3 ± 11.8 32.1 ± 15.6

Repeat 1 23.5 ± 9.7 32.8 ± 10.4
6

Repeat 2 16.4 ± 8.8 20.7 ± 10.1

No correlation was found between the posterior to kidney distances (presented

in Table 6.4) and the outlying SNR and CNR results across the subjects. The

average % increase in SNR and CNR values between the multi-echo data com-

pared to first echo data calculated across all subjects scanned at 7 T was 7 %

for both measures.
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6.5.5 Assessment of Vessel Radii

A vessel radii map overlaid onto the underlying renal anatomy is shown in Figure

6.34. The vessel radii are estimated across the vessel centrelines in millime-

tres.

Figure 6.34: Vessel radii map following EDT and skeletonisation of renal vessel
mask.

The vessel radii frequencies were calculated from 3 and 7 T angiograms corre-

sponding to the categories of vessel thickness outlined in the methods section

for each subject and are presented in Figures 6.35 (a) and (b) respectively. The

highest fraction of vessels detected had medium radii (1 - 2 mm) in each subject.

Large radii (2 - 3 mm) had lower counts in every subject, which is expected as

analysis excluded the main renal artery entering and renal vein draining the kid-

ney. The average frequency of vessel radii across all subjects is shown in Figures

6.35 (c) and (d) for the 3 and 7 T data respectively. The average radii results

were similar between the two field strengths, and the standard deviation of the

vessel radii in each category was larger for the 7 T data.
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(d) 7 T results

Figure 6.35: Frequency of vessel radii for small, medium and large vessel cat-
egories. Counts shown for each subject separately at (a) 3 T and (b) 7 T.
Average frequency across all relevant subjects of different vessel radii at (c) 3 T
and (d) 7 T.
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6.5.6 Liver Angiography

Figure 6.36 shows multi-echo data acquired in one image slice and demonstrates

the expected T∗2 decay in the liver. Cardiac, respiratory and SENSE induced arte-

facts are severe in this geometry highlighting the need for further development

of the TOF-MRA protocol for application to the liver.

Figure 6.36: Liver multi-echo images.

The first echo only and summed multi-echo images are displayed in Figure 6.37

for comparison. The increase in SNR for the multi-echo images is apparent in

each case. Detail of the branching vessels originating from the portal vein and

hepatic arteries which lead to the peripheral microvasculature are enhanced.

This translates through to the MIP’s computed from first echo and summed

multi-echo images separately (see Figure 6.38). Hepatic vasculature including

the left hepatic artery, the portal vein and the right hepatic artery are identified

in the first echo image. In the summed multi-echo image there is an overall

increase in image contrast and an area of superior visualisation of peripheral

branching vessels is highlighted.
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(a) (b) (c)

Figure 6.37: Liver first echo [top] and summed multi-echo [bottom] images.

(a) (b)

Figure 6.38: (a) First echo and (b) summed multi-echo MIP’s in the liver. The
red circle highlights an area of better visualisation of branching vessels. Arrows
identify territories of hepatic vasculature from (1) the left hepatic artery, (2) the
portal vein and (3) the right hepatic artery.
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Figure 6.39 shows an example of sagittal survey images acquired for PCA show-

ing the portal vein and hepatic artery in the same imaging slice. Examples of the

magnitude and phase images (for cardiac cycles 1 and 15) are shown in Figure

6.40. The mean flux for the PV was 13.65 mls−1 and 5.52 mls−1 for the HA

and Figure 6.41 shows a graph of mean velocity versus trigger delay time for the

PV and HA.

Figure 6.39: TOF-MRA survey image for planning PCA: sagittal orientation
shows clear delineation of the (1) hepatic artery above the (2) portal vein.
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Figure 6.40: Visualisation of liver blood flow through the portal vein and hep-
atic artery; source magnitude and velocity images (sagittal plane) are shown at
different time points in the cardiac phase.

Figure 6.41: QFlow analysis of mean velocity versus trigger delay time in portal
vein and hepatic artery ROIs.

6.5.7 Lower Abdominal Wall Angiography

Figure 6.42 (a) shows an example of a 2D TOF-MRA perforator vessel detected

through the rectus abdominis muscle, which when followed through the image

slices (posterior to anterior) forms a branching point for the widely separated

vessel branches of the SIEA, this is shown in Figure 6.42 (b).
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(a) (b)

Figure 6.42: Coronal 2D TOF-MRA roadmap for localising DIEP vessels.

A transverse 2D TOF-MRA image is shown in Figure 6.43 (a), where the arrows

point to the right and left rectus abdominis muscles and the circles highlight

the right and left DIEA. Figure 6.43 (b) shows an image slice from the same

dataset through the umbilicus (UMB) and highlights a DIEP vessel coming up

through the right rectus muscle and penetrating the subcutaneous tissue.

An example of the views generated with the 3D multi-planar reconstruction

tool using the coronal MRA data is displayed in Figure 6.44. The images show

how the perforator in the coronal image could be projected into the sagittal,

transverse and oblique planes. A perforator is this data set can be seen at the

fascial layer that lies between the rectus muscle and subcutaneous tissue.

Figure 6.45 shows clinical contrast-enhanced (CE) 1.5 T angiograms that were

received from a collaborating radiologist. These images were used for informing

a pre-operative DIEP surgery plan. The 7 T images are higher resolution and the

contrast between the perforating vessel and background tissue is greater aiding

the delineation of the abdominal vessels compared to the CE 1.5 T data. This

is a demonstration of how lower field contrast enhanced scans can benefit from

the increase in intrinsic contrast at 7 T.
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(a)

(b)

Figure 6.43: Transverse 2D TOF MRA images demonstrating (a) the right
(RRM) and left (LRM) rectus muscles [arrows] and the right and left deep
inferior epigastric arteries located deep in the rectus abdominus [circles] (b) the
umbilicus (UMB) [arrow ] and a perforating branch artery [circle].
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(a)

(b) (c) (d)

Figure 6.44: 3D multi-planar reconstruction of coronal TOF-MRA data. Demon-
strates projection of perforating vessels in the different image planes.

Figure 6.45: Clinical 1.5 T DIEP images
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6.6 Discussion

Renal Angiography

Multi-echo 2D TOF-MRA images acquired at 7 T showed higher SNR and CNR

compared to images acquired at 3 T, excellent differentiation of anatomical

structures and more detailed renal vasculature without the need for contrast

enhancement. However, image quality is compromised in some subjects due to

the severe B+
1 inhomogeneity at UHF and limited RF power available.

With phase-only RF shimming it was possible to increase the B+
1 achieved within

the kidney, however the excitation across the field of view was still highly variable

which is reflected in the large standard deviations in Figure 6.18. Alternative RF

shimming optimisation algorithms might resolve this issue. In the quantitative

results where SNR and CNR were measured, the low SNR of Subjects 4 and 5

highlights the subject-dependent nature of body imaging at 7 T. Subject body

composition and size has some influence on the ability to achieve the target flip

angles due to power limitations and subject position, and transmit coil placement

need to be carefully arranged in order to ensure successful imaging. If any of

these factors are amiss then results can be sub-optimal. Methods to avoid this

might include placing fiducial markers inside the coil so that they can be checked

during initial survey scans, or referring to someone who is clinically trained in

anatomy when placing the coil on subjects before scanning takes place, and

should be employed in future studies to ensure consistent results.

Analysis of vessel radii across all subjects scanned at 3 and 7 T demonstrated

that vessels with a radii of 1 - 2 mm were of the highest frequency, which is

in line with renal vessel measurements found in the literature [62, 63]. Variable

SNR and CNR across the FOV meant that a thresh-hold based segmentation of

the vessels was not trivial. Smoothing the images with the wavelet denoising

algorithm was necessary, however, this obscured the increased vascular detail

within the 7 T images and limited the effective resolution. This reduced the

potential for detecting more microvasculature in the 7 T images when compared
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to the 3 T images. The contrast in the renal cortex between the bright blood

vessels and background tissue was not as good as the contrast in the renal

medulla tissue which reduced the sensitivity of the developed algorithm to the

small vessels in the cortical tissue in images from both field strengths. The

increased standard deviation of the % of detected vessels in each radii category

in the 7 T data reflects these difficulties in the analysis and the variation of radii

frequencies across the subjects.

Liver Angiography

TOF-MRA is known to be difficult in liver due to tortuous nature of vascular

network. However, vessels in the proximal branching arteries can theoretically

be assessed [64]. Therefore, despite using a lower resolution TOF-MRA scan to

image the liver, the detail of vasculature achieved in both the summed multi-

echo images and MIP’s allows visualisation of the portal vein and right and left

HA all the way to the periphery of the liver.

Liver angiography at 7 T requires further development in healthy volunteers,

particularly in optimising the geometry for imaging the liver in order to reduce

SENSE artefacts and respiratory and cardiac motion. However, 7 T liver MRA

shows potential for improved visualisation of the branching in the liver and the

smaller peripheral vessels with the high resolution TOF-MRA scan.

The PCA results show that measures of haemodynamic flow are possible in the

liver at 7 T in both the PV and HA. The mean flux and velocity values were

lower than is reported elsewhere in the literature [65] suggesting that further

optimisation of the PCA parameters is required to accurately reflect the flow

characteristics. It is hard to resolve the HA at 3 T and so using 7 T could be a

real advantage for assessing hepatic haemodynamic changes which are relevant

in clinical questions surrounding patients with chronic liver disease.
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Lower Abdominal Wall Angiography

Applying the 2D TOF-MRA protocol to the lower abdominal wall to image the

DIEP vessels was successful in regard to visualisation of the perforator vessels

from below the rectus abdominis muscles to the subcutaneous fat layer. Images

obtained in healthy volunteers were used to identify the perforator vessels which

are essential landmarks included in pre-operative reports produced for planning

DIEP surgery.

After discussion with a consultant radiologist, it was acknowledged that the 7

T images gave no additional anatomical or vascular detail compared to DIEP

images obtained at 1.5 T, however, the 1.5 T DIEP images require contrast

enhancement. Therefore, performing this protocol at 7 T removes the need for

gadolinium based contrast agent administration. This is an example of the ben-

efit of imaging patients with poor renal function at 7 T where administration

of Gd is not advised, but the patients still require a diagnostic scan that will

benefit them. Another benefit of 7 T is its potential to offer more information

regarding arterial and venous vasculature (due to the different T∗2 values associ-

ated with oxygenated and deoxygenated blood) within the abdomen which would

give extra knowledge about the perforator and how viable it is for dissection in

surgery.

RF shimming was essential for the renal and liver angiography, whilst the DIEP

angiography did not benefit significantly from RF shimming as the ROI is near

the surface transmit coil. The 45◦ quadrature coil phase setting was sufficient

for imaging near the anterior elements of the body array. This implies that

complications and drawbacks associated with long calibration times associated

with 7 T body imaging for B+
1 mapping and RF shimming would not be a problem

in this case. Therefore, this approach has potential as a quick, robust, non-CE

method for pre-operative DIEP surgery planning. Future work should include

evaluation against non-contrast 3 T angiography and producing quantitative

measurements of the location of the vessels in the abdomen.
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Future Directions

It is recognised that B+
1 inhomogeneity needs to be better addressed. This

might include replacing current RF shimming algorithms with different figures

of merit and employing more sophisticated concepts such as 3D tailored RF

pulses (see Chapter 3). These methods have been shown to decrease flip angle

heterogeneity and improve contrast achieved with TOF-MRA on a 7 T pTx

system in the brain periphery [66] however, these approaches might be more

unstable when applied to the body. Moreover, other dynamic pTx applications

could be applied to avoid exciting the in-flowing arteries.

Applying the developed angiography protocol to patient groups discussed through-

out this chapter will be integral to demonstrating the full potential for 7 T body

MRA. This includes increased information relating to the delineation of small

microvasculature features and exploiting contrast mechanisms that could add

details about venous integrity.

6.7 Conclusion

The work in this chapter has covered the development of a high resolution,

multi-echo 2D TOF-MRA protocol for imaging small vessels in the abdomen

at 7 T. It has been demonstrated that it is possible to achieve superior renal

vasculature information at 7 T compared with 3 T data and that clinically useful

applications in the liver and lower abdominal wall are also feasible.
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7 T∗2-Weighted Body MRI

Work outlined in this chapter was presented at the 25th and 27th Annual Meet-

ings of the International Society for Magnetic Resonance in Medicine in 2017

and 2019 respectively [1, 2].

7.1 Introduction

T∗2-weighted images are obtained by using a multi-echo gradient echo sequence

and require high uniformity of the magnetic field [3]. Multiecho gradient echo

scans can be used extensively in the development of abdominal imaging applica-

tions at UHF due to the low flip angles, short TR and low SAR burden associated

with the sequence. Establishing abdominal imaging at 7 T will also require re-

optimisation of pulse sequences and imaging protocols that are used at lower

magnetic field strengths. This can only be done with accurate knowledge of the

relaxation times of abdominal tissues at 7 T. In particular, information gained

about the T∗2 relaxation times is fundamental to setting optimal echo times in

gradient echo sequences and for choosing the echo time that maximises Blood

Oxygen Level Dependent (BOLD) contrast in renal imaging protocols [4]. In

addition to providing useful information for pulse sequences, there is also inter-

est in using T∗2 relaxation time measurements to evaluate physiological changes

associated with abdominal diseases.

Chronic Liver Disease (CLD) is an increasingly important problem caused by

multiple etiological factors such as alcohol abuse and hepatitis [5] creating a need

to be able to monitor degrees of inflammation, fibrosis, hepatic iron overload and

liver fat content non-invasively. Currently liver biopsy is the clinical tool used to

evaluate these factors [6], however a liver biopsy only samples 1/50,000th of the

total liver volume and so is susceptible to sampling errors, variability in results

and can also be painful for the patient both during and after the procedure

[7, 8].
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7.1 Introduction

T∗2 measurements can be made at conventional magnetic field strengths to assess

hepatic iron overload and liver fat fraction which are the most common metabolic

causes of chronic liver disease [9, 10]. These results can also be complimented

with T1 measurements that can provide additional information about degrees of

necroinflammation and fibrosis [11].

Renal function can also be assessed non-invasively with T∗2 measurements to

probe oxygenation using BOLD MR imaging [12–14]. This technique non-

invasively assesses oxygen content by exploiting the paramagnetic nature of

deoxygenated blood, which has a shorter T∗2 compared to oxygenated blood.

Therefore, BOLD MRI can be used to identify renal hypoxia which has a di-

rect link to the progression of chronic kidney disease (CKD) [15]. Differences

between cortical and medullary tissues have been shown to increase in measure-

ments made at 3 T compared with 1.5 T. This is due to a higher sensitivity to

deoxyhemoglobin at higher magnetic fields [16].

It is anticipated that applying these measurements in similar patient groups

at 7 T will provide additional information linked to the underlying physiological

changes associated with CLD and CKD. The increased SNR and CNR at elevated

field strengths should improve the specificity and sensitivity of the T∗2 measure-

ments compared to results obtained at 3 T. However, performing quantitative

measurements in vivo at 7 T is challenging due to the increased inhomogeneity

of the B+
1 field, chemical shift and susceptibility artefacts [17].

The following chapter shows preliminary T∗2-weighted imaging results in the

liver, uterus and colon. Fat and water images obtained using a Philips mDixon

acquisition are also presented. A short study in which quantitative measures of

T∗2 in abdominal tissues in healthy subjects at 3 and 7 T is outlined and proposes

the use of T∗2 maps to reduce the bias field effects at 7 T.
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7.2 Methods

Scanning was performed on a 7 T Philips Achieva 8-channel multi-transmit sys-

tem with an 8-channel fractionated dipole transmit coil (MRcoils, Zaltbommel,

Netherlands). Phase-only RF shimming was performed interactively over lo-

calised regions of the liver and kidney using in-house software [18]. Volume B0

shimming was applied across both the liver and kidneys.

7.2.1 T∗2-Weighted Imaging

Multi-gradient echo scans were performed in healthy subjects with the imaging

parameters listed in Table 7.1. Resulting images across all echoes were assessed

for interesting physiological and anatomical findings.

Table 7.1: T∗2-Weighted Imaging Parameters

Scan Parameter Transverse Scan Sagittal Scan

TR [ms] 31 138

TE1 [ms] 4.76 1.6

∆TE [ms] 7 7

Number of echoes/TR 4 3

Water Fat Shift [pixels] 1.185 0.852

In-Plane Resolution [mm2] 0.75 x 0.75 1 x 1

Slice Thickness [mm] 2 2

Target Flip Angle [◦] 100 25

Number of Slices 12 8

7.2.2 Fat-Water Imaging

mDixon scans were used to obtain anatomical images at the beginning of the

7 T body imaging protocol to aid the planning of geometries for specific scans.

Imaging parameters for the mDixon scan included; TR = 49 ms, water-fat shift

= 0.454 pixels, acquired voxel size = 1.8 x 1.8 x 2 mm3, flip angle = 12◦,
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7.2 Methods

number of slices = 12, scan duration = 20 s. Outputs generated were water,

fat, in-phase and out-of-phase images. These were assessed for the feasibility of

using the mDixon data for preliminary fat imaging and future fat quantification

research.

7.2.3 T∗2 measurements at 3 and 7 T

In this study, scanning was also performed on a 3 T Philips Ingenia system with

dual transmit and both anterior and posterior receive coils. Volume B0 shimming

was also applied across both the liver and kidneys.

7.2.3.1 Image Acquisition

T∗2 values were measured in four healthy volunteers using a 2D multi-gradient

echo imaging sequence with flyback gradients. Example images acquired at 3

and 7 T in one of the volunteers at different echo times are shown in Figure

7.1. Fat-water in-phase echo times were used to yield T∗2 values from a single

transverse slice in the abdomen encompassing both the liver and kidneys in a

single breath-hold. The scan was also repeated with out-of-phase echo times

(see Table 7.2 for scan parameters used).

Table 7.2: Scan parameters for T∗2 measurements at both 3 and 7 T

Scan Parameters 3 T 7 T

Voxel volume [mm3] 1.5 x 1.5 x 2 1.5 x 1.5 x 2

Water Fat Shift per voxel 0.174 0.357

TR (ms) 17.9 36.8

TE1 (ms) 2.3 1.97

∆TE (ms) 3/1.5 (IP/OP) 3/1.48 (IP/OP)

Flip Angle (◦) 15 15

Field of View [mm3] 450 x 450 x 2 450 x 450 x 2

No. of acquired echoes 12 12

Total scan time (s) 16.2 16.8
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7.2 Methods

(a) 3 T

(b) 7 T

Figure 7.1: Multi-gradient echo images acquired at both field strengths: signal
decay is faster at 7 T and the T∗2 contrast is greater - especially in the kidney
where renal tissues (cortex and medulla) can be differentiated). However, B+

1

inhomogeneity is severe in the 7 T images compared with the 3 T data.

7.2.3.2 Data Analysis

A pixel-wise weighted linear least squares regression was used to fit the log of the

signal over multiple echoes to a function -TE
T ∗2

+ log(S0). A mono-exponential

model was chosen as it was assumed that the fat fraction within the liver of the

healthy subjects would be low. A correction for through-slice dephasing [19–21]

was not possible as only a single slice was acquired.

To avoid noise bias, later echoes were eliminated that were above an empirical

threshold value determined from using the signal in the final echo image as

an estimate of the noise background. T∗2 voxel based maps were obtained and

the mean and standard deviation in three different ROIs (5 x 5 voxels) within

homogenous areas of the liver, kidney, and adipose and muscle tissues. T∗2 results

for the liver were also compared for the different echo time acquisitions (in-phase

versus out-of-phase). Lastly, the R∗2 relaxation rate for each abdominal tissue

was calculated for each abdominal tissue at 3 and 7 T to best display the change

between field strengths. All analysis was performed in Matlab R2018b.
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7.3 Results and Discussion

7.3.1 T∗2-Weighted Imaging

Figure 7.2 displays a T∗2-weighted transverse image through the liver and left

kidney. There is excellent contrast between the tissue and vessels in liver, as

well as clear delineation of the renal cortex and medulla in the kidney. At this

echo time, the signal from venous blood is heavily attenuated at 7 T, and so

large veins appear as dark lines which can be seen in the posterior muscle tissue.

There is a destructive B+
1 band across the centre of the FOV, which was typical

in each subject scanned at 7 T even after RF shimming had been applied (in

this case in the region over the liver). Fixing the band of hypointensity will be

crucial for engaging clinicians with 7 T body imaging. However, until sufficient

advancements are made 7 T body images still have the potential to provide

clinical insight in localised regions of interest.

Figure 7.2: Example of T∗2-weighted image of liver and left kidney.

Figure 7.3 displays sagittal T∗2-weighted images acquired in a female volunteer.

Figure 7.3 (a) demonstrates how the contrast between tissues changes with

respect to echo time. Despite the relatively long ∆TE of 7 ms there is still
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useful MR signal present in the later echoes. In this dataset there were two

interesting findings which are presented in Figure 7.3 (b). The uterine cavity

can be identified as well as colon wall. Determination of colon wall thickness

can be used to diagnose irritable bowel syndrome and other colonic inflammation

syndromes [22, 23]. Further high resolution imaging of the colon wall to resolve

colon compartments relevant to the microbiome and structures visible in the

contents of the colon are areas of interest [24].

(a)

(b)

Figure 7.3: T∗2-weighted images in first female volunteer: (a) varying the echo
times adjusts the contrast, (b) at later echo times can successfully identify the
uterine cavity (yellow arrow) and multiple sections of the colon wall (red arrows)
on the 7 T images.
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A second set of T∗2-weighted images acquired in a second female volunteer are

shown in Figure 7.4. This time, the contrast achieved is greater compared to

the previous data and it is possible to resolve the vessels surrounding the uterine

cavity as well as the colon wall.

(a)

(b)

Figure 7.4: T∗2-weighted images in second female volunteer: (a) varying the echo
times adjusts the contrast, (b) vessels surrounding the uterine cavity (yellow
arrow) and the colon wall (red arrow) were identified on 7 T images.

Bright signal from subcutaneous fat is problematic in all T∗2-weighted images

that are presented; this particularly affects the effectiveness of the windowing

and presentation of the images. Future development of T∗2-weighted imaging

should include fat saturation methods that have been shown to be successful at

7 T such as; spectrally selective adiabatic inversion recovery (SPAIR) [25] and

fat saturation [26].
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7.3.2 Fat-Water Imaging

Fat-water imaging using the Dixon technique (see Chapter 2) in the abdomen at

7 T has shown promising results. In Figure 7.5 fat, water, in-phase and out-of-

phase images acquired in a male subject with a healthy weight BMI are shown

in an axial slice through the liver. The quality of these images is not as high in

larger subjects, as shown in Figure 7.6 where the same axial images are presented

that were acquired in a female volunteer with BMI in the overweight range.

Figure 7.6 (b) shows fat-water misregistration in the anterior subcutaneous fat.

This misregistration normally corresponded to regions where there was phase

wrapping in the B0 maps and highlights the sensitivity of the Dixon technique to

B0 as well as B+
1 inhomogeneities. Successful fat-water imaging in the abdomen

at 7 T suggests that fat quantification measurements and the calculation of liver

fat fraction maps is achievable.

(a) Fat (b) Water (c) In-Phase (d) Out-of-Phase

Figure 7.5: Fat-Water imaging: example 1. Subject with healthy weight BMI
(in the range 18.5 - 24.9).
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(a) Fat (b) Water (c) In-Phase (d) Out-of-Phase

Figure 7.6: Fat-Water imaging: example 2. Subject with BMI > 25 in the
overweight range.

7.3.3 T∗2 measurements at 3 and 7 T

Figure 7.7 demonstrates the stability of the decaying signal in different regions

of the image with respect to the B+
1 homogeneity. The signal behaviour from a

voxel in a high intensity, homogenous area behaves linearly when the logarithm of

the signal values is calculated. In a voxel where there is high B+
1 inhomogeneity

the linearity is not as obvious, and in a voxel from a low signal area (in the middle

of the FOV in the centre of the body) the signal appears noisy and non-linear.

The B0 homogeneity in each of the voxels would also influence the linearity of

the signal.

(a) Voxel from high, ho-
mogenous signal area.

(b) Voxel from area with
severe RF inhomogeneity.

(c) Voxel from low signal
area.

Figure 7.7: Logarithm plots of individual voxel signal versus echo time taken
from regions of varying B+

1 homogeneity.

Figure 7.8 shows T∗2 maps measured in approximately the same slice position

in the same subject at (a) 3 T and (b) 7 T and show that the measured T∗2
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values decrease with increasing field strength. T∗2 values are shown to vary

across the liver, cortical and medullary regions in the kidneys, fat and adipose

tissues. Areas in the 7 T map were excluded due to low correlation between

signal values over all echoes. This indicates that shorter echo times (∆TE) may

be required in future studies rather than restricting the echo times to produce

in-phase fat and water signals. In the case of patients with high fat fractions a

full bi-exponential fat-water signal model would be required for more accurate

signal decay rates.

(a) T∗
2 map based on 3 T image data. (b) T∗

2 map based on 7 T image data.

(c) Histogram of T∗
2 values at 3 T. (d) Histogram of T∗

2 values at 7 T.

Figure 7.8: T∗2 maps (a) and (b) and associated histograms (c) and (d) of all
T∗2 values in the FOV in one subject at 3 and 7 T respectively.

Results shown in Table 7.3 confirm the observations made from the T∗2 maps.

Listed are T∗2 values at each field strength averaged over the four subjects, for

each of the tissues of interest. The errors quoted are the standard deviations

across all subjects. The standard deviations are greater in the 7 T data for
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renal cortex, adipose and muscle tissues. The liver and renal medulla standard

deviations are smaller in the 7 T data which is likely due to the better delineation

of the liver tissue and vessels, and the renal medulla in the 7 T images when

drawing the ROIs to measure T∗2. 3 T results agreed with T∗2 values cited in

the literature for cortical and medullary regions of the kidney [12], liver [27] and

muscle [28]. However, values for adipose [29] did not match those previously

found suggesting that the echo times might need to be adjusted to improve the

characterisation of the adipose signal decay.

Table 7.3: Mean T∗2 values in abdominal tissues at 3 and 7 T

Field Liver Kidney Kidney Adipose Muscle
Strength (T) (Cortex) (Medulla)

3 21.5 ± 2.9 66.9 ± 4.3 35.4 ± 4.3 20.4 ± 2.9 26.8 ± 1.0

7 7.9 ± 0.5 31.3 ± 7.5 13.9 ± 2.9 15.6 ± 4.5 20.4 ± 1.7

Differences in mean T∗2 values between field strengths were statistically signifi-

cant (p<0.05), apart for the adipose tissue. Some of the variance in the adipose

results will be due to partial volume effects with vessels due to the coarse spa-

tial resolution required to obtain this data in a breath hold at 7T. The average

T∗2 in liver tissue at 7 T was 7.9 ± 0.5 ms and 8.6 ± 0.9 ms for in-phase and

out-of-phase respectively which demonstrates the potential for fat quantification

methods in the liver to measure fat fraction at 7 T.

Figure 7.9 shows the R∗2 relaxation rates for each abdominal tissue at 3 and 7 T.

At 7 T there is an increased dispersion of R∗2 values across the different tissue

types which is what generates the high T∗2 contrast in gradient echo sequences.

Due to the higher relaxation rates at 7 T, there is potential to reduce the TE (and

therefore the TR of the sequence) shortening the total acquisition time.
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7.4 Conclusion

Figure 7.9: Variation of R∗2 relaxation rate with field strength in the liver, kidneys,
adipose and muscle tissues.

7.4 Conclusion

T∗2-weighted images have been shown to provide excellent anatomical detail in

vivo at 7 T and the adjustment of the echo time can improve the contrast be-

tween abdominal tissues, as observed in the colon wall in Figures 7.3 and 7.4.

Measurements of T∗2 were made at 3 and 7 T in the liver, kidney, muscle and

adipose tissues providing initial data for optimising pulse sequences in the body

at UHF. Since this study was performed parallel imaging has been implemented

on the 7 T system giving the potential to improve the resolution of the images

acquired. A recently acquired dataset from which a T∗2 map was calculated is

shown in Figure 7.10. The improved B+
1 homogeneity in this dataset is also

due to improvements made to the body coil, scanner and RF shimming soft-

ware. The T∗2 map itself provides a bias field corrected T∗2-weighted image and

could provide robust, high contrast structural imaging information for 7 T body

imaging applications, analogous to the MP2RAGE sequence which is used to

produce bias field corrected T1-weighted images routinely in the brain at UHF

[30].
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7.4 Conclusion

In conclusion, the results of this chapter present preliminary T∗2-weighted images

and quantitative measures. Further work will be required to confirm these find-

ings in a larger group of subjects to assess intra- and inter- subject variability

and to move from measures in healthy subjects to patient studies.
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Figure 7.10: Most recent quantitative T∗2 data at time of thesis submission.
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8 Conclusion

This thesis is the result of a PhD research project dedicated to developing ab-

dominal MRI at 7 T. The work presented has included the validation of a newly

installed pTx system on a Philips 7 T Achieva MR system and 8 TX/32RX frac-

tionated dipole body array. Different B+
1 mapping methods were explored for

use on pTx systems and techniques to overcome the large dynamic range of B+
1

and inhomogeneities experienced in whole-body imaging at 7 T were developed

and presented.

Efficient RF modelling methods were developed for the work in this thesis, in-

cluding the validation of a prototype wire dipole coil model and a custom 10-

gram averaging algorithm designed for optimised gridding in the underlying EM

simulations. A pipeline for modelling local SAR in subject-specific models was

implemented and used to study intra-subject variation in B+
1 and local SAR

with respect to respiratory motion; and inter- subject variability of maximum

local SAR results in a small library of simplified subject-specific body models.

The results concluded that it was not necessary to consider a respiration safety

factor when determining the overall safety factor for a given simulation. With

respect to inter-subject variability, the peak local SAR values varied across the

library of models and RF transmit phase settings such that the current average

power limits in place on the 7 T are operating within a 1.6 safety factor. The

correlation of these measures with body fat composition and subject BMI was

also presented but were inconclusive.

Future work should include expanding the library of body models to include rep-

resentation of more subjects of different ages and body types. This will provide

results that are more representative of a general population and will improve

the confidence in peak local SAR measures and both intra- and inter- subject

variability. The developed method for subject-specific body model creation, ef-

ficient RF modelling and local SAR computation outlined in Chapter 5 can be

used to efficiently perform the required analysis when a large enough database of
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modelled data can be created, then machine learning approaches to local SAR

prediction in the body at 7 T can be considered.

A high-resolution multi-echo time-of-flight angiography protocol was developed

in healthy volunteers. The multiple echoes were summed together to increase

the SNR in the final images, improving details of the small peripheral vessels in

different organs. Initially this protocol was applied to the intrarenal vessels; final

angiograms were analysed for SNR, CNR and vessel radii. The vascular network

in the liver was also imaged and a preliminary phase contrast angiography proto-

col was implemented to calculate the flow velocity results in the portal vein and

hepatic artery. Finally, the TOF-MRA protocol was applied to the abdominal

wall to image the DIEP vessels; these images showed similar image quality at

7 T that is achieved at 1.5 T with contrast-enhanced angiography. This work

demonstrated the benefit of the increased intrinsic SNR at 7 T. Expected ap-

plications of this protocol for different patient groups were discussed. Future

development concerning abdominal angiography at 7 T should include further

optimisation of the PCA protocol for the liver and using the multiple echoes to

fit for T∗2 values in the kidneys, liver and abdominal wall to visualise and evaluate

venous changes and vessel viability in healthy subjects and patient groups.

Preliminary quantitative MRI was performed to collect measures of the T∗2 re-

laxation time in different abdominal tissues. These measures demonstrated in-

creased contrast between the relaxation properties of abdominal tissue types at

7 T when compared to the same measures in the same subjects at 3 T. The 7 T

results will inform future MR sequence optimisation in abdominal applications.

Other interesting anatomical findings based on the T∗2 weighted images were pre-

sented, along with results from mDixon scans that output fat and water images

demonstrating the potential for future fat quantification work at 7 T.

The B+
1 inhomogeneity and available RF power from the scanner has been chal-

lenging throughout this research. Phase-only RF shimming proved sufficient for

the in vivo work performed. Future quantitative work will require more robust

methods to ensure the homogeneity of the B+
1 across larger areas of interest.
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This should include dynamic pTx methods that also address considerable inter-

subject variability in abdominal anatomy. At 3 T, universal pulses designed using

a machine learning approach have been shown to produce calibration-free RF

pulses that reduce B+
1 artefacts for routine, clinical, pTx imaging [1].

This will be important for organs such as the liver which is of great interest in

other MR techniques such as spectroscopy, magnetisation transfer and chemical

exchange saturation transfer imaging. These methods also benefit from higher

magnetic field strengths and preliminary work applied as an extension to current

3 T protocols has shown promising results for further implementation at 7 T

[2, 3]. These methods will both compliment the imaging protocols developed for

this PhD and also rely on the B+
1 mapping methods and local SAR considerations

that were investigated.
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A Error Propagation in AFI Sequence

Using the laws of error propagation, the error in the full analytic solution for α

can be expressed as:

σ2
α =

(
dα

dTR1

)2

σ2
TR1

+

(
dα

dT1

)2

σ2
T1

+

(
dα

dr

)2

σ2
r +

(
dα

dTR2

)2

σ2
TR2

(A.1)

As TR1, TR2 and T1 are technically known values, their associated errors are

equal to zero. Therefore, the error in α can be simplified to the following

expression:

σ2
α =

(
dα

dr

)2

σ2
r (A.2)

Therefore, the error in α depends on the error in the ratio, r, of the two signal

intensities. The error in r relates to the errors in the measurements of the two

source images:

σ2
r =

(
dr

dS1

)2

σ2
S1

+

(
dr

dS2

)2

σ2
S2

(A.3)

The error in each of the measured signal dependencies depends on the following

expression:

σ2
S1

=

(
dS1

dMZ1

)2

σ2
MZ1

+

(
dS1

dTE

)2

σ2
TE +

(
dS1

dT ∗2

)2

σ2
T ∗2

+

(
dS1

dα

)2

σ2
α (A.4)

As TE and T∗2 are known values, their associated errors are equal to zero. At

this stage, the error in α can also be treated as zero since it is the reference

value for the flip angle. The error in the measurement of S1 is therefore:
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σ2
S1

=

(
dS1

dMZ1

)2

σ2
MZ1

(A.5)

Similarly, for S2:

σ2
S2

=

(
dS2

dMZ2

)2

σ2
MZ2

(A.6)

The error in the measured signal intensities depends on the error in the mea-

surement of the amount of magnetisation present in each voxel:

σ2
MZ1

=

(
dMZ1

dM0

)2

σ2
M0

+

(
dMZ1

dTR2

)2

σ2
TR2

+

(
dMZ1

dT1
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σ2
T1

+

(
dMZ1

dTR1

)2

σ2
TR1

+

(
dMZ1

dα

)2

σ2
α (A.7)

As TR1, TR2, T1 and α are known quantities, these associated errors can be

set to zero and the previous expression can be simplified for the error in MZ1

as:

σ2
MZ1

=

(
dMZ1

dM0

)2

σ2
M0

(A.8)

Similarly, for the error in MZ2:

σ2
MZ2

=

(
dMZ2

dM0

)2

σ2
M0

(A.9)

The error in the measured magnetisation depends on the error in the initial

magnetisation present in the system, M0. This error is dependent on the SNR

of the system:
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σM0 =
M0

SNR
(A.10)

Now the error terms are derived, the derivatives that they depend on can now

be reached. The derivative of the magnetisation with respect to the initial

magnetisation is as follows:

(
dMZ1

dM0

)2

=

(
d

dM0

(
M0

1− E2 + (1− E1)E2cosα

1− E1E2cos2α

))2

(A.11)

(
dMZ1

dM0

)2

=

(
1− E2 + (1− E1)E2cosα

1− E1E2cos2α

)2

(A.12)

(
dMZ2

dM0

)2

=

(
1− E1 + (1− E2)E1cosα

1− E1E2cos2α

)2

(A.13)

Now, the error in the measured magnetisation can be expressed as:

σ2
MZ1

=

(
1− E2 + (1− E1)E2cosα

1− E1E2cos2α

)2(
M0

SNR

)2

(A.14)

σ2
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1− E1 + (1− E2)E1cosα
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)2(
M0

SNR

)2

(A.15)

The derivative of the measured signal intensities with respect to the measured

magnetisation is:

(
dS1

dMZ1

)2

=

(
d

dMZ1

(
MZ1e

−−TE
T∗2 sinα

))2

(A.16)
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(A.17)
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e
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(A.18)

Therefore, the error in each of the measured signal intensities can be expressed

as:
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The derivative of r with respect to the measured signal intensities is as fol-

lows:
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(A.24)

This sets the error in the ratio, r, of the two measured signal intensities to:
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The following fraction concerning the signal intensities can be expanded as

shown:

S2

S2
1

=
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)
M0
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Similarly, for the second fraction involving the signal intensities:

1

S1

=
1

M0

(
1−E2+(1−E1)E2cosα
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)
e
−−TE

T∗2 sinα
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The following known derivative for the arccos function can be used to work out

the derivative of α with respect to r.

d

dx
arccos(u) =

−1√
1− u2

du

dx
(A.28)
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These expressions can then be substituted into the expression for the error in

α:
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σ2
α was used to investigate the random error propagation in the AFI method

and to calculate voxel based weighting factors for manipulation of B+
1 mapping

methods (see Chapter 4).
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