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Abstract
The push to higher-and-higher static magnetic field strengths for magnetic reso-
nance imaging systems leads to the radiofrequency fields, that are used for image
acquisition, becoming less-and-less uniform. This results in undesirable changes in
image contrast which are not due to anatomy. It is, however, possible to mitigate
for this radiofrequency field non-uniformity using technology known as parallel
transmission. Although, in order to provide a robust subject-specific improvement
the non-uniform radiofrequency field must first be mapped in a process known as
“B+

1 mapping”.

To begin, I will go through some essential magnetic resonance physics and
cover some of the key concepts used in this thesis. I will then introduce ultra-high
field magnetic resonance imaging and discuss why it is of interest and some of the
challenges it currently faces.

The first research chapter explores a new way of mapping this non-uniform
radiofrequency field using a novel adaption to a previously used pulse sequence.
This method, referred to as "Sandwich", was successful in producing absolute B+

1

maps across the entire thorax at 7 T and in particular in the heart where typically
many methods fail due to blood flow. Using extended phase graphs and Bloch
simulations I investigated how this new method compares to those currently in
use. I also investigated whether coil-cycling the acquisition of relative maps was
beneficial and I found that coil-cycling is especially important when measuring 3D
relative magnitude maps.

Mapping many individual transmit channels is time-consuming, hence a method
to accelerate the acquisition of B+

1 maps for the entire transmit array over a large
volume was also explored. I did this by combining two methods known as "TxLR"
and "B1TIAMO" with the Sandwich method mentioned previously. I showed that
accurate B+

1 maps can be reconstructed from low-resolution and sparse k-space data.
I demonstrated this using pulse sequence capable of acquiring 3D single-channel
maps for an 8-channel transmit array in only 14 seconds in the brain or 26 seconds
in the body.



Finally, subject motion has the ability to degrade the performance of parallel
transmission technology. Knowledge of the subject’s motion can help inform both
the acquisition and reconstruction for motion correction. Motion detection can
be achieved through various methods, but radiofrequency sensor-based techniques
like parallel transmit scattering or pilot tone are of particular interest, primarily
due to their low hardware requirements. Hence, the final research chapter explores
these two competing radiofrequency sensor-based methods for motion detection.
Both parallel transmit scattering and pilot tone showed good sensitivity to head
motion and each method was able to accurately predict rigid body head motion
in all six degrees of freedom using a linear regression model.
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This thesis consists of 9 chapters. This first chapter briefly explains the mo-

tivation and outline.

1.1 Motivation

The push to higher-and-higher static magnetic field strengths for magnetic reso-

nance imaging systems leads to the radiofrequency fields, that are used for image

acquisition, becoming less-and-less uniform. This results in undesirable changes in

image contrast which are not due to anatomy. It is, however, possible to mitigate

for this non-uniformity using technology known as parallel transmission.

Whilst universal pulses have been shown to work in the heart, these pulses are

always outperformed by tailored RF pulses. However, in order to do this subject-

specific calibration in the heart, faster, more robust and reliable B+
1 maps are

required which cover a larger field of view.

1
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1.2 Outline

Chapter 2: Serves as an introduction to some MRI principles. This chapter
covers an introduction to the hardware, physics and image reconstruction for
acquiring MR images as well as some of the common techniques used in this work.

Chapter 3: Introduces the benefits and challenges with imaging at ultra-high
field (≥7 T) as well as some pTx technologies.

Chapter 4: Details my work behind a new B+
1 mapping sequence, the Sandwich.

This work was presented as a physical poster at the ultra-high field workshop in 2022
in Lisbon, Portugal [1]. Later the same year, this work was also presented orally at
the annual ISMRM meeting in London, UK [2] where it obtained a Magna Cum
Laude Merit Award [Top 15% of abstracts within a major review category]. The
work is now published in the journal Magnetic Resonance in Medicine [3]. During
my internship with the ultra-high field team at Siemens Healthineers in late 2023 I
worked towards implementing this method in IDEA and ICE onto the 7 T Terra.X
system (XA60) in Erlangen, Germany, which is currently the only clinical 7 T pTx
MRI system. The 3D Sandwich B+

1 mapping sequence presented here is due to
be released as a product sequence, including compressed sensing acceleration with
online DICOM image reconstruction, to be used for a fully automated adjustment
step in mid-2024 replacing the previously used 2D SatTFL. [Siemens Healthineers
cannot guarantee the future availability of this sequence]

Chapter 5: Covers work which aims to gain a better understanding of the
trade-offs between some of the commonly used B+

1 mapping methods at 7 T. This
is split into two sections 1) A simulation framework for the comparison of several
B+

1 mapping methods. This work was presented as a digital poster at the 2024
annual ISMRM meeting in Singapore [4]. 2) A FLASH-based comparison of B+

1

mapping methods in phantom at 7 T. This was also presented at the 2024 annual
ISMRM meeting in Singapore as a physical poster [5].

Chapter 6: Explores the benefits of coil-cycling relative maps. This work was
presented orally at the 2024 UHF pTx workshop in Glasgow, Scotland.
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Chapter 7: Features work to accelerate the acquisition of B+
1 maps. Initial

results from this work were accepted as a digital poster at the 2022 annual ISMRM
meeting in London, UK [6]. An extension of this work which included cardiac B+

1

mapping was presented as a digital poster at the 2023 annual ISMRM meeting in
Toronto, Canada [7]. For this work, I was awarded 1st place prize in the trainee
poster competition during the ultra-high field study group meeting. The work is
now published in the journal Magnetic Resonance in Medicine [8].

Chapter 8: Covers the work undertaken to explore two different RF sensor-based
methods of motion detection. This work was presented as a physical poster at the
motion detection and correction workshop in 2022 in Oxford, UK as well as at
the 2023 annual ISMRM meeting in Toronto, Canada [9].

Chapter 9: Summarises the work done in this thesis and gives an idea of what
future directions could be explored.



Working alongside Sir Peter Mansfield on MRI was
hugely exciting, I don’t think any of us could foresee
the transformative tool it was to become. MRI has
this habit of reinventing itself every 5 or 10 years with
yet something else it can do that no-one had thought
about and that continues to be a certainty.

-Professor Peter Morris
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2.1 Introduction
Magnetic resonance imaging (MRI) is used routinely to perform medical imaging of
patients since it uses non-ionising radiation and gives excellent soft-tissue contrast.
MRI is therefore usually preferred to other imaging techniques, such as computed
tomography (CT), when imaging the brain. There are, of course, a few exceptions
such as when imaging an intracranial haemorrhage where CT is the gold standard.
Hundreds of millions of MRI scans are performed worldwide every year and they
provide important information for both medical diagnoses and research.

In order to produce a measurable signal, the nuclei inside the sample being studied
need to be in a high enough abundance. Hydrogen (1H) is the most commonly
imaged nuclei in MRI since it constitutes around 63% of the human body, by
atomic percent, producing the largest signal compared to other nuclei. MRI is
unique in that the contrast between different tissues can be altered to produce the
most desirable images and the rate at which contrast changes allows for specific
tissue properties to be measured.

2.2 A Brief History of MRI
The development of MRI was the culmination of decades of research. Isidor Rabi is
credited with the discovery of the principle behind MRI known as nuclear magnetic
resonance (NMR). Isidor Rabi demonstrated that a transition between nuclear spin
states could be achieved using an oscillating magnetic field [10]. In 1946, Felix Bloch
and Edward Purcell both independently applied Rabi’s discovery to condensed
matter [11, 12]. Initially, NMR was solely used in Chemistry as an analytical tool
for producing chemical spectra, however it was later developed in the 1970s as a
method for producing images of the human body.
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The discovery of the spin echo (SE) by Erwin Hahn [13] became what is now the
fundamental basis of many pulse sequences in MRI. Paul Lauterbur is attributed
with the invention of MRI by demonstrating the encoding of spatial information
in the magnetic resonance signal by using magnetic field gradients [14]. Lauterbur
gave this method of imaging the name "zeugmatography" and was later known
as NMR imaging. For fear of negative public association, the term "nuclear" was
dropped leading to the technique being known today simply as MRI.

The first MRI scan of pathology was performed by John Mallard in 1974 who
imaged a dead mouse [15]. This pioneering work lead John Mallard to obtain a
grant from the Medical Research Council which enabled his team to design and
build the world’s first human whole-body MRI scanner known as the "Mark-1",
based on a 0.04 T magnet which was delivered to Aberdeen in 1977.

The first human scan was performed by Sir Peter Mansfield and his team in
1976. This was a cross-section through Mansfield’s PhD student Andrew Maudsley’s
finger and took around 23 minutes to acquire but helped to convince the Medical
Research Council to fund the construction of a 0.1 T whole-body MRI scanner
[16]. Ultimately, this led to the first commercial MRI device being available for
the medical community in 1983, manufactured by Toshiba and Siemens. Later,
functional MRI using diffusion tensor imaging (DTI) and blood oxygenation level-
dependant (BOLD) techniques were developed allowing the measurement of brain
connectivity and activity [17].

The first human MRI scanners in the 1980’s were made from permanent or
resistive electromagnets which limited field strength to far below 1 T. Modern
scanners use superconducting magnets with the majority of clinical MRI scanners
being 1.5 T or 3 T. Today, ultra-high field scanners of 7 T are cleared for clinical use.

Sir Peter Mansfield pioneered imaging techniques such as slice selection [18]
and echo-planar imaging (EPI) [19]. These methods led to vastly improved image
acquisition times than was previously achievable and was imperative to MRI’s
success in medical imaging. Hence, in 2003 Paul Lauterbur and Sir Peter Mansfield
jointly won the Nobel prize in Medicine for their pivotal work. Although, Raymond
Damadian, an American physician, disputed that he deserved the prize as he had
hypothesised a method to discriminate between cancerous and healthy tissue by
their difference in relaxation times [20]. Mansfield wrote in his autobiography
that "the person who really missed out on the Noble prize" was Erwin Hahn for
his work on spin echoes [21].
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2.3 MR Hardware

There are three main components of an MRI. Firstly, the superconducting elec-
tromagnet which produces the strong main static magnetic field and polarises the
nuclear magnetic moments (e.g. Hydrogen or other X-nuclei). Secondly, there
are the gradient coils which produce linearly varying magnetic fields in the x, y,
and z directions and allow spatial localisation of the signal. And thirdly, the
radiofrequency (RF) coils to induce precession of these magnetic moments and
receive the resulting signal. The following will briefly introduce these components.

2.3.1 The Main Magnetic Field (B0)

A conventional MRI scanner has a static magnetic field which is generated by a
superconducting electromagnet. For a 3 Tesla MRI this magnetic field is on the
order of 6× 104 times stronger than the Earth’s magnetic field. This magnetic field
conventionally points in z-direction down the bore in the longitudinal axis. Whilst
the static B0 field itself typically has good homogeneity, the introduction of subjects
into the static field causes local B0 field changes. The B0 field can be shimmed to
improve these inhomogeneities using a B0 map measured from a phase-sensitive scan.
The optimal shim currents for the shim coils which are integrated into the scanner
are then calculated. B0 effects are particularly noticeable at air-tissue interfaces such
as the frontal sinus, where geometric distortion and signal dropout typically occur.
Additionally, if the local field changes are dynamically changing with physiological
processes such as respiration then this can be even more troublesome.

2.3.2 The Magnetic Field Gradients (Gx, Gy, Gz)

Three orthogonal gradient field components also exist which can be modulated in
time and are typically used to spatially encode the MRI signal. The maximum gra-
dient amplitude is usually around 40 mT m−1 with slew rates up to 200 mT m−1 s−1

per gradient axis. Although, recent advances in gradient technology has produced
a Connectome scanner capable of gradient amplitudes up to 300 mT m−1 and
slew rates up to 200 mT m−1 s−1 per gradient axis [22]. The next generation
Connectome 2.0 system is capable of 500 mT m−1 gradient amplitudes and slew
rates up to 600 mT m−1 s−1 along each gradient axis [23]. However, peripheral
nerve stimulation from the rapidly switching electric fields in the body becomes
a substantial safety consideration.
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2.3.3 The Radio-frequency Field (B+/−
1 )

The main component responsible for RF transmission (B+
1 ) and reception (B−1 ) is

an RF coil. Various kinds of coils exist such as surface soils which have a more
inhomogeneous excitation field but with a high surface sensitivity or volume/body
coils which are larger coils that can produce a more homogeneous and larger
excitation field. Whatever the coil geometry, it must be tuned and matched to the
resonant Larmor frequency in order for optimal resonant performance.

The wavelength, λ, associated with the frequency, f , of electromagnetic radiation
is given by the electromagnetic properties of the subject, namely the permittivity, ε,
and permeability, µ, as shown in Eq. 2.1 where vp is the phase velocity of light which
is usually less than the speed of light in a vacuum (c = 2.99× 108 m s−1). ε0 is the
permittivity of free space (ε0 = 8.85× 10−12 F m−1) and µ0 is the permeability of
free space (µ0 = 1.26× 10−6 N A−2). In a complete vacuum the relative permittivity,
εr, and relative permeability, µr, are equal to one. Hence, in a complete vacuum,
the wavelength associated with the 1H Larmor frequency at 3 T (fL = 128 MHz)
is 2.34 m. However, the relative permittivity of human tissue (assuming εr ≈ 50)
reduces this down to 33 cm.

vp = 1
√
ε0εrµ0µr

= λf (2.1)

Although conventional MRI scanners have only a single transmit (Tx) channel,
they generally have several transmit elements. The RF fields generated by each
transmit element will superimpose and either constructively or destructively interfere.
This will lead to a spatially varying B+

1 field distribution. B+
1 inhomogeneity results

in altered image contrast and is especially problematic for making quantitative
measurements such as when T1 mapping. B+

1 inhomogeneity is insignificant at field
strengths below 1.5 T but the problem is especially complicated at field strengths
≥7 T. At 7 T the wavelength associated with the 1H Larmor frequency (≈13 cm)
is comparable to the size of the subject and can result in regions of complete
signal drop-out and localised heating [24–26].

The B1 field in MRI is only active orthogonal to the B0 field. This is made up
of two orthogonal components, typically B1x and B1y which make up the transmit
(B+

1 ) and receive (B−1 ) fields. These fields are defined as
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B+
1 = B1x + iB1y

2 (2.2)

B−1 = (B1x − iB1y)∗
2 (2.3)

Depending on the orientation of the B0 field, these equations may be swapped.

2.3.3.1 Transmit Chain

A transmit "channel" describes an completely independent electronic chain. The
important components in the RF transmission chain are:

1. Frequency Synthesizer - The frequency synthesizer produces the continuous
sinusoidal carrier wave at the Larmor frequency (298 MHz at 7 T). This device
contains a numerical crystal oscillator (NCO) that keeps precise track of the
frequency and phase. Additionally, the NCO is used in the receive (Rx) chain
for demodulation of the MR signal.

2. Modulator - The output carrier wave is passed down the RF transmit chain
to the pulse wave modulator which shapes the RF pulse with a low-frequency
envelope (i.e. a sinc or rect function).

3. RF Power Amplifier - The RF pulse is then amplified by specifying a reference
voltage. Within the RF power amplifier there is a directional coupler (DICO).
The function of the DICO is to split off a sample of the (complex) forward
and reflected signal for specific absorption rate (SAR) monitoring (using the
concepts of virtual observation points) and fault detection. The standard MR
receivers acquire the DICO signal during transmission every 10 µs. During
reception of the MR signal, the MR receivers are switched back to the RF
coil elements by a switch-matrix.

4. Quadrature Coupler - For a single transmit channel system, after RF amplifi-
cation, the output is typically split into two by a quadrature coupler device.
The resultant outputs are 90° out of phase with each other and are inputs
to the two ports of the quadrature transmit coil (e.g. a birdcage coil). The
two outputs of the coupler are commonly known as I and Q, standing for ‘in
phase’ and ‘quadrature’, respectively.

5. T/R Switch - For transmit coils that are also used as receive coils, a T/R
switch prevents the high power transmit chain from destroying the sensitive
receive circuity by decoupling the receive circuitry during transmission.
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2.3.3.2 Receive Chain

The important components in the RF receive chain are:
1. T/R Switch - For receive coils that are also used as transmit coils, a T/R

switch prevents the high power transmit chain from destroying the sensitive
receive circuity by decoupling the receive circuitry during transmission.

2. Preamplification - The MRI signal detected is exceptionally small and must
be immediately amplified to prevent noise contamination.

3. ADC - The amplified analog signal is then digitised using a high frequency
analog-to-digital converter. On most modern MRI systems this takes place
on the coil itself.

4. Demodulation - To remove the RF carrier wave the signal is demodulated
using the pure carrier wave from the RF frequency synthesizer and low-pass
filters. The complex output signal is then sent on to the image reconstruction
system.

2.4 Basic MRI Physical Principles

2.4.1 Signal Generation

The magnetic spin quantum number, mI , for a particle of spin 1
2 (such as 1H)

in a magnetic field can take one of two possible states, as shown in Figure 2.1.
The particle can find itself either aligned parallel or anti-parallel to the external
magnetic field1, B0, pointing in the z-direction. For the proton, these result in
the two energy levels that can be occupied due to the change of their magnetic
moments, known as the Zeeman effect.

When the external field is zero, there is no energy difference between the two
states. For a non-zero external magnetic field, a transition between these states can
be caused by the absorption or emission of a photon with an energy, Ephoton, equal
to the difference in energy between two states, ∆E. The energy corresponding to a
photon with angular frequency, ω, is given by the Planck-Einstein relation

Ephoton = ∆E = ~ω, (2.4)

1Actually, in the accurate quantum mechanical representation particles exist in a superposition
of states. But for our purposes, classical mechanics works just fine.
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Figure 2.1: Energy level diagram of an atom with spin 1
2 in an external magnetic

field. There are two possible values of spin quantum number (mI) with an energy
difference, ∆E, between them that varies linearly with magnetic field.

where ~ is the reduced Planck constant (h/2π). The frequency at which the angular
moment of the particle precesses around the external field is known as the Larmor
frequency, which has the following relation

ωL = γB0, (2.5)

where γ is the gyromagnetic ratio, which is particle specific and the ratio of the
magnetic moment to its angular momentum. The gyromagnetic ratio of the hydrogen
proton is γ = 42.57 MHz T−1. Transitions between these states can be induced by
applying electromagnetic radiation using a RF coil with oscillating currents. The
energy that must be absorbed/emitted to cause a change of state is therefore given by

∆E = ~γB0. (2.6)

The net magnetisation at equilibrium, M0, for an ensemble of spin 1
2 particles is

proportional to the difference between the number of spins in either spin up, N↑,
(mI = +1

2) or spin down, N↓, (mI = −1
2) and the external magnetic field strength.

The ratio of the number of spins in either state is described by Boltzmann statistics

N↑
N↓

= exp
(
−∆E
kBT

)
= exp

(
−γ~B0

kBT

)
, (2.7)

where T is the temperature of the ensemble and kB is the Boltzmann constant. In
the absence of a magnetic field, there are equal populations of spins in either state
and therefore the net magnetisation is zero. A strong magnetic field will cause a
population imbalance and hence cause a net magnetisation which points in the
same direction as B0, due to the preferred lower energy parallel state. However, the
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lower energy state is only very slightly more favoured. For every 1 million protons
in the higher state, there are one million and five in the lower energy state (T =
298 K, B0 = 1.5 T). Despite this, the MR signal is sensitive to this difference in
populations but a large magnetic field is required in order to maximise the signal
from a sample. Due to this relationship between MR signal and proton density
(PD), PD is one of the main mechanisms of contrast in MRI.

2.4.2 Excitation (B+
1 )

A pulse applied to the transverse plane of strength B1,max for a pulse duration, tp,
can cause the net magnetisation to tip, and change the angle of the magnetisation
with respect to the external field, reducing the component of magnetisation in
the longitudinal plane

Mz = M0 · ẑ = M0 cos(α) (2.8)

where, α, is the flip angle (FA) and is determined by the properties of the applied
RF pulse and ẑ is the unit vector in the z direction. For a rectangular (non-
selective) pulse this relationship is

α = γB1,maxtp. (2.9)

However, this equation is only valid for small FAs close to the resonant fre-
quency. In general,

α =
∫ tp

0
γB1,max(t) dt. (2.10)

A perturbation of the net magnetisation away from the z-axis will produce a
component of the magnetisation in the transverse xy-plane, Mxy = M0 sin(α). In
this complex notation,Mx is the real component andMy is the imaginary component
of Mxy, where Mxy = Mxx̂ + iMyŷ where i =

√
−1 and x̂ and ŷ are unit vectors in

the x and y directions, respectively. If you imagine the net magnetisation in the
static frame, the magnetisation vector appears to be spiralling away from B0 at the
Larmor frequency. To simplify things, we can imagine we are in the rotating frame of
reference. In this frame of reference, we are rotating around with the magnetisation
vector with the angular frequency, ω, such that the B+

1 vector appears static and
simply tips the magnetisation down into the transverse plane, as in Figure 2.2.
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Figure 2.2: Diagram illustrating the excitation of the net magnetisation vector,
M, by application of a B+

1 field in the transverse (x-y) plane whilst in presence of a
static magnetic field, B0, along the longitudinal z-axis in a) the laboratory frame of

reference and b) the rotating frame of reference.

2.4.3 Relaxation
Once the B+

1 excitation is no longer present, the net magnetisation vector will revert
back to equilibrium and once again align with the static external B0 field. This
relaxation is characterised by the decay constants T1 and T2 and are important
sources of contrast in MR images.

The decay constant T1 describes the spin-lattice relaxation time. It is characteris-
tic of the rate at which the longitudinal component of net magnetisation recovers at
a slow exponential rate back to thermodynamic equilibrium. This decay is caused
by Brownian motion since random fluctuations in the motion of particles causes a
change in the local magnetic field. Consequently, this influences spin transitions
which is the reason this decay constant is partly temperature dependent.

T2 is the spin-spin relaxation time constant, caused by the ensemble of spins
dephasing and reducing the transverse magnetisation. This dephasing is caused by
time varying processes, which generates fluctuating differences in local magnetic
field that cannot be rephased. T1 processes also contribute to some T2 decay hence
why T1 >T2. This time constant can be combined with the time constant T′2,
which is caused by static magnetic field inhomogeneity to produce an effective
transverse decay constant T∗2, given by

1
T∗2

= 1
T2

+ 1
T′2
. (2.11)

T′2 depends on the homogeneity of the external magnetic field because a spin
in a different location in space will feel a slightly different magnetic field and
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hence precesses at a slightly different frequency, which can be rephased. T∗2 is
therefore responsible for dephasing the initially coherent transverse magnetisation
after excitation. The resulting signal is called the free induction decay (FID) which
is a sine wave damped by T∗2 of the form sin(ωLt)e

−t
T∗2 .

2.4.4 Signal Reception (B−1 )
When the precessing magnetisation is within the sensitive region of the receiver
coil, that is tuned to the Larmor frequency, the changing magnetic flux induces
an electric current according to Faraday’s law of induction. The voltage change
is recorded as a complex MR signal.

2.4.5 The Bloch Equations
The Bloch equations describe the rate of change of the components of the macroscopic
magnetisation, M, as a result of external magnetic fields, B, which could be
comprised of B0 and B+

1 , as well as relaxation processes (T1 and T2). If we initially
consider a situation where there is no relaxation, the Bloch equations are

dM(t)
dt

= γ(M(t)×B(t)) (2.12)

where M is comprised of the magnetisation components in the x, y and z directions.

The full Bloch equations split into each magnetisation component including relax-
ation are

dMx(t)
dt

= γ(M(t)×B(t))x −
Mx(t)
T2

, (2.13)

dMy(t)
dt

= γ(M(t)×B(t))y −
My(t)
T2

, (2.14)

dMz(t)
dt

= γ(M(t)×B(t))z −
(Mz(t)−M0)

T1
. (2.15)

Assuming B = 0 (i.e. in the rotating frame of reference we are on resonance and
there is no excitation RF field) these equations have general solutions. The decay
of the transverse magnetisation, Mxy, at a time, t, is given by

Mxy(t) = Mxy(t = 0)e
−t
T2 . (2.16)

Similarly, the recovery of the longitudinal magnetisation, Mz, is given by

Mz(t) = M0 −M0e
−t
T1 . (2.17)

Therefore, in order for M0 to recover to 99.3% of its original value requires a
time of approximately 5T1.
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2.4.6 Spatial Encoding
In the previous sections, I have described how an MR signal is generated and
measured but I have not discussed how the signal provides spatial information. This
section will touch on two aspects of image formation; slice-selective encoding
and gradient encoding which can provide in-slice localisation (frequency and
phase encoding).

2.4.6.1 Slice-selective Encoding

As mentioned earlier, MRI scanners are equipped with three gradient coils which
are capable of producing linearly changing magnetic fields along the x, y and z axes.
Since magnetisation is only excited if the RF pulse is on-resonance with the Larmor
frequency, this can be used to only excite a band of frequencies corresponding to
either a thin-slice for 2D imaging or a thick slab for 3D imaging. This is done by
applying a gradient field and a RF pulse simultaneously. A transverse, sagittal or
coronal slice can be selected by using a gradient field along either the z, x or y
direction, respectively. An oblique slice can be selected in any direction by applying
a linear combination of these gradient fields.

Figure 2.3: Diagram illustrating slice-selective excitation using a linear gradient in
the z direction to excite a thin slice in the brain.

2.4.6.2 k-space

Discretely digitised MR signals are stored in k-space which represents the spatial
frequencies in an image. The centre of k-space encodes the low spatial frequencies
like general shapes and contrast, whereas the periphery of k-space encodes the high
spatial frequencies like edges, as illustrated in Figure 2.4. As k-space represents
the raw acquired MRI data a 2D inverse Fourier transform must be performed
to reconstruct the final image.



2. Background 16

Figure 2.4: An image of a brain is shown (left) along with the corresponding
k-space data (right). If only the centre of k-space is retained then only the broad
structure of the brain is seen. Whereas if only the periphery of k-space is retained
then this only preserves the edges of the brain image. FFT; fast Fourier transform.

k-space is essentially continuous and infinite but it is not necessary to measure
k-space completely. Therefore a portion of k-space must be sampled discretely.
To do this, the majority of sequences in MRI sample k-space on a Cartesian grid.
Cartesian sampling gives images well-defined properties such as resolution and field
of view (FOV). The FOV for a Cartesian sampled k-space is given by the inverse
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of the resolution to which k-space is measured, ∆k.

FOV = 1
∆k (2.18)

Since higher k-space values represent higher spatial frequencies, the resolution
in image space, ∆x, is given by the maximum k-space value that is sampled,
kmax. This is given by

∆x = 1
kmax

(2.19)

2.4.6.3 In-plane Localisation

Using a slice-selective excitation restricts the transverse magnetisation to within a
slice of interest. However, the signal that is received is the integral of all transverse
magnetisation across the entire slice. In order to localise the signal in-plane two
additional encodings must be performed.

Gradient Encoding Again using the gradient coils, a linearly changing magnetic
field, G, is produced which causes every nuclei along the specific gradient axis to
experience a slightly different magnetic field strength, ∆B. This leads to processional
frequencies of the nuclei that depend on the spatial location, r.

ω(r) = γ(B0 + ∆B) = γ(B0 +G · r) (2.20)

As a result, there is a phase shift of the transverse magnetisation. The amount of
phase shift depends on both the gradient amplitude and duration, which is called
the "gradient moment". The phase shift at any time at any point is given by

φ(r, t) = γ
∫ t

0
G(τ) · r dτ (2.21)

Once the gradient is switched off, the accumulated phase shift remains until
either the transversal magnetisation decays (T2) or another gradient is applied.
If a gradient with identical moment but opposite polarity is then applied, the
magnetisation can be rephased at a specific time known as the echo time (TE).
This is the basis of a core pulse sequence known as gradient-recalled echo (GRE).
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Frequency and Phase Encoding To fill k-space, different combinations of
gradients must be turned on to move around k-space and sample different spatial
frequencies. The first in-plane axis is sampled using frequency encoding. Before data
acquisition (readout) a large negative Gx gradient is applied to move us in k-space
to -kmax. A positive Gx gradient is then applied and k-space samples are acquired
as Gx traverses from −kmax to +kmax. Modern scanners are capable of extremely
fast digitisation, much more than the typical resolution required. Therefore, the
frequency encoding direction (i.e. readout) will, usually by default, oversample
by a factor of two. This results in the base resolution in the frequency encoding
direction being twice that requested on the scanner. This is useful for preventing
aliasing in this dimension and comes with no penalty.

The second in-plane axis is sampled using phase encoding (PE). Before data
acquisition a Gy gradient is applied for a specific time to move us in k-space to a
certain ky position. The Gy gradient is then turned off to fix the ky location during
the frequency encoding readout. Phase encoding typically occurs over multiple
shots and thus is generally referred to as the “slow” encoding, resulting in this
axis being more susceptible to artefacts.

If slice-selective excitations are not performed and instead slab-selective excitations
are used, an additional phase encoding direction is necessary in order to localise
the signal. This is called 3D imaging since the RF pulse will excite a large slab
instead of thin slices. 3D imaging is slower than 2D slice-selective imaging but
due to the additional phase-encoding dimension there is an inherent gain in the
signal-to-noise ratio (SNR). Additionally, 3D imaging does not suffer from some
of the problems with 2D imaging such as slice-profile effects (since in reality a
perfect slice cannot be excited). Non-selective pulses can also be used which enable
a shorter TE than slab-selective excitations.

2.4.7 FLASH Imaging

Fast low angle shot (FLASH) is based on a spoiled GRE sequence that use small
FA excitations [27–29]. A basic FLASH sequence diagram is shown in Figure 2.5.
FLASH imaging preserves more of the longitudinal magnetisation than conventional
SE sequences and therefore allows for much reduced imaging times (both TE and
TR) therefore also reducing sensitivity to motion artefacts. The term "turbo-factor"
describes the number of phase encoding lines within a single FLASH imaging train.
As a result of the small FAs and short TR the FLASH sequence would have a
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low SNR and poor T1 contrast. Both the SNR and contrast can be substantially
improved by performing a magnetisation preparation pulse prior to imaging. This is
typically a saturation (e.g. 90°) or inversion (e.g. 180°) pulse. Large turbo-factors
lead to a large T1 filtering effect in the phase encoding direction and depends on
how much the longitudinal magnetisation is changing throughout the acquisition
[30], although this has been improved in the past using a k-space filter [31].

Figure 2.5: Simplified sequence diagram illustrating a single TR of a FLASH train.

2.4.8 Calibrating RF Pulse Voltage
The relationship between the voltage of the RF pulse and the FA that is executed
requires calibration of the system through what is known as B+

1 mapping. Improve-
ments in B+

1 mapping techniques is an active area of research even for current clinical
field strengths, for example B+

1 mapping in the presence of metallic hardware [32].

By definition on Siemens scanners, the reference voltage set on the scanner, V ref,
is the voltage required for a 1 ms rectangular pulse to achieve a 180° FA. Hence, to
calculate the voltage required for an arbitrary (including phase modulated) RF pulse
of a specified FA, α, and duration, τ , of a number of samples, N samples, is given by

V pulse = αV refN samples

γB1,refτAmpInt
(2.22)

where the amplitude of the reference pulse, B1,ref, is 500 Hz/11.7 µT and AmpInt
is the amplitude integral of the normalised pulse. For a non-phase-modulated
pulse this is given by

AmpInt =
√
<2 + =2 (2.23)
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where < is the sum of the real parts of the RF pulse waveform and = is the
sum of the imaginary parts.

2.4.9 Adiabatic Pulses

Adiabatic pulses are a special class of RF pulse that are insensitive to the transmit
field (over the adiabatic threshold) and hence produce a uniform FA in spite of
B+

1 inhomogeneity. An adiabatic pulse can be designed to be either an excitation
(half-passage), a refocusing, or an inversion pulse (full-passage). This is achieved by
both amplitude and frequency modulations throughout the duration of the pulse.
Their design is usually complicated and formed of various hyperbolic trigonometric
functions [33–37]. The effective field is much slower than the bulk magnetisation
precession, which means the bulk magnetisation vector is able to follow the effective
field despite variations in the bulk magnetisation amplitude. Hence, adiabatic pulses
are able to generate uniform FA distributions even when B+

1 is not uniform. An
example hyperbolic secant of order eight (HS8) pulse is shown in Figure 2.6.

Figure 2.6: Normalised pulse amplitude (left) and phase (right) for a 5 ms
hyperbolic secant (order 8) RF pulse with time-bandwidth product of 15.

Unlike conventional non-selective (e.g. rectangular) pulses, the FA is no longer
proportional to the B+

1 magnitude and pulse duration. Instead, it depends on
how the amplitude and phase of the B+

1 varies during the pulse. Hence, adiabatic
pulses cannot be simply scaled e.g. performing a 180° adiabatic pulse at one-third
amplitude will not equate to a 60° pulse. The main disadvantage of this kind of RF
pulse is they typically have a large SAR burden. The large SAR is because adiabatic
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pulses require a large transmit field amplitude to satisfy the adiabatic condition and
may also have a broad bandwidth (BW). Additionally, adiabatic pulses usually have
a longer duration than conventional pulses (typically several ms) which could be a
problem for minimising TR. The most common adiabatic pulse is the hyperbolic
secant pulse, but others exist like Lorentz, Gauss and Hanning among others [38].

2.4.10 Spoiling Mechanisms
Ideally, it would be possible to completely eliminate the transverse magnetisation
prior to each repetition which would allow for pure T1-weighted images. However,
in practice, it is not always completely possible. There are three mechanisms
behind spoiling which are commonly used.

Long TR Spoiling If the TR is much greater than T∗2 then the transverse
magnetisation will decay to zero before the next repetition. Hence, a sequence using
TR values of several hundred milliseconds or longer will be spoiled.

Gradient Spoiling Spoiler gradients are played out at the end of each TR,
just before the next RF pulse. The amplitude of the spoiler gradient is either
linearly or semi-randomly varied between TRs to ensure that magnetisation is
spatially non-uniform.

RF Spoiling RF spoiling uses a constant gradient spoiler and also increments the
phase of the RF pulse (as well as the numerical crystal oscillator for the DAQ) for
each RF pulse. RF spoiling is superior to gradient spoiling as it is spatially invariant
and does not generate eddy currents. The phase of the n-th pulse, φ(n), is given by
linearly increasing the phase by an RF-spoiling increment Φ from an initial phase, φ0.

φ(n) = φ0 + nΦ (2.24)

Typical values for Φ are 50°, 117° or 123° [39, 40] but varies between vendors
and the optimal value depends on the T1 of the tissue being scanned.

2.4.11 Signal and Noise in MRI
An important quality metric in MRI is the SNR which is defined as

SNR = Signal
σnoise

(2.25)

where σnoise is the standard deviation (SD) of the noise.
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Generally, there is little perceived improvement in image quality for SNR values
above 20. The fundamental factor influencing the size of the signal is the number
of polarised protons within each voxel. Hence, the SNR is proportional to both B0,
which is generally fixed, and the voxel volume, ∆V , i.e. image resolution. Hence,
any parameters that effect the voxel volume such as the FOV, matrix size, slice
thickness etc. all have an impact on the SNR. This means adjusting the FOV
and matrix size based on anatomy and resolution requirements is key to retaining
SNR and ensuring good image quality. Also, since the signal for tissue close to
the receive coil is larger due to higher coil sensitivity, signal is proportional to the
coil sensitivity, SRx. A standard step in MRI image processing is removal of the
receive field contribution to provide more homogeneous image intensity. On Siemens
systems this is called "prescan normalise". Hence, the MRI signal is proportional
to the B0 field, the coil sensitivity, and the voxel volume.

Signal ∝ B0 · SRx ·∆V (2.26)

Another parameter that affects the MRI signal is the FA. When the FA is
increased, the SNR of the image also increases, up to a certain point. This is
because increasing the FA causes more protons to be excited and produce a stronger
MRI signal. However, if the FA is too high, the image can become saturated,
meaning that all the protons have been excited and there is no further signal
increase. In this case, further increasing the FA will not result in a higher SNR and
may even decrease the image quality due to artefacts such as stimulated echoes.
An appropriate FA is crucial to achieving optimal SNR in MRI. The optimal FA
depends on various factors such as the tissue being imaged, the imaging sequence
used, and the desired trade-off between SNR and image contrast.

Increasing the TR also increases the SNR due to increased T1 relaxation, hence
more longitudinal magnetisation is available for excitation. For a GRE sequence,
the FA that achieves the optimal SNR is given by what is known as the Ernst
angle, αE, given by Equation 2.27 [41]. Although, the Ernst angle does not
give the optimal contrast.

αE = arccos
(
e
−TR

T1

)
(2.27)



2. Background 23

Noise in the MRI image is primarily due to the thermal "Johnson" noise of
the imaging system. This comes from a combination of the coils own resistance,
electronic noise in the preamplifier and the resistance of the subject themselves.
This noise can be modelled as complex Gaussian and zero-mean. Structured noise
resulting from undersampling is discussed briefly in Section 2.5.3. Noise due to
physiological motion is discussed in Section 8.2. Hence, increasing the time spent
acquiring samples, Ttotal, can improve the SNR by signal averaging, since the MRI
signal is cumulative but random noise is not. This means acquiring more repeats or
acquiring more phase encoding lines etc. all have a positive impact on SNR.

σnoise ∝
1√
Ttotal

(2.28)

Since noise is evenly distributed across the frequency spectrum, increasing the
BW increases how much noise is mixed into the signal from frequencies outside
of the signal of interest. Alternatively, increasing the bandwidth can be viewed
as decreasing Ttotal, hence reducing SNR.

SNR ∝ B0 · SRx ·∆V ·
√
Ttotal (2.29)

Changing the bandwidth has other effects on the imaging protocol, as sum-
marised by Table 2.1.

Lower BW Higher BW
More Chemical Shift Lower SNR

Longer minimum TE/TR Larger minimal FOV
Increased Susceptibility Artefacts

Worse metallic artefacts

Table 2.1: Summary of the impact of bandwidth on the MRI protocol and images.

The aim of optimising a sequence protocol is to balance the trade-offs between
SNR, image resolution and acquisition time. Although, this is not the only
consideration for achieving optimal image quality. Contrast is also an important
factor to consider and the potential for artefacts in MRI are abundant and therefore
require careful mitigation.
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2.4.12 Extended Phase Graphs
The Bloch equations can be solved for the evolution of magnetisation for an isolated
isochromat. However, in reality, a voxel will contain an ensemble of spins at slightly
different frequencies. In order to accurately model the real MRI signal, many Bloch
simulations should be performed and averaged to represent the ensemble but these
simulations can be extremely time-consuming.

Extended phase graph (EPG) simulations offer advantages over Bloch simulations
by using a Fourier representation of the magnetisation in "configuration states"
[42–44]. A configuration state is defined as a state that corresponds to a discrete
multiple of dephasing from a single unit gradient that gives a phase twist of one
cycle (2π) across a voxel. This formalism allows us to easily simulate the generation
of echoes and offers additional benefits in simulation speed and has been applied
to a variety of applications such as modelling RF spoiling in GRE sequences [45]
and optimising sequence design [46]. Open-source MATLAB code is freely available
online from Brian Hargreaves: http://web.stanford.edu/~bah/software/epg.

The states F+
n and F−n denote the dephasing and rephasing transverse mag-

netisation states of order n, which are simply phase twists in direction of the
sign of n. Whereas the states Zn denote the longitudinal magnetisation states
of order n, which represent sinusoids of increasing frequency. The relationship
between the F+, F− and Z0 configuration states and the transverse and longitudinal
magnetisation is as follows

F+
n =

∫ 1

0
Mxy(z)e−2πinzdz (2.30)

F−n =
∫ 1

0
Mxy(z)e−2πinzdz (2.31)

Zn =
∫ 1

0
M∗

z (z)e−2πinzdz (2.32)

In the EPG formalism unit gradients are implemented through a simple "shift"
operator which raises or lowers the configuration states and can accurately predict
effects such as stimulated echoes (STE). For similar reasons, this formalism also
allows the effects of coherent flow and diffusion [47] to be easily studied. The
configuration states F+, F− and Z0 are stored within a matrix Ω

Ω =

F0 F1 F2 ...
F ∗0 F−1 F−2 ...
Z0 Z1 Z2 ...

 (2.33)

http://web.stanford.edu/~bah/software/epg
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The state matrix can be evolved in time under various conditions such as gradients,
RF pulses, relaxation etc. which can be described by the simple matrix multiplication
with the corresponding matrix operator.

Applying a gradient will cause an increase or decrease in the F+
n or F−n state num-

ber n

G(∆n)Fn = Fn+∆n (2.34)

G(∆n)Zn = Zn (2.35)

Applying an RF pulse will result in a mixing of coefficients between Zn, F+
n

and F−n . The excitation operator, E(α, φ) is a function of the FA, α, which has
a phase, φ, and is given by

E(α, φ) =

 cos2(α2 ) exp(2iφ) sin2(α2 ) −i exp(iφ) sin(α)
exp(−2iφ) sin2(α2 ) cos2(α2 ) i exp(−iφ) sin(α)
− i

2 exp(−iφ) sin(α) i
2 exp(iφ) sin(α) cos2(α)

 (2.36)

Relaxation has the effect of attenuating various coefficients of the state matrix.
T2 relaxation will cause Fn coefficients to become attenuated whilst T1 relaxation
will attenuate Zn coefficients and cause Z0 to recover to equilibrium. This is
summarised by the following relaxation operator R(τ,T1,T2)

Ω(t+ τ) = R(τ,T1,T2)Ω(t) =

E2 0 0
0 E1 0
0 0 E1

Ω(t) +

 0
0

1− E1

 (2.37)

where E1 = exp
(
−τ
T1

)
and E2 = exp

(
−τ
T2

)
. In Eq. 2.37 the first term of the

final expression describes the attenuation whilst the final term allows for T1

recovery to equilibrium.

Additional matrix operators which simulate the effect of flow and diffusion are
defined in Section 5.2.1. Recently, phase distribution graphs which provide quick,
differentiable, and spatially encoded Bloch simulations were proposed overcoming
some of the limitations of EPG simulations [48].
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2.5 Image Reconstruction

MRI image reconstruction by a simple fast Fourier transform (FFT) is quick and
straightforward but this assumes a fully-sampled (and Cartesian) k-space which
is time-consuming (and unnecessary) to acquire. This section will talk about
some popular image reconstruction techniques in MRI. Openly-available tutorial
material on image reconstruction methods provided by Mark Chiew can be found
at: https://mchiew.github.io/Teaching.html.

2.5.1 Partial Fourier

One method to make the acquisition of k-space faster is to use a higher BW, at the
cost of reduced SNR, and is limited in practice by hardware constraints. Another
option is to simply reduce the number of k-space samples that are acquired. However,
once the Nyquist criterion is broken more complicated image reconstruction methods
must be employed. Due to the conjugate (Hermitian) symmetry nature of k-space,
partial Fourier (PF) methods, in theory, allow up to 50% of k-space to be synthesised.
In practice, however, phase PF factors of 75% or above are generally used since there
is always some degree of phase error, whether from physiological motion or hardware.

When a PF technique is employed in the readout dimension by only measuring a
portion (e.g. 2/3) of an echo this is called asymmetric-, partial- or fractional-echo.
This allows the TE to be reduced significantly with only a small SNR penalty and
also benefits flow and motion robustness by allowing smaller gradients moments.
However, using asymmetric echo does not directly reduce the acquisition time.

2.5.2 Zero-padding

Zero-padding k-space prior to FFT is a quick trick and improves the apparent
resolution which is mathematically equivalent to a linear interpolation in image
space. Zero-padding results in image blurring, and is not optimal. Typically, zero-
padding up to 2 or 3 times the original scan matrix is recommended and further
zero-padding results in little-to-no benefit. Additionally, without careful windowing
it results in a well-known artefact known as Gibbs ringing. Hence, k-space data
should be appropriately filtered (typically Hann or Fermi) before zero-padding to
ensure a smooth transition from zeros to actual k-space samples.

https://mchiew.github.io/Teaching.html
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2.5.3 Parallel Imaging

Phased array coils which are widely used on most modern MRI scanners consist
of multiple receive coils. Each individual coil provides high sensitivity but over
a limited region. Hence, a large collection of these is able to provide high SNR
over a greater FOV. The use of such phased array coils also allows for a method of
acceleration known as parallel imaging. Parallel imaging involves sub-sampling k-
space by a factor of R together with knowledge about the individual coil sensitivities
to undo aliasing of the image during reconstruction. This effectively subverts the
Nyquist sampling limits [49]. In 2D imaging it is only possible to undersample in
one direction, which limits the amount of acceleration that can be achieved. 3D
imaging can be undersampled in two dimensions and due to the inherent higher
SNR allows for higher acceleration factors.

Parallel imaging method can be divided into two types. k-space based such as
GRAPPA and image based methods such as SENSE. The following sections will
briefly discuss these two fundamental parallel imaging methods.

2.5.3.1 SENSE

Sensitivity encoding [50] (SENSE) is an image domain based method which relies
on the concept that the sensitivity of a receive channel further encodes information
based on its location with respect to the subject. A requisite of the SENSE method
is that it needs the undersampling to be regular and Cartesian, and receive-channel
coil sensitivity maps are also required. Sensitivity maps are subject-dependent
so either need to be acquired for each scan, or estimated from the data directly
(e.g. ESPIRiT [51], see Section 2.5.5.1).

A simple example of SENSE is explained in Figure 2.7 for a Shepp-Logan phantom
with R = 2. Assuming undersampling from top-to-bottom, ∆kx = 0.5∆ky, therefore
according to Equation 2.18, the FOV along x is half that along y. This causes
a problem if the object is larger in the x dimension by FOVx/2 as is the case
here. A pixel in the resulting aliased image, y, is the sum of pixels x1 and x2

from the fully sampled unaliased image.
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Figure 2.7: Demonstration of the SENSE problem for aliased images.

SENSE enables the ability to tease apart the aliasing by solving the linear set
of equations. For a single coil system, there would only be a single equation and
this would be under-determined, but thanks to phased array coils, this is usually
over-determined, as long as the acceleration factor is not larger than the number
of linearly independent coils. In order to obtain the unaliased image, SENSE
must solve these equations for every set of aliased pixels in the image. For a two
coil system, these equations would be:

x1 · S1,1 + x2 · S1,2 = y1 (2.38)
x1 · S2,1 + x2 · S2,2 = y2 (2.39)

where Si,j represents the sensitivity of the ith receive coil at a position j.

2.5.3.2 GRAPPA

Generalized autocalibrating partially parallel acquisitions [52] (GRAPPA) is evolved
from partially parallel imaging with localized sensitivities [53] (PILS). Whereas
SENSE will reconstruct a single (coil-combined) unaliased image, GRAPPA differs
in that it is a k-space based method that intends to fill in the missing k-space
data directly. An illustrative example of GRAPPA is shown in Figure 2.8. To
fill in the missing k-space data requires a region of fully-sampled k-space data
known as the autocalibration signal (ACS) lines (grey) with which a small kernel
(e.g. 3× 3) passes over to learn the required weights from multiple coils (purple).
Once the GRAPPA kernel is adequately trained, it can be applied to the missing
k-space lines to predict the missing data (orange).
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Figure 2.8: Diagram illustrating the training (purple) and application (orange) of
a 3× 3 GRAPPA kernel from multi-coil data. Filled-in circles represent sampled

k-space data whereas unfilled circles represent unacquired data.

The reason GRAPPA is able to recover the missing k-space points is as follows.
The signal in each voxel of an image acquired using a receive coil array is weighted
by the appropriate coil sensitivity profile. This means that in k-space, there
is a smearing of information across the local k-space neighbourhood. Due to
this smearing, there is information about a particular k-space point in its local
neighbourhood. Hence, as the smearing is the same across the entirety of k-space,
if it is possible to learn what the effect of this smearing is, then it should also be
possible to obtain information about the missing neighbouring k-space points [54].

2.5.3.3 g-Factor

Typically, undersampling factors of R = 2 and R = 3 are used with 32-channel
receive head coils. The reduction in time spent imaging from undersampling comes
at the cost of

√
R SNR penalty, due to the reduction in the number of samples.

Additionally, unlike a fully-sampled acquisition, the noise level changes from pixel-to-
pixel with noise correlation between pixels. Hence, the SNR has a spatially varying
component known as the g-factor. The g-factor depends of the coil configuration
such as the number of receive channels and their sensitivity profiles but also on the
undersampling and g ≥ 1. Generally, g-factor noise increases for higher acceleration
factors. The reduced spatially variant SNRPI(r) is then

SNRPI(r) = SNR
g(r)
√
R

(2.40)

2.5.4 Compressed Sensing

Compressed sensing is at the heart of modern image file formats such as JPEG [55],
which allows substantial compression of images without any noticeable reduction
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in image quality. In parallel imaging, redundancy by virtue of having multiple
receive channels is exploited, whereas compressed sensing (CS) exploits the intrinsic
redundancy in MR images. Compressed sensing usually results in much higher
acceleration factors being achievable than for parallel imaging techniques, due to
the lack of structured artefacts that are typically seen for parallel imaging.

A successful CS reconstruction has three requirements: sparsity, incoherence
and the use of non-linear reconstruction [56] which ensures data consistency with
the acquired samples. Most MR data is sparse in at least one domain. A sparse
image is one that has redundant information as the number of voxels is much
larger than the degrees of freedom. The artefacts which would appear in the
linear reconstruction should appear noise-like (i.e. incoherent) in the sparsifying
transform domain. In other words, this means the Fourier components must be
randomly sampled. Random sampling is usually performed using a variable density
Poisson disc distribution which is weighted to sample more densely closer to the
centre of k-space than in the periphery.

2.5.5 Coil Sensitivity Estimation

The multiple receiver coils will each produce their own receive channel image, Ir.
Initially the root sum of squares (RSS) method was used routinely to combine these
into a single image, IRSS, which is nearly optimal when there is sufficient SNR, but
results in a loss of phase information producing magnitude-only images.

IRSS =

√√√√NRx∑
r=1

IrI∗r (2.41)

However, the optimal combination of receive channel images needs the sensitivity
information for each coil [57]. The receive channel images can then be combined
into a single image, Isens, by the multiplication of the receive channel images for
each coil with the complex conjugate of the sensitivity profiles for each coil, S∗r ,
and summing over all receive coils.

Isens =
NRx∑
r=1

IrS
∗
r (2.42)

Adaptive coil-combination is the current standard on Siemens systems and
outperforms RSS when there is lower SNR, and works well for background noise
reduction [58–61].
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Figure 2.9: Example of single receive coil images for a subset of the receive coils
(top row) and the associated receive coil sensitivities (bottom row).

2.5.5.1 ESPIRiT

Eigenvalue-based iterative self-consistent parallel imaging reconstruction (ESPIRiT)
[51] estimates the coil sensitivities from k-space data and is used extensively in this
work. It can often be difficult to accurately measure the receive coil sensitivities as
even small errors can result in visible artefacts in the combined image. However,
algorithms based on learned correlations, such as GRAPPA, tend to fail for high
acceleration factors, but are much more robust to errors. Hence, ESPIRiT combines
the advantages of SENSE with robustness to errors like GRAPPA.

Typically, a fully-sampled region from the centre of k-space is used for sensitivity
map estimation, known as the calibration region, which corresponds to low spatial
frequencies. Although, to be accurate a sufficiently large region should be used,
typically at least 20 × 20. The sensitivity profiles are estimated by an eigenvalue
decomposition of an operator, W , which is applied patch-wise across the calibration
region. W is composed of two matrix operators: Rr which takes a patch of N
samples from the calibration region centred on a location r as well as the matrix
V|| which spans the rows of Block-Hankel representation of the calibration region,
known as the calibration matrix, A. The operator W is then defined as

W = 1
N

∑
r

R†rV||V
†
||Rr (2.43)

where † denotes the Hermitian (complex conjugate transpose).

Performing an eigenvalue decomposition on W yields the coil sensitivities when
eigenvectors are chosen with eigenvalue of 1.
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Figure 2.10: Diagram illustrating the formation of the calibration matrix from the
calibration data. Circles represent k-space samples.

2.5.6 Virtual Coils

With the invention of parallel imaging, larger and larger receive channel arrays
have been constructed. Up until relatively recently, the standard number of receive
channels was around 8. However, nowadays arrays of 32, 64 or even up to 128
are common. The impact of all this extra data on the reconstruction pipeline
can be substantial and, despite similar improvements in compute capabilities,
increases in the reconstruction time are significant. Virtual coils can help speed-up
reconstruction by compressing the number of receive channels down to a "virtual
set" by performing a linear combination in k-space. One common method of doing
this is using an singular value decomposition (SVD) [62–64].

2.5.7 Low Rank Methods

If MRI data is indeed linearly predictable (i.e. the Nyquist sampling theorem can
be broken because missing samples can be calculated based on a linear combination
of measured samples), then it has been shown that by forming the image data into
Hankel matrices it will be low-rank [65]. By ensuring a low-rank structure, missing
data can be interpolated through structured low-rank matrix completion methods
[66, 67]. PRIMO [68] is an extension of ESPIRiT [51] able to generate receive and
transmit sensitivity profiles from collected k-space data, by performing a truncation
of a SVD to give the roots of the null-space vectors, after concatenating transmit
and receive sensitivities along different axes of the Hankel matrix.
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2.5.7.1 TxLR

These low rank methods have also been extended to calibrationless multi-transmit
mapping using low-rank tensor completion (TxLR) [69], differing to PRIMO
in that the transmit rank is simultaneously constrained with the receive rank
from two different unfoldings of the k-space data, and was shown to achieve
8× acceleration (equal to the number of transmit channels) from under-sampled
calibrationless k-space data.

A 2D k-space kernel of size m × n (e.g. 3 × 3) is rastered over the k-space
data (Nkx×Nky×NRx×NTx) to transform the multidimensional data into a block-
Hankel structured matrix (N1×N2×NRx×NTx) where N1 = m × n and N2 =
(Nkx−m + 1) · (Nky−n + 1). The kernel maps to an N1 × 1 column vector as
shown by the dashed boxes in Figure 2.11.

Figure 2.11: Illustration of transforming multidimensional k-space data to
block-Hankel structured matrices. The dashed boxes demonstrate how the m× n
(3× 3) kernel maps between the k-space data and the block-Hankel structured

matrices. Filled in circles represent acquired k-space samples. Figure adapted from
Hess et al. [69]
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The block-Hankel structured matrices can then be unfolded by either concatenat-
ing along the receive dimension resulting in Rc (N1·NRx×N2·NTx). Otherwise, the
block-Hankel structured matrices can be unfolded along the transmit dimension
resulting in Tc (N1·NTx×N2·NRx), as shown in Figure 2.12.

Figure 2.12: Two different unfoldings of the block-Hankel structured matrices.
Filled in circles represent acquired k-space samples. Rc; receive vertical

concatenation matrix, Tc; transmit vertical concatenation matrix.

The TxLR reconstruction is then formulated as a non-convex problem with strict
rank constraints on both Rc and Tc simultaneously. The non-convex optimisation
problem is solved by the alternating direction method of multipliers (ADMM)
algorithm [70]. The ADMM algorithm is ran for a specific number of iterations or
instead a chi-square heuristic can be used for a parameter-free stopping criterion
based on input from the receive channel array noise characteristics.

2.6 Imaging the Moving Heart

Motion in cardiac imaging is made up of the vector sum of three parts. Motion
caused by the pumping of blood by the heart and by respiration are fairly periodic
and relatively predictable. However, additional voluntary or involuntary bulk
subject movement (e.g. coughing) occurs randomly and in an unpredictable pattern.
Due to this, many scans are restricted to only imaging the myocardium during
the diastolic phase, where cardiac motion is minimal [71].
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One simple and commonly used method to reduce motion caused by respiration
are breath-holds. Healthy subjects can usually hold their breath comfortably for
around 30 s, but those suffering from breathlessness may last considerably less.
Breath-holds are usually performed at the end of expiration as it gives a more
reproducible position for subsequent measurements and the blood flow in the heart
is less affected [72, 73]. An alternative to breath-hold is to use bellows which monitor
the subjects breathing and can be used to gate an acquisition or respectively bin
the data. However, this requires additional hardware and can be difficult to setup
and uncomfortable for the subject.

Cardiac motion is routinely monitored by electrocardiogram (ECG) and monitor-
ing the R-wave, the biggest ECG signal using three or four electrodes. Prospective
synchronisation detects the patients R-wave and data is acquired after a fixed time
called the trigger delay, see Figure 2.13. To maximise the available acquisition time
a trigger window of zero can be chosen, but a nonzero value is common to restrict
the acquisition to diastole, when the heart muscle is at rest.

Figure 2.13: Illustration of the ECG waveform over an R-R interval and the
associated imaging intervals. Figure adapted from Berstein et al. [38]

The issue is the ECG trace inside the bore is different to that outside of the
bore, so the ECG trace needs to be calibrated inside the bore. This is because
conductive blood flowing in the aorta inside the B0 field induces a voltage, due to
the magnetohydrodynamic effect, which is present in the ECG trace and noticeable
largely around the T-wave. The solution is vectorcardiography which allows for
the R-wave to be much more reliably determined. However, the ECG trace can be
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significantly effected at higher field strengths and can be challenging at 7 T. Hence,
often a pulse oximeter is used for gating which measures the optical properties of
blood. However, the time delay due to measuring the pressure wave pulse delay at
the finger (or wherever it is placed) must be estimated and the signal-peak is much
broader than for ECG leading to further inaccuracies. More recent alternatives
to ECG are discussed in Section 8.

2.7 Summary
In this chapter, I have briefly covered some of the important concepts and tools
in MRI and in this thesis. A more comprehensive introduction to MRI Physics
can be found in the "green bible of MRI" [74]. The next chapter will explore
some of the quirks of ultra-high field MRI.
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3.1 Introduction

Ultra-high field (UHF) concerns any MRI scanner where B0 ≥7 T. UHF MRI
can generate significantly higher SNR than that of conventional clinical 3 T MRI
systems. The improved SNR can help reduce the acquisition times of scans or can
alternatively be traded-off for higher spatial resolution [75].

3.2 A Brief History of UHF MRI

The first human 7 T MRI research system became available in 1999 [76]. Since
then, UHF MRI has become ubiquitous in human neuroimaging research centres
worldwide. In 2017, the Magnetom Terra became the first 7 T scanner in the
United States which was cleared by the FDA for clinical imaging of the brain
and knee, shortly followed by European CE certification. These clearances have
paved the way for a shift from exclusive research applications to the utilisation of
7 T MRI systems in both research and clinical settings. Today, there are around
100 UHF MRI scanners worldwide and there are serious efforts to develop 14 T
MRI scanners for human neuroimaging [77].

3.3 Advantages and Challenges of UHF

The most notable benefit of UHF MRI is the improved SNR. The stronger the
magnetic field, the larger the proportion of nuclei that are aligned. Greater numbers
of aligned nuclei correspond to a higher SNR. An exact relationship between SNR
and B0 is difficult to investigate practically due to differences in RF coils and
hardware. However, the maximum achievable SNR gain, independent of RF coil
geometry, is given by ultimate intrinsic SNR theory [78]. Typically, voxels near the
centre of the head will increase SNR with B0 approximately quadratically, whilst
voxels near the surface will increase SNR with B0 slightly more than linearly, hence
SNR is ∝ B1 to 2

0 [79]. The higher SNR at UHF can therefore be traded-off for
higher image resolution or faster scan times. However, there are other effects of
UHF which come from a change in the relaxation constants. For example, for
T1 tends to increase with field strength for 1H nuclei, which could be beneficial
for some scans but may also result in longer scan times. Decreased T2 and T∗2
could be beneficial for BOLD sequences. The advantages and disadvantages of
UHF are summarised in Table 3.1.
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Property Trend with
increased B0

Advantage Disadvantages

SNR ↑
Higher resolution, reduced
scan time, X-nuclei more

feasible
None

SAR ↑ None

Reduced FA’s, reduced
slices, longer TRs,
additional patient

exclusion†
Physiological
side-effects ↑ None Dizziness, nausea, metallic

taste
T1 ↑ TOF, ASL, VASO Longer scan times

Relaxation time T2 ↓ DWI, DTI
T∗2 ↓ SWI, BOLD

RF homogeneity ↓ Parallel reception, parallel
transmission

Spatially dependent flip
angle

Susceptibility
effects ↑ BOLD, SWI, T∗2

Geometric distortions,
intravoxel dephasing,
worse metallic implant

artefacts

Chemical shift ↑ Fat saturation, CEST,
MRS

Fat/water and metabolite
misregistration

Table 3.1: Summary of the advantages and disadvantages of UHF MRI. †Potential
for excluding patient populations such as pregnant women, young children, those
with poor temperature regulation, implants etc. Reproduced from Ladd et al. [80]

The advantages of UHF have also translated to better clinical outcomes [81].
7 T MRI has proven to be better at detecting subtle epileptogenic lesions in the
brain which would often go undetected using conventional clinical 3 T systems
[82], leading to improved patient surgical planning and treatment. The prostate is
another potential area of interest for the application of UHF MRI and phosphorous
(31P) spectroscopic methods, which benefit from the higher SNR, could identify
important biomarkers for prostate cancer aggressiveness [83].

Two main challenges of UHF MRI, namely B+
1 inhomogeneity and SAR are

discussed below, though I will primarily focus on B+
1 inhomogeneity as it is the main

focus of this thesis. Motion is a problem across all field strengths, but particularly
for UHF, and I will discuss this in Chapter 8. A more comprehensive evaluation
of UHF MRI for human imaging can be found by Ladd et al. [80]

3.3.1 B+
1 Inhomogeneity

Due to the 1H Larmor frequency, as explained in Section 2.3.3, at 7 T the associated
wavelength is approximately 13 cm. However, the exact wavelength depends on the
electrical properties of the tissue, i.e. the relative permittivity and conductivity of
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the tissue, which act to attenuate the B+
1 field. This short wavelength is therefore

comparable to the size of the human head and RF interference can result in regions
of complete signal drop-out and localised heating [24–26]. Ideally, the RF transmit
field would have a uniform spatial response. And indeed, at 1.5 T, the FA requested
from the scanner is the FA that is produced mostly everywhere in the brain. At
3 T and above, there is an increasing dynamic range (i.e. ratio between the largest
and smallest values) of FAs across the FOV. The effects of this FA distribution
on a standard GRE image are demonstrated in Figure 3.1. This inhomogeneity
in the B+

1 field not only poses significant challenges for imaging but particularly
for performing quantitative mapping.

Figure 3.1: Simulations of three flip angle distributions at B0 = 1.5 T, 3 T and 7 T
demonstrating the effect B+

1 inhomogeneity on a GRE image. The flip angle
distribution is exaggerated due to simulation oversimplifications but represent the

expected profiles. Figure adapted from de Buck [84].

As a result, many methods have been proposed to deal with B+
1 inhomogeneity

over the years. One simple and low-cost method involves placing high permittivity
dielectric pads around the area where an increase in B+

1 is required [85, 86]. Metama-
terials which behave similarly to dielectric pads are also of significant interest [87].

RF pulses can also be designed to be insensitive to B+
1 inhomogeneity. Adiabatic

pulses are formed from hyperbolic secant functions, which sweep both the magnitude
and frequency of the RF pulse, are relatively insensitive to B+

1 inhomogeneity and
have been applied to overcome this problem [34, 35, 88]. However, these pulses
are a large burden on SAR so must be used sparingly.
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Specialised coil designs such as a spiral volume design [89] and detunable transverse
electromagnetic resonators [90] have been proposed to reduce this B+

1 inhomogeneity,
but cannot eliminate it completely.

By far the most promising and widely used method for reducing B+
1 inhomogeneity

is parallel transmission (pTx).1

3.3.2 Specific Absorption Rate
The SAR is the energy deposited in a specific mass of tissue due to the electric field
component of RF pulses and has units of Watts per kilogram. SAR is used as a
surrogate metric for the increase in tissue temperature which is the primary safety
concern. The relationship between SAR and temperature increase is modelled by
the Pennes bioheat equation [93]. Regions of high perfusion, such as the brain, can
experience moderately high SAR levels and result in a minimal temperature increase
as excess heat is removed by an increase in blood flow. Whereas for regions of lower
perfusion, such as in the eyes, the temperature can increase significantly even with
relatively low SAR. Poor perfusion can also pose a problem for patients with reduced
thermoregulatory capacities such as infants, pregnant women, and the elderly.

The electric field generates electrical currents in conductive tissue resulting in
tissue heating. To ensure safety there are strict legal limits on both the local and
global SAR that a human can be subjected to. These limits are given for whole-body,
partial-body or local (which ever is exceeded first). In normal operating mode
whole-body SAR is limited to 2 W kg−1 and head local SAR (over a 10 g mass)
to 10 W kg−1 averaged over six minutes. For short durations over 10 s the SAR
shall not exceed two times these values. These limits are set by the International
Electrotechnical Commission Committee [94] and apply across all field strengths.
The purpose of these SAR limits is to prevent a rise in whole body temperature
above 0.5 °C for normal operating mode and 1 °C for first level operating mode.

SAR limits are used by coil manufacturers to define safe power limits which
guarantee that the SAR limits will not be exceeded e.g. for the 8Tx/32Rx head
coil at our institution the power limits are 5 W average per channel (6 min average)
or 10 W per channel over 10 s. Large safety margins are included within these
SAR limits to account for deviations between an individual subject and a realistic
anatomical human body model.

1Although other promising techniques such as multi-photon MRI exist [91, 92].
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These limits can be easily reached, particularly at UHF as power deposition is
proportional to B2

0 , if the factors affecting the SAR are not carefully considered.
Unlike lower field strengths, where SAR is fairly homogeneous, UHF is susceptible to
local hot spots. Hence, one of the largest factors that is limiting the wider application
of pTx is the issue surrounding the inability to accurately know the local SAR.

3.4 Parallel Transmission
Standard single transmit channel MR systems operate in circularly polarised (CP)
(a.k.a quadrature, TrueForm [Siemens nomenclature]) mode. This describes the
mode of operation for the RF coil, whereby the complex weights (magnitude and
phase) of each transmit channel, wi, are fixed and evenly spaced in phase (i.e. 45°
between channels for an eight-channel system). CP+ mode generally gives adequate
homogeneity when imaging spherically shaped objects such as the brain (kind of)
and is usually the default transmit mode for non-pTx imaging.

First investigated in 2000 [95, 96] and demonstrated in [97, 98] pTx evolved
from parallel imaging. PTx makes use of multiple transmitter elements in an
array each with their own transmission chain. Inhomogeneities in B+

1 can then be
corrected by altering the complex weights, as well as the individual pulse shape
of the RF pulse transmitted on each individual transmit channel independently
[99]. PTx can also help improve the RF transmit power efficiency (i.e. the flip
angle achieved for a given input power) by designing pTx RF pulses to have both
low global and local SAR. In addition to homogenising B+

1 and lowering SAR, pTx
has other benefits such as enabling an arbitrary excitation pattern2. Arbitrary
excitation patterns allow a reduced FOV by only exciting a restricted volume called
inner-volume-imaging [100]. This helps to avoid artefacts either from aliasing or
by not exciting moving anatomy etc.

However, the added complexity comes at a cost of approximately $50k per channel,
which typically limits systems to using fewer than 16 transmit channels. Figure
3.2 illustrates the additional hardware required for a full pTx system.

2Arbitrary excitation patterns are possible with static pTx, but dynamic pTx makes the RF
pulse feasible in terms of length.
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Figure 3.2: Illustrations of hardware required for A) conventional single-channel
transmit, B) RF shimming and C) full dynamic pTx. Figure adapted from Williams

et al. [101]

3.4.1 pTx Safety Tests

There are a number of tests to perform prior to human scanning. These tests
must be performed manually on the Magnetom 7 T (VB17 Step 2.3, Siemens
Healthineers, Erlangen, Germany) in order to check the system is working correctly
and as expected. These tests are:

1. Phase adjustment - Determines the relative phases of the modulators and
receivers.

2. VOP shutdown test - Checks to make sure RF transmission is stopped when
local SAR is exceeded (see Section 3.4.2).

3. RF monitor function test - Checks that both the global and local RF monitors
and within the required specification.

4. PALI shutdown test - The per-channel peak power as well as the sliding
window mean power over all transmit channels is averaged over 10 s and 6
minutes. This test ensures that the power absorption limiter (PALI) disables
RF transmission when these value breach the user-defined global SAR limits.
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5. System check - Checks the DICO data is as expected.
6. DICO test - Checks RF amplitude and phase is as expected and is performed

automatically before each measurement.

3.4.2 SAR Supervision

The whole-body averaged SAR is easily estimated from the forward versus reflected
power [102]. However, due to the superposition of many fields from multiple transmit
channels in pTx, this field is spatially and temporally dependent and unknown
locations of hot spots can occur that may exceed the local SAR limits. This leads
to worst-case local SAR estimations usually putting overly conservative limitations
on the amount of RF power that can be applied. SAR electromagnetic simulations
applied to modelled Tx-Rx arrays can be performed in software such as Sim4Life
(ZMT, Zurich, Switzerland) or CST (CST AG, Darmstadt, Germany) using different
tissue types on realistic anatomical models. These electromagnetic field solvers use
a finite-difference time-domain method which can be extremely computationally
consuming, often taking hours if not days for full electromagnetic simulations, and
must be repeated for specific coils, anatomies and positions. This results in generally
being restricted to using a few modes of excitations such as CP+ mode.

Fortunately, virtual observation points (VOPs) have become the default way to
monitor local SAR with pTx [103]. This involves simulation of each transmit element
and calculation of their interaction matrix (Q-matrix) for each spatial location.
The Q-matrices contain all field and subject model information, but not RF pulse
information and hence can be pre-calculated [104]. TheQ-matrices are then clustered
based on their maximum eigenvalues and compressed. The level of compression
of these clusters determines how much maximum overestimation there is of the
worst-case local SAR. Then, on the scanner, the local SAR can be estimated knowing
the sequence parameters such as RF pulse waveform, TR and the Q-matrices.

Ultimately, pTx allows for reduced SAR due to the additional degrees of freedom
available to us. A "SAR hopping" algorithm can minimise the local SAR by
distributing the hot spots to different locations for each slice or group of slices [105].
Therefore hot spots do not accumulate and local SAR is reduced.
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3.4.3 RF Shimming

It is possible to move away from using CP+ mode and alter the complex weights
associated with each channel because each transmit channel has its own transmission
chain. This is termed "RF Shimming" or "static pTx" and is performed to help
reduce the B+

1 inhomogeneity. Generally, the static complex weights are computed
for RF shimming by solving cost functions from acquired B+

1 maps, or a set of
complex weights might be used which a researcher may have previous experience
that it gives a good shim in a particular region of interest (ROI). RF shimming
can be a good solution for homogenising B+

1 for individual slices at 7 T but static
RF shimming is, however, limiting in that B+

1 inhomogeneities can be moved and
reduced but not entirely eliminated when large volumes are imaged.

Time interleaved acquisition of modes (TIAMO) [106] is a relatively simple
method to help overcome B+

1 inhomogeneity. TIAMO works by acquiring two or
more different modes interleaved using static RF shimming. After each PE readout
for the first shim mode, the same PE readout is performed for the second shim mode.
Each readout line is then interpreted as a single line but with twice the number of
receive channels. This would usually result in a scan-time penalty of 2, but since
these two acquisitions can be seen as being received by virtual coils, acceleration from
GRAPPA minimises this penalty and only a small loss in SNR is required, ultimately
obtaining better homogeneity with noise being uncorrelated between modes since
they are acquired at different times. The concept behind TIAMO was subsequently
applied to produce B+

1 maps, known as B1TIAMO [107] (see Section 3.5.4.1).

3.4.4 Dynamic Parallel Transmission

Dynamic pTx unlocks another degree of freedom by also individually altering the
pulse shape on each of the i-th transmitters, pi(t), in addition to the complex weights,
w, that are altered during RF shimming. This allows for specialised subject-tailored
pTx pulse design. The B+

1 at a particular time, t, and position, r, in space is found
by the superposition of NTx transmission elements and given by

B+
1 (r, t) =

NTx∑
i=1

pi(t)wiSi(r), (3.1)

where Si(r) are the individual transmit channel sensitivity profiles. If the underlying
transmit sensitivities are known, pTx RF pulses can be designed to overcome B+

1

inhomogeneities and reduce the SAR burden. An example of the improvement in
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image quality for a pTx magnetisation prepared rapid gradient echo (MPRAGE)
over a standard CP+ MPRAGE is shown in Figure 3.3.

Figure 3.3: Sagittal MPRAGE showing the difference in image contrast between a
A) CP versus B) pTx acquisition. There is a subtle, but noticeable, B+

1 contrast in
the cerebellum when imaging in CP mode, as indicated by the yellow arrows. This is

significantly reduced with a universal pulse pTx MPRAGE.

One of the initial pTx pulse design methods was the spatial domain small tip angle
approximation method [108]. However, this relies on the small FA approximation to
simplify the design of RF pulses with FAs less than 30°. Nevertheless, the small FA
approximation works reasonably well for FAs up to 90° but breaks down for FAs
above 90° e.g. inversion or refocusing pulses [109]. The Shinnar Le-Roux algorithm
[110, 111] is good for large tip angle non-adiabatic frequency selective RF pulses but
this only works for non-pTx RF pulses. Other methods were proposed to achieve
larger FAs using an iterative correction using the Bloch equations such as the
additive angle method [112]. The optimal control approach is more sophisticated
[113] at the cost of increased computational burden. More recent methods by
Zheng et al. [114] work similarly to the additive angle method but with a reduced
computational burden when compared to the optimal control method, by using
perturbation analysis of the Bloch equations. For pTx applications, RF pulse design
should also take into account the local SAR as well as per-channel voltage limits,
which can be included in the pulse design algorithm [115].
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As mentioned, one of the desirable qualities of pTx is to image reduced FOVs.
However, to do this long RF pulses are required as the RF pulse k-space trajectory
needs to reach high spatial frequencies. The Transmit SENSE [97, 98] approach helps
to overcome this problem and is based in the k-space domain making use of transmit
field sensitivities, comparable to parallel imaging. Using Transmit SENSE the
duration of pTx RF pulses can be shortened because their excitation path in k-space
can be reduced without sacrificing robustness. This shortening of the pTx pulses not
only makes them fast to perform but also reduces relaxation and off-resonance effects.

kT-points is a non-slice-selective excitation [116] where RF energy is only deposited
at a small number of k-space locations, usually less than 10, which helps overcome
B+

1 inhomogeneities and means a pulse duration can be sub-millisecond. RF power
is only deposited during stationary periods in k-space, where no gradient is applied.
Slice-selective ‘fast kz’ or ‘2D spokes’ [117–119] homogenise a slice even though the
spokes are a 3D excitation. However, constraints imposed by the gradients and
SAR can result in pulse durations of several milliseconds [120]. For spokes and
kT-points the pTx pulses consist of individual RF sub-pulses. These sub-pulses are
typically fixed and use sinc pulses for spokes and rectangular pulses for kT-points
and therefore the only optimisation required is the per-channel weights, w, of RF
sub-pulses and gradient blips between sub-pulses. As mentioned earlier, individual
channels can have their own RF waveforms and this is utilised by pTx pulses such
as spiral non-selective (SPINS) [121]. SPINS is a non-selective pulse design using
a spiral pulse design with a duration on the order of a millisecond. kT-points, 2D
spokes and SPINS are good alternatives to adiabatic pulses, however, the underlying
B+

1 must be known in order to design these pulses to work well in a particular subject.

Regardless of the RF pulse optimisation algorithm chosen, the process of ac-
quiring B+

1 maps and calculating the individual channels RF waveform can take
a considerable amount of time, potentially tens of minutes. The universal pulses
(UPs) [122] technique is based on the idea that most subjects anatomy is relatively
similar, so by acquiring a database of B+

1 maps in participants, RF pulses can be
designed to works across the whole dataset to mitigate RF inhomogeneity and can
be applied to a general population without requiring individual B+

1 maps. UPs have
been shown to be highly effective. Recently, the application of the UPs to TIAMO
has been demonstrated in the heart at 7 T and the pelvis at 10.5 T called "universal
M modes" [123]. Initially, it was uncertain how well UPs would work for imaging the
body and regions which are more variable in their composition, as up until recently
they had only been applied in the brain. UPs have now been shown to work well at
imaging the heart at 7 T, designed from a library of only 20 participants [124, 125].



3. Ultra-high Field MRI 48

However, fast online-customised pTx pulses (FOCUS) [126] has been shown to
utilise UPs in a way that can generate individually optimised pulses requiring
less than a minute in additional preparation time by acquiring fast B+

1 maps
and have superior performance over UPs alone. Additionally, FOCUS pulses
generalise better than UPs when used with a different coil than what the B+

1

database was collected with [127].

3.5 B+
1 Mapping

The invention of pTx has caused a resurgence in the development of new B+
1 mapping

techniques. The goal of B+
1 mapping is to obtain a measurement of the B+

1 field
which is smoothly varying and should be free of any anatomical structural contrast.3

The most basic use of B+
1 mapping is to calibrate the transmit gain of the scanner,

otherwise known as the reference voltage. This is defined, on Siemens systems, as
the voltage required by a 1 ms rectangular pulse to achieve a 180° inversion. Aside
from this, B+

1 mapping is useful for RF shimming, quantitative MR, and pTx RF
pulse calculation and may also help to better inform SAR predictions [129].

For the multi-array coils used in pTx systems at UHF a B+
1 map must be

obtained for each transmit element. This is generally difficult due to the limited
dynamic range of a particular single transmit coil element and can be extremely
time-consuming since a map for NTx channels must be acquired. Since scan time
is precious and B+

1 mapping is largely only used for scanner calibration, in vivo
imaging requires that B+

1 mapping be both fast and accurate. Additionally, B+
1

mapping for single-channel systems does not need to be concerned about the phase
of the B+

1 . However, at UHF with pTx coils the relative phase between each of
the transmit channels must also be measured.

In certain circumstances, knowledge of the B+
1 field relative to another transmit

channel may be all that is necessary and this is called "relative B+
1 mapping" [130].

The conditions for whether relative or absolute maps are required for a specific
application are outlined in Table 3.2.

3A caveat of this is a well-known perturbation of B+
1 in the ventricles of the brain. Simulations

suggest that this is a real effect, not a T1-related artefact, and due to the large contrast in electrical
conductivity between cerebrospinal fluid and the surrounding brain tissue which leads to the
ventricles being visible in B+

1 maps [128].
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Aim Relative B+
1 Phase Absolute B+

1 Magnitude
Phase only shim X

Magnitude and phase shim X X
FA Map X

pTx FA Map X X

Table 3.2: Summary of the required B+
1 information for a specific application.

In this section, I will explore a few conventionally used methods of B+
1 mapping.

3.5.1 Relative B+
1 Mapping

When knowledge of the absolute B+
1 field is not required, relative B+

1 maps may
be acquired which are much quicker to acquire and typically uses a simple GRE
acquisition. For simple phase-only shimming, since the phase is independent
of T1, TE, TR and FA GRE images can be acquired at the Ernst angle for
optimal SNR [130]. However, if relative B+

1 magnitude is required there are a few
constraints. For example, small FAs (≤ 10°) must be used for the signal intensity to
be approximately linearly proportional to B+

1 . Additionally, to reduce bias caused
by T1 the TR should be carefully chosen.

Multiple relatives maps at increasing reference voltages can be acquired to
increase the dynamic range, ensuring a small FA, and combining the images using
a maximum likelihood estimation [131]. Relative maps can be updated to an
absolute map by additionally acquiring an absolute map [117, 130], using any of
the methods mentioned in the next section.

A set of relative maps for each transmit channel element, nc, can be obtained
from fast low tip angle GRE images [132], Inc(r).

B+
1,nc,rel

(r) = Inc(r)∑NC
nc=1 |Inc(r)|

(3.2)

Flip-angle maps are much sparser than the images acquired to estimate B+
1 since

the acquired image contains not just the transmit sensitivities but also T1/T2

weighting, PD weighting and Rx sensitivities. Hence, directly estimating B+
1 from k-

space means a subset of data can be collected which would otherwise not fully resolve
the anatomy that is scanned [133]. Hess et al. demonstrated that in order to map the
dominant transmit sensitivity in the heart only a 24×24 scan matrix is required [69].
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Conventionally, fast low-tip angle GRE images are acquired for relative mapping
channel-wise sequentially, i.e. one Tx channel is imaged at a time, before moving
onto the next neighbouring Tx channel until all images are acquired. Alternatively,
relative maps may be acquired coil-cycled [131], where one k-space line is acquired on
each Tx channel. This is suggested to speed up the acquisition of the relative channel-
wise maps by reducing the effect of neighbouring coil saturation. The importance
of coil-cycling relative maps and the mechanism behind the improvements seen
are investigated in Chapter 6.

Deep learning has been investigated to obtain relative maps from localiser scans,
providing maps at high resolution and with no additional scan time [134].

Small FA GRE images have also been used to estimate single-channel absolute
B+

1 maps for a transceiver array [132]. Relative single-channel maps are scaled to
absolute units by acquiring a single absolute map using a method of your choice.
This work utilised two underlying assumptions. Firstly, the Tx and Rx sensitivities
are distinguishable from their twisted patterns in opposite rotations. Secondly, RF
coil arrays are distributed axially around the ROI with multiple symmetries in
the axial plane. And thirdly, that the sum of magnitude of all Tx B+

1 sensitivities
resembles the sum of magnitude of all Rx B−1 sensitivities. The resulting maps are,
however, biased by the square root of proton density which leads to some slight
PD-weighted anatomical contrast. However, since the PD in tissue is usually fairly
constant, whereas B+

1 varies considerably, this can be neglected.

3.5.2 Absolute B+
1 Mapping

Absolute B+
1 mapping is trickier. The MR signal depends on several variables and

at least two images of a different transmit field contrast, to encode B+
1 , must be

obtained with typically a sinusoidal dependence between the signal intensity and
B+

1 . These images usually vary in that they use two different FAs or different
repetition times (TR) to encode different B+

1 contrast. The terms "FA map" and
"B+

1 map" are often used interchangeably. B+
1 maps may be reported in units of

[µT], [Hz V−1] or simply as a FA [°].
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B+
1 mapping in the body is particularly challenging due to cardio-respiratory

motion and blood flow which results in phase shifts between successive acquisitions.
The requirement of two images with different B+

1 contrast for B+
1 mapping therefore

often leads to erroneous B+
1 maps. Ideally, both images would be acquired within

the same cardiac phase and respiratory position to acquire a reliable B+
1 map.

Additionally, the large size of the body requires a large dynamic range and it is not
possible for a single transmit configuration to measure B+

1 in the whole body.

The information of the actual FA is encoded within either the magnitude or the
phase of these images, and so there are broadly speaking, two different approaches
to absolute B+

1 mapping. There is, however, some overlap. For example, some
methods use the magnitude of two images to determine the FA but then also
consider the phase of the images to extend the dynamic range. The dynamic range
can be a problem because the methods used to measure α are only accurate within
a certain range of FAs. Generally, these methods exhibit bias at high α and tend
to highly underestimate the FA. At low FAs (≈≤ 20°) measurement noise means
a wide range of FAs could be incorrectly measured.

Phase-based methods are more susceptible to B0 inhomogeneities due to off-
resonance, such as susceptibility jumps in anatomy like the brain stem, but unlike
magnitude-based methods are not prone to errors caused by T1. There are many
different methods and to date, no single method is dominant as they all have
their pros and cons. A majority of methods perform poorly in larger regions of
the body and where there is motion.

Generally, there are fewer phase-based methods than magnitude-based, but I
will briefly cover the most prominent ones. Several methods are compared in
more detail in the literature [135, 136].

3.5.2.1 Double Angle Method

The double angle method (DAM) is perhaps the most widely used and simplest
approach to mapping the B+

1 field. It is a 3D approach which overcomes slice
profile errors and uses two nominally applied FAs of αnom and 2αnom with a
sufficiently long TR time (typically 5T1), to allow complete relaxation and hence
there is no T1 dependence.
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Figure 3.4: Simplified double angle method (DAM) B+
1 mapping sequence

diagram.

The popularity of this method largely stems from the ability to use any basic
SE or GRE sequence [137], which can be found on any scanner. This gives a
good measure of the B+

1 inhomogeneity but takes a considerably long time to
acquire, equal to 2× 5T1 ×NPE. The FA is then derived from a simple relationship
between the two images (S0, S1) from

α = cos−1
(∣∣∣∣ S1

2S0

∣∣∣∣) , (3.3)

for GRE methods or otherwise

α = sec−1
(

3

√
8S0

S1

)
. (3.4)

for SE sequences.

Alternatives to reduce the long TR time include driven recovery, the authors dub
this the "Compensated DAM" [138] method. Another method of TR reduction, at
the expense of SNR, is pre-saturated DAM [139], where all signal is effectively nulled
before the acquisition, then after a time delay, TDsat, the imaging RF pulse is applied,
so the signal is always constant across the sequence and independent of T1. There
are multiple options for this saturation pulse such as composite pulses or adiabatic
pulses like BIR-4 (B+

1 insensitive rotation). These are not, however, perfect and
may require multiple applications to successfully saturate the signal and are highly
SAR inefficient. Alternatively, to a non-selective saturation, a catalysed RF pulse
train may be applied to achieve a similar effect [140]. The dynamic range of DAM
can be extended from 0− 90° to 0− 180° by also examining the phase of the images.
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3.5.2.2 Actual Flip Angle Imaging

Actual flip angle imaging (AFI) uses two images formed from a dual-TR sequence,
TR1 and TR2 where TR2 > TR1 which are interleaved and acquire the same PE
line per dual-TR. It is typically used as a 3D sequence, but 2D versions have been
proposed where only single slice B+

1 maps are required [141].

Figure 3.5: Simplified actual flip angle imaging (AFI) B+
1 mapping sequence

diagram.

The ratio, r, of these two images is found and then α is calculated from

α = cos−1
(
rn − 1
n − r

)
, (3.5)

where n = TR2
TR1

and require both TR1 and TR2 � T1 [142]. Typical values of TR1

and TR2 might be 30 ms and 150 ms (n = 5), respectively. However, any value
may be chosen as long as there is sufficient difference between them to provide
enough sensitivity. This method is relatively fast and insensitive to T1 but requires
highly efficient spoiling of the transverse magnetisation between TRs [143]. It
also requires the use of many dummy pre-scans to get the magnetisation into a
steady state, unless a special preparation module is performed to allow a faster
approach to a steady state [144]. As a 3D sequence, this has become one of the
most well-used methods and is often used in literature as the "ground truth", as
long as the sequence is well-spoiled and maintains a steady state [145]. However,
due to the use of a high number of large FA imaging RF pulses (αnom ≈ 60°), AFI
also has a relatively high SAR. The dynamic range of AFI can also be extended to
larger FAs by considering the phase of the images, extending the theoretical range
from approximately 0− 102° (r = 0 and assuming n = 5 in Eq. 3.5) to 0− 180°.
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AFI requires a steady-state is achieved through efficient spoiling of the transverse
magnetisation which may or may not be an accurate assumption in the body. The
presence of fat in subjects has been reported to cause large errors with B+

1 maps
using Cartesian AFI, due to insufficient spoiling [146]. This is not as much of an
issue when imaging regions of lower fat content (i.e. the brain) but is problematic
when imaging the body. The presence of fat causes ghosting artefacts which are
responsible for both local and global inaccurate B+

1 estimates and requires the use
of longer TRs for improved spoiling or fat suppression [146].

Alternatively, Samsonov et al. demonstrated that in order to keep the short TRs,
which are desirable for a clinical implementation of AFI, the acquisition requires
multiple echoes where fat and water are out of phase [146]. The B+

1 maps can
then be calculated based only on the water signal images. Radial phase encoded
acquisitions which are typically used in the body to overcome motion artefacts [147]
could also improve fat signal spoiling due to the non-Cartesian trajectories [148].

Recent work by Egger et al. has shown an accelerated radial density-adapted
[149] AFI sequence with randomised x-y-spoiling [150] which performed well in the
heart and prostate with an acquisition time of only 30 s (R = 12) [151].

3.5.2.3 Dual Refocusing Echo Acquisition Mode

Dual refocusing echo acquisition mode (DREAM) is unlike other B+
1 mapping

sequences in that both images are taken quasi-simultaneously from the use of
a STE [152, 153].

Figure 3.6: Simplified dual refocusing echo acquisition mode (DREAM) B+
1

mapping sequence diagram. Square brackets indicate an imaging pulse train of
length NPE.
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One image (SFID) is the result of a FID decay whilst the other (SSTE) is the
result of stored longitudinal magnetisation from higher order configuration states of
the magnetisation (see Section 2.4.12). The images are taken using a stimulated
echo acquisition mode (STEAM) imaging sequence [154, 155].

α = tan−1
(√

2SSTE

SFID

)
, (3.6)

DREAM has the additional benefit of providing a B0 phase map and a transceive
phase map (sum of the phases of the transmit and receive fields) with no extra scans
required. DREAM is very insensitive to motion and is only weakly sensitive to T1

and T2 [156]. It has a theoretical measurement range of 0-90° but has been shown
in practice to only be bias-free and accurate between 20-50° [157]. However, the
dynamic range can be increased by taking multiple DREAM acquisitions at varying
nominal α FAs (or voltages) [158]. Despite this, the inherently limited range of
measurable FAs may not be suitable for the large dynamic range found in the body.

Additionally, DREAM is inherently sensitive to flow due to its use of STE’s and
so it is not applicable for mapping in regions such as the blood chambers of the
heart [159–162] and suffers from a factor of 2 SNR penalty.

3DREAM [163] demonstrated the acquisition of a whole-brain map in just a
couple of seconds using a single-shot method. However, this leads to a very long
echo train which results in image blurring, ringing artefacts at boundaries as well as
other issues resulting from a difference in the evolution of the FID and STE signals.
The use of spiral readouts has helped to mitigate this blurring [164, 165].

3.5.2.4 SA2RAGE

Developed from the MP2RAGE scheme, saturation prepared with two rapid gradient
echoes (SA2RAGE) uses two gradient echo trains which follow an αnom = 90°
saturation pulse with different imaging FAs (β1 ≈ 4°, β2 ≈ 11°) and inversion
times (TI1 ≈ 56 ms, TI2 ≈ 1800 ms) are performed in a steady-state manner
[166]. SA2RAGE differs from MP2RAGE in that a saturation pulse replaces the
inversion and the sequence parameters are chosen to maximise sensitivity to B+

1

and minimise sensitivity to T1.
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Figure 3.7: Simplified saturation prepared with 2 rapid gradient echoes
(SA2RAGE) B+

1 mapping sequence diagram. Square brackets indicate an imaging
pulse train of length NPE.

This allows fast 2D sampling, interleaved multi-slice, or 3D. The FA map is

determined from a simulated dictionary using a lookup table (LUT), although a

nominal T1 must be assumed. This was later further adapted into NO2RAGE

by omitting the preparation pulse and removing the delays [167]. This allows

NO2RAGE to acquire higher-resolution maps in a shorter time.

Recently, a SA2RAGE whole-brain single-shim absolute B+
1 map in under 30

seconds was demonstrated using a compressed sensing reconstruction, down from a

2-minute acquisition. Undersampling factors of 15 showed less than a 5% deviation

from a GRAPPA 2 reference acquisition [168].

3.5.2.5 MP3RAGE

Quantitative T1 mapping requires a measurement of B+
1 to unbias T1 measurements.

Hence, simultaneous T1 and B+
1 maps are desirable for this purpose. Recently, an

MP3RAGE [169] scheme was shown to obtain 1 mm isotropic T1 and B+
1 maps

in under 7 minutes in the brain at 7 T.
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Figure 3.8: Simplified magnetisation prepared with 3 rapid gradient echoes
(MP3RAGE) B+

1 mapping sequence diagram. Square brackets indicate an imaging
pulse train of length NPE.

3.5.2.6 Saturation TurboFLASH

Saturation TurboFLASH was originally proposed by Klose et al. [170] which
acquired around 20 images of increasing transmitter amplitude. This was further
developed by Chung et al. [171] who showed that only two FLASH images were
required. It is often referred to in the literature by several names (pre-pulse FLASH,
pre-RF FLASH, pre-conditioning TurboFLASH or SatTFL) and is typically a 2D
method. SatTFL also uses two TurboFLASH images [27], one unprepared (S0)
and one prepared using a large FA (αnom ≈ 90°) pulse (S1). SatTFL is a very fast
method compared to DAM and requires only a time of 5T1 between the two scans,
hence approximately 20 s for a single shim mode 2D slice.

Figure 3.9: Simplified saturation TurboFLASH (SatTFL) B+
1 mapping sequence

diagram. Square brackets indicate an imaging pulse train of length NPE.

The FA maps are found from a simple arccosine relationship

α = cos−1
(
S1

S0

)
. (3.7)
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The benefits of this method are its inherent insensitivity to motion from the fast
acquisitions. This method has become particularly popular at UHF, largely due to
the relatively low SAR. Unfortunately, despite centric k-space reordering, SatTFL
does have some sensitivity to short T1 values due to the readout train. Using a
variable FA train has been shown to further reduce the effect of T1 blurring [172].
This method typically has a measurable range of 0-90°, however, by incorporating
phase information the theoretical measurement range can be extended to 0-180°.

Equation 3.7 assumes no T1 relaxation between the preparation pulse and the
readout train. However, neglecting T1 relaxation does not hold for the entire
readout train. Blurring caused by long image trains makes it challenging to perform
automatic masking for pTx pulse calculation. To reduce the effect of T1 throughout
the readout train a centric reordering of k-space is usually performed. The centre
of k-space is acquired first after the preparation RF pulse and for the outer parts of
k-space T1 relaxation leads to an increasingly unreliable estimate of the FA.

Recently, work has been done to overcome the large underestimation for high
B+

1 values by performing a linear regression against more accurate, but slower,
AFI maps. However, this produced a correction which was spatially dependent
[173]. More recently, a linear correction using deep learning has been demonstrated
offering a more reliable and less spatially dependent correction [174].

The total scan time to acquire a non-selective volumetric multichannel map with
sequential slices would be 2× 5T1 ×NTx ×Nslice. Hence, 24 slices for an 8-channel
transmit system would take on the order of 1 hour. However, recent research has
shown 3D single-shot versions of SatTFL using a spiral-centric readout with variable
FAs [172, 175]. More commonly, however, instead of using a non-selective saturation
a selective preparation pulse is used and the dead time between images is better
used by interleaving slices. Off-resonance effects are typically ignored by ensuring
the pre-saturation pulse covers a broader slice (2× thickness) than the imaging
excitations. The broadening of the pre-saturation pulse results in an increased
bandwidth of the RF pulse, which typically limits the peak transmit power available,
leading to either re-scaled pulses or them being clipped. This also means that
interleaving slices would result in slice profile effects as adjacent slices will have
previously experienced another saturation pulse thus altering the magnetisation
history of that slice, but this can be largely avoided by acquiring an odd-then-even
slice order and allowing full relaxation between neighbouring slices.
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Another trick to reduce the acquisition time is using another saturation pulse

to destroy the longitudinal magnetisation to operate in saturation recovery. This

allows a reduction in the delay from 5T1 to approximately T1 at a cost to the SNR,

but it is ultimately impractical to achieve perfect saturation.

3.5.2.7 Fingerprinting

MR fingerprinting is a relatively new technique which can obtain many tissue

properties from a single sequence, such as T1, T2 etc. by dictionary matching to

simulations [176]. MR fingerprinting has been shown to acquire high-resolution B+
1

maps [177]. This may be useful to derive a tissue’s electrical properties, including

conductivity and permittivity, also known as electrical properties tomography [178].

MRF has been successfully demonstrated for 2D channel-wise absolute B+
1 mapping

in the abdomen at 7 T in under one minute [179–181].

3.5.2.8 Phase Sensitive

The Phase Sensitive method is a 3D technique that only considers the phase of the

image, not the signal amplitude. The method works by first applying a non-selective

pulse of FA 2α about the x axis which is immediately followed by a pulse of FA

α about the y axis [182]. As this method only relies on the phase, it should be

insensitive to T1 since the phase does not change with T1. However, a pre-saturation

pulse is usually applied to enable shorter TRs. This is because for some FAs the

longitudinal magnetisation will be negative which will invert the phase for the

following excitation. To remove phase effects from other sources, such as B0, a

second acquisition is performed where the 2α pulse is instead applied along the

−x axis. Hence, this method does not suffer from B0 dependence but does have

a quadratic phase sensitivity and requires phase unwrapping for FAs in the range

0-45° and 135-180°[182]. A similar method also uses orthogonal RF pulses but

instead with equal amplitude [183]. Imperfections in the RF spoiling could cause

systematic errors for these orthogonal RF pulse phase sensitive methods [184].
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Figure 3.10: Simplified Phase Sensitive B+
1 mapping sequence diagram.

3.5.2.9 Bloch-Siegert Shift

Bloch-Siegert Shift (BSS) B+
1 mapping is a novel phase-based sequence that uses

an off-resonance Fermi RF pulse in the kilohertz range to shift the frequency of
spin precession proportional to B+

1 squared [185, 186]. The nutation of the spin
can be neglected. The BSS sequence can be acquired using either a GRE or SE
readout; Figure 3.11 shows the BSS for a GRE sequence.

Figure 3.11: Simplified Bloch-Siegert shift (BSS) B+
1 mapping GRE sequence

diagram.

The phase difference, ∆ΦBS, between two images acquired with opposite offset
frequencies, ∆ω, is given by

∆ΦBS = 2B2
1,peak

∫ T

0

(γB1,norm(t))2

2∆ω dt, (3.8)

where B1,norm(t) is the normalised shape of the Bloch-Siegert pulse and B1,peak

is the peak magnitude of B1(t).
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Khalighi et al. [187, 188] demonstrated BSS at 7 T by acquiring a 2D 32×32
B+

1 map in the brain in only 16 s for BSS whereas this took DAM 330 s. BSS has
also been shown to work well with interferometric encoding approaches at 7 T [189]
and has been employed at 11.7 T in a preclinical scanner [190].

BSS is relatively robust to different T1 values, chemical shift, B0, and has a
good dynamic range. However, the main limitation of BSS is the high SAR at
UHF. To overcome this high SAR, BSS can be paired with a STEAM readout
(BSS-STEAM) to acquire both images with only one BSS pulse [191]. Like SatTFL,
this requires the use of a long time between images of 5T1. Bearing in mind the
general trend at higher B0 is an increase in T1, the sequences limited by a TR of
5T1 become increasingly unfeasible for clinical UHF use.

3.5.2.10 BEAR

B+
1 estimation using adiabatic refocusing (BEAR) [192] is another phase-based

method. A SE method which uses two adiabatic full passage pulses. The concept
of the sequence is that the phase of an echo will depend linearly on B+

1 when the
relative magnitude of two adiabatic full passage refocusing pulses is altered. In this
method, a lookup table is generated to relate the phase to the B+

1 .

Figure 3.12: Simplified B+
1 estimation using adiabatic refocusing (BEAR) B+

1
mapping sequence diagram.

To my knowledge, this method has not been demonstrated at 7 T. This is likely
due to the high SAR and since BEAR must reach the adiabatic condition, this
makes pTx B+

1 mapping difficult since the large dynamic range at 7 T will make
this highly unlikely to be achieved everywhere in the FOV unless specific encoding
schemes are used (see Section 3.5.4).
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3.5.3 Off-resonance Effects

The FA not only depends on B+
1 but also on the local B0 and so α is only proportional

to B+
1 for spins that are on-resonance. This can cause erroneous measurements if

B0 is not accounted for [193, 194]. Three ways to overcome off-resonance effects are:

• Slice-selective pulses - If the α-encoding RF pulse is separate from the slice-
selection pulse, then a broader slice for the α-encoding pulse can be applied
and so it can usually be safely assumed that the FA within the imaging
slice is fairly constant. This does, however, have slice profile implications for
neighbouring slices. Additionally, for large FAs >160°, this is not sufficient and
a correction for the slice profile needs to be performed from Bloch simulations
[195].

• Broadband RF Pulses - Off-resonance effects can be neglected if an RF pulse
is applied with a much larger bandwidth than the sample that is excited.

• Model α(ω,B+
1 ) - Using the Bloch equations, the frequency response for a

given RF pulse can be numerically simulated. Therefore, if a B0 map is also
acquired, the measured FA can be corrected.

3.5.4 B+
1 Mapping Acquisition and Encoding Strategies

As I briefly alluded to, one method to overcome the issue of a large dynamic
range is to acquire B+

1 maps at multiple voltages [196]. Thereby, ensuring every
signal-contributing voxel is mapped at least once within the sensitive range of the
chosen method, at the expense of running additional scans.

If the α-encoding is performed separately from the image encoding (not always
the case, i.e. it is for SatTFL but not for AFI or DAM), then all channels can be
excited for imaging, with each channel in turn transmitting the α-encoding pulse
[197]. This means a single reference image can be used for all transmit channels,
therefore reducing the number of image acquisitions by a factor of (NTx+1)/(2NTx).
Another advantage is the increased sensitivity to low B+

1 . The problem with this
approach is it requires a homogeneous baseline field from which to make these
maps, which is not always the case. Also, another dataset for the relative phases
must be acquired but this can be done quickly.
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Another method of overcoming the dynamic range associated with only a single
transmit channel is to use a linear combination of the channels [198, 199]. Instead
of mapping a single array element at a time, combinations of elements are mapped,
and then these maps can be unencoded back to obtain channel-wise maps since
it is known what encoding was used. Several approaches have been published on
how best to produce these linear combinations, from Fourier/Butler to all-but-one
[200]. Examples of these encodings are shown in Figure 3.13.

Termed "interferometric mapping", a baseline field distribution is measured and
the interference of each element with this baseline constitutes a "mode", m [199].
This enables the calculation of relative maps for each transmit channel element,
nc. To ensure the linear system is not under-determined the total number of
modes, M , must be greater than or equal to the total number of transmit channel
elements, NC . When M > NC the system is over-determined and the additional
encoded measurements can be used to help suppress erroneous measurements. As
I mentioned, the simplest option is to only excite a single channel at a time, in
this case the encoding matrix, E, is of size [M ×NC ] equal to the identity matrix
and as a result produces very large dynamic ranges but there is no need to invert
this matrix. Another way that produces better homogeneity is starting with the
standard CP+ mode but with one channel having its phase inverted per mode,
the elements of E would be defined as

(E)m,nc
=

−exp
(

2πi(nc−1)
NC

)
, m = nc;

exp
(

2πi(nc−1)
NC

)
, m 6= nc.

(3.9)

Another option is to turn off one channel per mode, with the encoding matrix

(E)m,nc
=

0, m = nc;
exp

(
2πi(nc−1)

NC

)
, m 6= nc.

(3.10)

In Fourier/Butler encoding [201] each transmit channel undergoes a regular
phase step, intending to move any regions of low B+

1 around the subject. This
has been shown to work well as it is highly likely that regions of low FA are not
in fixed locations but are moved per configuration state, ensuring at least one
reliable measurement of B+

1 everywhere. This has the benefit that no calibration
steps need to be performed before the acquisition, as is the case with some linear
encodings where some prior knowledge of the transmit field is necessary. The
Fourier encoding matrix is defined

(E)m,nc
= exp

(
2πi(m− 1)nc

M

)
. (3.11)
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The individual channel maps are returned by the product of the pseudoinverse of
the encoding matrix and the encoded measurements, on a pixel-by-pixel basis,
as described by

B+
1,nc

(~r) =
M∑
m=1

((
E†WE

)−1
E†W

)
nc,m

B+
1,m(~r) (3.12)

where a weighting matrix, W, can be useful when the measurements are over-
determined when M > C, for suppressing erroneous measurements such as those
measured from a low FA. This weighting matrix may be defined, for example
from a soft thresholding function,

Wm,m′ =
(1 + e−q(Jm−p))−1

, if m′ = m;
0, if m′ 6= m,

(3.13)

where Jm = I1,m/max(I1) with I1,m representing the signal of the limiting image
train for a particular mode and p, q are empirically determined constants. If no
weighting is required or the system is not over-determined then W is simply the
identity matrix, I. For the case of Fourier encoding when W = I, this is equivalent
to performing the inverse Fourier transform across the modes. This method has been
demonstrated to acquire whole-liver B+

1 maps in combination with a "PE-DREAM"
sequence, using 13 encodings each across one breath hold [202].
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Figure 3.13: The magnitude of the B+
1 for some example methods of B+

1 map
encoding using simulated body data with 8 transmit channels and 8 transmit modes.
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3.5.4.1 B1TIAMO

Following from TIAMO [106] (see Section 3.4.3), Brunheim et al. [107, 203] proposed
a new method for acquiring B+

1 maps using a coil-cycled GRE sequence for relative
mapping following by SatTFL absolute maps for two shim modes (CP+ and CP2+

[90° phase offset between channels]). They demonstrated the feasibility of B1TIAMO
by acquiring single-channel B+

1 maps for a 32 Tx channel system over a large FOV 2D
slice through the body in only 16 s. The B1TIAMO sequence is shown in Figure 3.14.

Figure 3.14: Illustration of sequence diagram for B1TIAMO[107]. Fast coil-cycled
maps (green) are acquired first. This is followed by SatTFL absolute mapping (red)
using a single reference image and two prepared images for two shim modes all

separated by a time delay (TD) to allow for longitudinal relaxation between images.
Note that the shim mode applies to the rectangular pre-saturation pulse only and

not the image train. The square brackets indicate repeated sequence blocks.

The FA maps for each shim mode, FAshim1(r) and FAshim2(r), are calculated as
standard for SatTFL and divided by the relative maps combined into each shim mode,
Relshim1(r) and Relshim2(r), giving shim mode specific scaling factors s1(r) and s2(r),

s1(r) = FAshim1(r)
Relshim1(r)

, s2(r) = FAshim2(r)
Relshim2(r)

. (3.14)

Then a total scaling factor, S(r), is calculated from a combination of the scaling
factors from each shim mode weighted by an exponent m which is determined
experimentally.

S(r) = s1(r) · Refshim1(r)m + s2(r) · Refshim2(r)m
Refshim1(r)m + Refshim2(r)m

(3.15)

The channel-wise B+
1 is then calculated by scaling the individual channel-wise

relative maps by the total scaling factor,

B+
1,nc,abs

(r) = S(r) ·B+
1,nc,rel

(r). (3.16)
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3.6 Summary
In this chapter, I have explored some of the fundamental issues surrounding imaging
at UHF. One of these is B+

1 inhomogeneity. Ultimately, knowledge of the B+
1 field is

required and although a plethora of B+
1 mapping sequences are in existence, to my

knowledge none are really viable for absolute B+
1 mapping in the body at 7 T in a

clinically reasonable time. Hence, this was the motivation for the following chapters.
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4.1 Introduction
UHF MRI promises superior SNR over conventional clinical MRI systems [204].
However, inhomogeneity in the B+

1 transmit field, due to the wavelength associated
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with the increased Larmor frequency, produces altered image contrast and significant
signal dropout. Various approaches of overcoming this B+

1 inhomogeneity have
been proposed in the literature. These include, but are not limited to, the use of
adiabatic pulses [34], pTx [98, 99] methods such as kT-points [116], 2D Spokes
[117], and TIAMO [106, 107].

Parallel transmit enables spatial and temporal RF-shimming overcoming local B+
1

inhomogeneity, but prior knowledge of the channel-wise B+
1 is required for the optimal

RF pulse design. B+
1 mapping at UHF is more challenging than at lower fields due

to the increased dynamic range across a FOV and the limited range of FAs over
which methods are accurate [135]. Additionally, the acquisition duration increases
with the number of transmit channels, necessitating faster mapping schemes. in
vivo imaging requires fast and robust B+

1 calibration, however, current methods
suffer from limitations of the SAR and inaccuracy due to T1 relaxation times.

There is currently no gold standard for in vivo B+
1 mapping, particularly for the

heart, where this is compounded by cardio-respiratory motion. AFI [142, 145] is
accurate as well as being insensitive to T1 but requires efficient spoiling to eliminate
unwanted signal from residual transverse magnetisation. AFI employs a dual-TR
steady-state gradient-refocused echo acquisition and consequently requires many
dummy TRs before imaging to ensure operation in a steady state. Bloch-Siegert
shift [186] is phase-based and has been shown to obtain motion-robust cardiac B+

1

maps at 3 T [205] but suffers from high SAR at UHF and is affected by susceptibility.
DREAM [152] offers an improvement in speed and robustness to motion by acquiring
two images quasi-simultaneously using a FID and stimulated echo combination
[154]. DREAM is fast, has low SAR and in practice has a dynamic range of
7 (10-70°). Although, whilst it performs well even in the myocardium DREAM
suffers from dropout in the blood pool of the heart due to flow sensitivity [153,
159, 160]. SA2RAGE [166] has a large dynamic range reported of 10 but requires
long delay times between two TurboFLASH readouts following a saturation pulse
making it unsuitable for cardiac imaging.

B+
1 mapping using SatTFL [170, 171] is extremely SAR efficient [136], flow

insensitive and intrinsically robust to motion. However, it requires long TRs
to allow for full T1 relaxation between a reference and magnetisation-prepared
acquisition. Moreover, SatTFL suffers from T1 sensitivity due to relaxation during
the TurboFLASH readout train. Chung et al. [171] proposed reducing the time
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delay (TD) of SatTFL down from 5T1 to approximately T1, at the cost of reduced

SNR, by implementing a ‘saturation recovery module’ using adiabatic pulses to

produce a consistent magnetisation state between acquisitions. However, this

requires uniform saturation across the whole subject, which is difficult to achieve

in practice and highly SAR intensive at 7 T. Additionally, since B+
1 errors can

compound and cause B0 maps to be inaccurate (and vice versa), a method of B+
1

mapping which is B0 insensitive would be ideal. This could therefore make B0

shimming more robust if performed after B+
1 shimming.

The aim of this work was to design and evaluate a novel adaptation to SatTFL

to mitigate the T1 sensitivity and shorten the acquisition time (TA), while keeping

all the beneficial characteristics typical of B+
1 mapping using SatTFL. To achieve

this, the reference and prepared images are ‘sandwiched’ together, thus removing

the 5T1 time delay completely and acquiring these images back-to-back [2]. This

adaptation was evaluated in a segmented approach to k-space acquisition, multi-

transmit FA mapping and as a 3D sequence. This Sandwich method is compared

to a SatTFL and short TR SatTFL method in simulation, phantoms and in vivo

at 7 T for the brain and heart.

4.2 Theory

The SatTFL B+
1 mapping sequence [170] measures a series of rapid FLASH images,

each with a different magnitude preparation pulse. Chung et al. [171] demonstrated

that in practice only two FLASH images are needed; one reference (S0) and one

magnetisation-prepared (S1) with a nominal preparation FA of α (typically of

order 60-120°), as depicted in Figure 4.1a. The FA of the preparation pulse

is determined as in Eq. 3.7.
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Figure 4.1: Simplified pulse sequence diagrams of SatTFL and the adapted
schemes using a preparation pulse FA, α, and image train (IT) FAs, β, for a single
repetition time (TR) along with three example T1 recovery curves (short T1 blue,
mid T1 yellow, long T1 green) not to scale. a) SatTFL with a long relaxation time
between a reference and prepared IT (with N phase encodes) allowing for full T1
relaxation. b) Short TR: IT acquired segmented in 4 (with N ′ phase encodes;

reference images (S0) first followed by prepared images (S1)) with time delay (TD)
of approximately 1 s and TR of 2 s. c) Sandwiching: IT segmented into four shots

and TD minimised, images acquired pairwise. Square brackets indicate a
TurboFLASH repetition period (TRFLASH) for phase encoding. Each

phase-encoding step and preparation RF pulse is followed by gradient spoiling in
addition to RF spoiling. Note b) and c) start from incomplete recovery of the

longitudinal magnetisation due to prior TRs.

Chung et al. [171] recommended having a TD between S0 and S1 to enable full
relaxation or using a "reset pulse" to image faster as reducing this delay introduces
a T1 dependence as shown in Figure 4.1b. In this work, an alternative approach
to enable a much faster SatTFL acquisition was evaluated. The time delay was
set to TD = 0 s such that the total duration of S0 and S1 is much shorter than T1.
This results in the T1 contrast in S0 being matched to S1 as depicted in Figure
4.1c. The matched T1 contrast removes the sensitivity to T1 and enables the use
of Eq. 3.7 to calculate the FA. Here, this timing is referred to as the Sandwich
scheme. In these experiments, it was found that the image excitation (β) should



4. Sandwiched SatTFL B1+ Mapping 72

be subjected to the same B+
1 field as the preparation pulse α, and in the Sandwich

scheme experiments below they are linearly proportional.

Due to the large B0 inhomogeneities in a 3D volume at 7 T, a 5 ms non-selective
broad-band full-passage HS8 pulse was used with a time-bandwidth product (TBP)
of 15, operating below the adiabatic limit, as the preparation pulse [206] in the 3D
schemes (Figure 4.2). The HS8 pulse is insensitive to B0 over a broad frequency
range determined by the TBP. Additionally, the HS8 pulse offers a low peak
RF voltage making it suited to regions of low B+

1 and high B0 inhomogeneity.
Correction for the non-linearity of the HS8 pulse response to B+

1 must be performed
to maintain accuracy at high B+

1 .

Figure 4.2: Bloch simulation of a) sinc pulse (5 ms) and b) HS8 (5 ms) pulses
used for saturation of the magnetisation-prepared image. HS8 pulse is highly
insensitive to changes in B0 as well as 20% of the peak B+

1 compared to the
equivalent time-bandwidth product sinc pulse.

4.3 Methods
4.3.1 Numerical Simulations
All sequences were simulated using the extended phase graph formalism [42] in
MATLAB (R2021a, MathWorks, Natick, Massachusetts, United States) to explore
the effects of α, β, repetition time between segments (i.e. TR), T1 and the length
of the TurboFLASH imaging train (N ′) on the measured B+

1 for each method. The
effect of noise was investigated using Monte Carlo simulation. Nominal FAs αnom
and βnom were varied from 1-180° in 1° increments and 1-20° in 0.1° increments,
respectively. Similarly, the effect of T1 relaxation on the calculated value of α was
investigated by simulating a range of T1 times 0.5 s to 3 s in increments of 50 ms.
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Simulations were based on Brian Hargreaves EPG code http://web.stanford.
edu/~bah/software/epg. Each complete simulated image train consists of 36
phase-encoding steps, image train TE = 1.78 ms, TRFLASH = 4.2 ms, low-angle,
βnom, simulating k-space readouts with spoilers throughout the image train to
eliminate transverse magnetisation before each imaging RF pulse. The transverse
magnetisation immediately following the preparation pulse was effectively spoiled
using a quadratically increasing number of ‘unit’ gradients. RF spoiling was also
implemented using a linearly increasing phase increment of ∆Φ=50°. The pulse
schemes were simulated as described in the theory section with two additional
dummy TRs to help reach a steady-state magnetisation for the segmented schemes.
The T2 for all simulations was kept fixed at 25 ms.

The image trains are reordered to mimic a centrically acquired k-space, zero-filled
to produce an array of length 64 and then inverse fast Fourier transformed to obtain
the point-spread function (PSF). The relative effects of noise across the different
schemes were evaluated using a Monte Carlo simulation with 1000 repetitions, with a
fixed level of zero-mean complex Gaussian noise added independently to each image
train. Following this, α is calculated using the centre of the PSF and Eq. 3.7. Figure
generating code can be found at: https://github.com/jameslewiskent/sat2TFL.

4.3.1.1 Cardiac Numerical Simulations

There are additional considerations to be made to account for imaging the heart.

Heart Rate Variability A normal sinus rhythm for a healthy heart has a heart
rate variability (the change in the time intervals between consecutive heartbeats;
HRV) of approximately 50 ms. This means that when a sequence is cardiac triggered,
slowly varying changes in heart rate lead to a TR which is not precisely consistent.
This is especially true for subjects with arrhythmia where the heart can beat
irregularly (HRV > 120 ms). Additionally, false and missed triggers have the
potential to extend individual TRs. It is therefore important that a sequence that
is to be cardiac gated is largely unaffected by a variable TR. The effect of a variable
TR will manifest as signal variations in the second phase encode direction but should
have little impact in the first phase encoding direction. To test the potential impact
this may have on the Sandwich sequence, variable TRs were simulated with a mean
of 1 s and SD of 0.1 s. A TR which fell below a minimum TR of 700 ms was treated
as a missed trigger. This effectively means skipping a heartbeat which results in an
effective TR of 2 heartbeats. An assumed TR of 1 s was used for FA calculation.

http://web.stanford.edu/~bah/software/epg
http://web.stanford.edu/~bah/software/epg
https://github.com/jameslewiskent/sat2TFL
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Ejection Fraction During the cardiac cycle, a portion of the blood (typically
>50 % in a healthy heart) within the chambers of the heart is ejected and replenished
by fresh blood, known as the ejection fraction (EF). This fresh blood will not
have seen any previous RF pulses and hence will have no magnetisation history.
Simulations were also performed to test the effect of this (including the effects of
HRV) on the sequence. To do this, a two compartment pool was simulated. In
compartment one, magnetisation was unaffected and in a second, the longitudinal
magnetisation was reset back to equilibrium each TR. To simulate a range of
EFs a mixture of these two compartments were taken (0-100% of compartment
two in 1% increments).

4.3.1.2 Further Technical Development Simulations

Extensive simulations were also performed to best optimise the design of the
Sandwich sequence. This section describes some of the simulations performed
to accomplish this.

Dummy RF Pulses Dummy RF pulses (approximately 1000) are sometimes
used in conventional SatTFL in order to establish a steady state prior to acquiring
the reference image. This may be beneficial for the Sandwich sequence, especially
to reduce the impact of signal instability causing image artefacts due to large (α
> 180°) FAs close to the transmitter - particularly troublesome for body imaging.
Due to the interleaved reference and prepared images and the short TR it is not
possible to perform 1000 dummy RF pulses prior to each reference image for the
Sandwich sequence without drastically increasing the TR. Additionally, for body
imaging there are limitations as to how many dummy RF pulses can be performed
during the trigger delay (unless they are performed continuously). Therefore, to
test whether this may be beneficial for the Sandwich sequence, this was tested using
25 dummy RF pulses (≈100 ms) prior to the reference image train.

Encoding Direction Conventionally, the SatTFL sequence is acquired with
centric phase encoding to acquire the centre of k-space immediately following
the preparation pulse. However, whilst this is sensible for SatTFL, the encoding
scheme for the Sandwich sequence should acquire the centre of k-space just prior
to the saturation pulse for the reference image. The proposed mirrored centric
encoding scheme is illustrated in Figure 4.3. The impact of using both centric
and mirrored centric encoding was evaluated.
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Figure 4.3: Diagram illustrating a) centric versus b) mirrored centric phase
encoding for the Sandwich sequence reference and prepared images, S0 and S1,

respectively.

TR Time The Sandwich TR value of 1 s was chosen to coincide with a sensible
resting heart rate of 60 bpm. However, in the brain this is not necessary and a
more optimal and potentially shorter value of TR for a given dynamic range (DR)
is possible. To identify such a value a range of TR values were simulated from 0.5 s
to 2 s in 50 ms intervals. For a fair evaluation, a LUT generated with the same TR
was used for FA calculation. In order to evaluate this, strict criteria for the DR was
required, as although in theory a large range of FAs can be measured in practice
only a much smaller region provides a reliable measurement. The DR was defined as
the region of FAs measured, on resonance, where the mean FA and 1.96 SD (95% of
observations) across all T1 values were within 10% of the nominal simulated FA value.

T1 Correction Scheme An additional modification to the proposed Sandwich
scheme was tested in order to further reduce sensitivity to T1 relaxation. This
involved a third readout train, S2, which is performed directly after S1. Equation
3.7 must be adapted

α = cos−1
(
S1 + 0.5(S1 − S2)

S0

)
. (4.1)

This modification will be referred to as the "T1 Correction" scheme.

4.3.2 Parallel Transmit MRI System
A 7 Tesla MRI (Magnetom VB17 Step 2.3, Siemens Healthineers, Erlangen,
Germany) equipped with parallel transmit was used for phantom and in vivo
imaging. Phantom and brain images were acquired using the same 8-channel
transmit, 32-channel receive head coil (Nova Medical, Wilmington MA, USA) in
CP+ mode at magnet isocentre. To image the heart an 8-channel transmit/receive
dipole array (MR Coils BV, Zaltbommel, Netherlands) was used with cardiac
triggering using a pulse oximeter.
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4.3.3 Sequence Implementation

Both 2D and 3D Sandwich pulse sequences were written in C++ and compiled
for use on the scanner inside a VB17 IDEA environment on a Windows XP
VirtualBox machine.

4.3.3.1 2D Protocols

On the scanner, 2D acquisitions used an α : β ratio of 10:1, based on simulations,
with nominal α/β FAs 90/9°. 2D B+

1 maps were measured at four different reference
voltages of 30 V, 60 V, 90 V and 120 V achieving α FAs of approximately 40°, 80°,
120° and 160° in the centre of the brain to assess the linearity and the dynamic range.
k-space was segmented into 4 shots (readout trains) for all but the conventional
SatTFL method each with N ′ = 9 phase encoding lines.

The TD between consecutive images and the TR to acquire the pair of S0 and S1

images per segment (TD/TR) was 9.85 s/20 s for SatTFL and 0.96 s/2 s for short
TR SatTFL, with TRfill = TD. The Sandwich method had a TD/TR of 0 s/1 s, with
a TRfill of 0.92 s. TurboFLASH TE = 1.78 ms and TurboFLASH repetition time
(TRFLASH) 4.2 ms, FOV = 250× 250 mm2, slice thickness = 8 mm, scan matrix =
50×36 (including asymmetric echo, 75% PF and 75% phase resolution), bandwidth
= 490 Hz px−1, centric phase-encoding, and RF spoiling. B+

1 information is encoded
using a 0.5 ms non-selective rectangular pulse, α, and imaging with a sinc pulse,
β. The short TR SatTFL sequence acquires the 4 segments of S0 followed by the
4 segments of S1, unlike the Sandwich scheme where these segmented images
are acquired pairwise.

Additionally, two dummy TR periods were implemented for the Sandwich scheme
prior to data acquisition ensuring consistent magnetisation. A reference B+

1 map
was acquired using a segmented (4 segments with a readout duration of 40 ms)
SatTFL map with TD/TR = 9.96 s/20 s. The shorter imaging train used is expected
to minimise the T1 sensitivity of the SatTFL method. The reference map was
acquired at two voltage levels (60 V and 90 V) to obtain a best estimate of the
ground truth and a mean reference map was calculated for comparison to the other
methods. The TA was 80 s for the reference scheme, 20 s for SatTFL, 8 s for short
TR SatTFL and 6 s (including two dummy TR periods) for the Sandwich scheme.
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4.3.3.2 3D Protocols

3D B+
1 maps were also acquired with k-space segmented into 18 (brain) or 24

(heart) shots of N ′ = 36 phase encoding lines per shot, this is one partition per
TR. The scan matrix was 50×36×18/24 (brain/heart). Non-selective excitation
with a TurboFLASH TE = 0.87 ms and TRFLASH = 2.7 ms was used and a HS8
pulse as the preparation pulse.

Based on simulations, it was determined that for the longer TurboFLASH image
train of the 3D sequences, a higher α : β ratio of 20:1, using nominal α/β FAs
130/6.5°, was preferable and improves the linear dynamic range. Non-selective
excitation used a larger spoiler as spoiling due to slice selection is not present and
helps to suppress artefacts from undesirable coherence pathways (See Appendix A).

4.3.4 Image Reconstruction

Image reconstruction was performed offline in MATLAB (R2021a, MathWorks,
Natick, Massachusetts, United States) using the raw TWIX data format. Binary
files (.dat) were read-in using an open-source parsing function (mapVBVD.m)
[207]. The k-space data were zero-padded to 64×64 (2D) or 64×64×18/24 (3D
brain/heart) and a Hanning filter was applied to reduce Gibbs ringing.

Separate receive channel images were then formed from an inverse fast Fourier
transform and combined using coil sensitivity profiles calculated from ESPIRiT [51]
to produce complex images S0 and S1. The resulting maps were then calculated
using Eq. 3.7. The B+

1 maps in phantom and in vivo were masked using a simple
value-thresholding approach informed from the reference image and slightly eroded;
except in the 3D cases where masks were manually drawn.

4.3.5 Phantom Experiments

Two spherical phantoms containing silicon oil/water were used to evaluate the
sequences. 2D single-shim as well as 2D individual pTx and 3D B+

1 maps were
obtained for each method.

Additionally, the "T1 Correction" scheme using an additional third FLASH train,
as described in Section 4.3.1.2, was tested in a water phantom. The results of
this are shown in Figure A.1.
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The water phantom was a 16.5 cm diameter spherical MRS ‘Braino’ phantom
(General Electric Medical Systems) containing 10 mmol creatine, 3 mmol choline,
5 mmol Lac, 1 mL L−1 Gd-DPTA (Magnevist), 12.5 mmol Glu, 7.5 mmol myo-Ins,
12.5 mmol NAA, 0.1% sodium azide, 56 mmol sodium hydroxide and 50 mmol
potassium phosphate monobasic.

The silicon oil phantom was a 16.5 cm diameter sphere containing silicon-based
organic polymer (Polydimethylsiloxane, T1 = 750 ms, T2 = 750 ms) which is non-
polar and hence has a more uniform excitation profile.

4.3.6 In Vivo Experiments
Six healthy volunteers were scanned in accordance with Oxford University’s ethical
practices. 2D B+

1 maps were measured in the head using each of the methods for
four different reference voltages. Voxel-wise correlation and Bland-Altman plots
compare each method to a reference map.

Additionally, the "T1 Correction" scheme using an additional third FLASH
train, as described in Section 4.3.1.2, was also tested in vivo. The results of
this are shown in Figure A.2.

A proposed benefit of the Sandwich method is that the paired acquisition of a
reference and prepared image provides insensitivity to magnetisation history, as each
S1 image has a matching S0 image. This facilitates rapid multi-transmit mapping
since you can switch to a different B+

1 shim without waiting for full relaxation of
the longitudinal magnetisation. To test this, the Sandwich scheme was evaluated in
one volunteer for rapid 2D single-shot (non-segmented, readout duration of 151 ms)
B+

1 mapping of individual transmit channels in the brain and compared to SatTFL
and short TR SatTFL. Due to the longer readout train, a higher α : β ratio was
used of 20:1, using nominal α/β FAs 130/6.5°.

The SatTFL schemes acquired one S0 image and 8 S1 images transmitting with
β in CP+ mode and α one channel at a time. The TA was 90 s for SatTFL and 9 s
for short TR SatTFL scheme. For the Sandwich scheme, to ensure a constant α : β
ratio (within a TR period), the same B+

1 shim was used for both α and β. RF pulses
were transmitted one channel at a time for a total TA of 8 s, no dummy pulses were
performed since the B+

1 shim changes between TR periods. In addition to these
absolute maps, an interleaved coil-cycled gradient echo sequence was performed to
obtain relative maps and used to rephase and weight the total B+

1 .
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To evaluate the single channel maps, they were combined using the phase of
relative transmit maps, to form a synthetic CP+ mode map and compared the result
to a map measured in CP+ mode. The acquisition parameters for the interleaved
coil-cycled gradient echo sequence to obtain these relative maps were: matched FOV
and 64×64 scan matrix, FA 7°, TE = 1.9 ms, TRGRE = 4.3 ms for a total TA of 2 s.

In another healthy volunteer, the Sandwich scheme was evaluated as a 3D
B+

1 mapping acquisition in the brain and compared to a 3D sequential SatTFL
and short TR SatTFL. A scan matrix of 50×36×18 was used with a FOV of
250× 250× 180 mm3, 10 mm partition thickness, with a reference voltage of 60 V.
For the SatTFL methods the TD/TR was 9.9 s/20 s for SatTFL and 0.9 s/2 s for
short TR SatTFL, with TRfill = TD. The Sandwich method had a TD/TR of 0 s/1 s,
with a TRfill of 0.8 s. The total TA for SatTFL was 360 s, the short TR SatTFL
scheme took 36 s and the Sandwich scheme took 20 s (including two dummy TRs).

Lastly, to evaluate the Sandwich scheme for whole-heart, single breath-hold,
B+

1 mapping a 3D Sandwich B+
1 map was measured in the heart of a healthy

volunteer. For reference, a 2D SatTFL B+
1 map was acquired along the horizontal

long axis of the heart. The acquisition parameters for the 3D Sandwich were a
scan matrix of 50×36×24 with a FOV of 384× 384× 240 mm3, 10 mm partition
thickness and a 200 V reference voltage. The total TA was 20 heartbeats for a
single 2D SatTFL B+

1 map (minimum TD = 10 s) and 26 heartbeats for the 3D
Sandwich scheme, each acquired within a breath-hold. A slice through the 3D
Sandwich data was oriented and resampled, using a linear interpolation in FSL
[208], to match the 2D SatTFL for comparison.

4.4 Results
4.4.1 Simulation Results

The longitudinal magnetisation for the 2D segmented Sandwich sequence is shown
in Figure 4.4. Figure 4.4 shows that after 2 TR periods (2 s) the longitudinal
magnetisation is largely in a steady state. This is beneficial to reduce signal
variations in the phase encode direction which may cause undesirable artefacts
particularly when the sequence is segmented. Hence, 2 dummy TR periods were
used going forward.
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Figure 4.4: The longitudinal magnetisation for the 2D Sandwich sequence plotted
for three nominal preparation pulse flip angles of 30°, 90° and 150°.

The full-width at half-maximum of the point spread function for the 3D Sandwich
scheme is shown in Figure 4.5. This indicates intervoxel blurring in both images S0

and S1 and in both phase encode directions is low across various T1 times and FAs,
with an average full width at half maximum (FWHM) of the PSF of 1.14 voxels.
The FWHM of the PSF peaks at 3 voxels in S1 due to the signal null.

Figure 4.6 shows the mean bias for different simulated nominal α and β and
the effect of T1 on the measured value of α. Dark red signifies large positive
overestimation of α and dark blue large underestimations. The SatTFL scheme
shows little variation in bias for different ratios of α : β which is not the case for the
other schemes. Figure 4.6b reports large under- and overestimations for short TR
SatTFL across a range of preparation pulse FAs for all nominal α : β ratios, which
is also T1-dependent. This error in α is due to there being insufficient time for the
longitudinal magnetisation to fully relax to equilibrium. As a result, the longitudinal
magnetisation is not consistent prior to imaging. Figure 4.6c shows the Sandwich
scheme performs remarkably well using a TR of 1 s due to the segmentation and
‘sandwiching’ of the two image trains. The bottom row of Figure 4.6 shows that
at a fixed α : β ratio of 10:1 there is some T1-dependent bias introduced which
increases with the preparation FA for both SatTFL schemes. However, this bias
due to T1 is greatly reduced for the Sandwich scheme.
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Figure 4.5: FWHM of the PSF for both the reference image (S0) and prepared
image (S1) along both phase encode (PE) directions for the Sandwich sequence.

As expected, SatTFL exhibits relatively low bias in α and the least sensitivity to
noise (Figure 4.7) due to the long TD of 5T1 between the reference and prepared
images. Contrastingly, noise is more significant in the Sandwich scheme (Figure
4.7) due to the reduced longitudinal magnetisation in the steady state and depleted
magnetisation following S0 (resulting in a lower SNR in S1).
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Figure 4.6: The effects of a nominally applied preparation pulse, αnom , and image
train FA, βnom , on the mean bias in the FA map (top row) and the effect of T1 on
the measured FA (bottom row) for the three different 2D B+

1 mapping sequences.
Simulations performed using a T1 of 2 s (top row) and fixed α : β = 10:1 (bottom
row) with a fixed noise level added across all schemes using a Monte Carlo method
with 1000 repeats, standard deviation shown in Figure 4.7. Four lines of constant
preparation pulse to image train FA (α : β) ratio are plotted and shown in the
common legend in a). (Note: bias >20° is colour saturated to give a greater
dynamic colour range to bias in range of interest i.e. in range -20° to 20°).
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Figure 4.7: The effects of a nominally applied preparation pulse, αnom, and image
train FA, βnom, on the standard deviation of the bias in the FA map (top row) and

the effect of T1 on the measured FA (bottom row) for the three different B+
1

mapping sequences. Simulations performed using a T1 of 2 s (top row) and fixed
α : β = 10:1 (bottom row) with a fixed noise level added across all schemes using a
Monte Carlo method with 1000 repeats. Four lines of constant preparation pulse to
image train FA (α : β) ratio are plotted and shown in the common legend in a).
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It was therefore identified that using an α : β ratio of 10:1 may yield the
best compromise between a large range of low-bias α and low sensitivity to noise
for 2D measurements; thus, all 2D experiments (except for 2D multi-transmit
mapping) use this ratio.

The effect of the readout train length and α : β ratio on the mean bias and
standard deviation is shown in Figure 4.8. Higher α : β ratios are likely to
be beneficial for 3D sequences where the length of the TurboFLASH imaging
trains are longer.

Figure 4.8: Bias a) and standard deviation b) at different α : β ratios and number
of phase encoding lines within a TurboFLASH readout (N ′) shown for a nominal α
of 120°. The parameters which correspond to the 2D (α : β = 10:1, N ′ = 9) and 3D
(α : β = 20:1, N ′ = 36) sequences used in this manuscript are marked by crosses.

4.4.1.1 Cardiac Simulation Results

Heart Rate Variability The impact of HRV on the Sandwich sequence was
found to be negligible. There was no systemic error in the measured FA across all
repeats, although the standard deviation of the measured FA did increase slightly.
However, this was much less than 1° across all T1 values of 0.5 s to 3 s. Figure 4.9
shows a histogram of the HRV which occurred in the simulations. The mean TR
variability across all repeats was 144 ms which would represent severe arrhythmia
and worse than expected in reality.

Figure 4.10 demonstrates the impact of both EF (50%) and HRV (1.0± 0.1 s) on
the longitudinal magnetisation plotted for three nominal FAs, 30°, 90° and 150°.
The HRV leads to variable sequence duration.
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Figure 4.9: A histogram showing the range of TRs which occurred when a variable
TR was simulated (blue) and the resulting heart rate variability (HRV; orange).

Ejection Fraction Figure 4.11 shows the results from simulation of the effect
of EF on the measured FA. Figure 4.11a) shows the relative error in FA across
the dynamic range an averaged across T1. Figure 4.11b) shows the relative error
in FA across the range of T1 values simulated, for the mean in range 30°-140°
(as indicated by the dashed lines in 4.11a)). On average, an EF tends to lead
to an overestimation in the measured FA.

In healthy humans EF ranges between 50% to 70%. Assuming an EF of 50%
and a T1 of blood of approximately 2 s [209], these results suggest that the B+

1

within the blood chambers of the heart are likely to be overestimated by 4.2% on
average, i.e. a 90° FA in the chambers of the heart is measured to be 94°. This
error induced by the EF on the measured FA could be reduced by including an
expected average EF in the simulation of the LUT.
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Figure 4.10: The longitudinal magnetisation for the 3D Sandwich sequence when
both a 50% ejection fraction and variable TR of 1.0± 0.1 s is used. Longitudinal
magnetisation is plotted for three nominal preparation pulse FAs of 30°, 90° and

150°.

Figure 4.11: The effect of ejection fraction on the estimated flip angle. a) mean
bias due to flip angle across T1 values in the range 0.5 s to 3 s. b) mean bias due to
T1 for flip angles the range 30°-140° (as indicated by the dashed lines in a)). FA;

flip angle.
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4.4.1.2 Further Technical Development Simulation Results

Dummy RF Pulses Performing dummy RF pulses prior to the reference image in
the Sandwich sequence did not provide any additional benefit and, in fact, resulted in
a minor reduction in DR with the added cost of additional SAR. This is expected as
the number of dummy RF pulses is not enough to reach a steady state in the FLASH
train. Hence, no additional dummy RF pulses were implemented on the scanner.

Encoding Direction The impact of using a mirrored centric phase encoding
scheme over a centric encoding scheme resulted in a minor improvement in the
DR of the Sandwich scheme from 4.8 to 5.0, where the DR is as previously
defined in Section 4.3.1.2. Hence, a mirrored centric phase encoding scheme
was implemented on the scanner.

TR Time The DR efficiency (DR/TR) versus TR is shown in Figure 4.12. A
TR value of around 1 s appears to give adequate DR efficiency as indicated by the
elbow of the scatter plot. Longer TR values lead to an increased DR whilst the
reduction of the TR below 1 s provides a lower DR due to decreased SNR. The
TR was kept constant at 1 s for the remaining experiments.

Figure 4.12: Scatter plot showing the dynamic range efficiency of the Sandwich
method versus TR.
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T1 Correction Figure 4.13 shows the effect of the additional FLASH train for T1

bias correction. The T1 correction scheme was successful in reducing the variation
in measured FA due to T1, extending the upper bounds of the DR. However, this
ultimately comes at the cost of an overall slightly reduced DR (5.0 to 4.9) due
to decreased signal for low FAs. This modification also had an additional SAR
penalty of 16% compared to the standard proposed Sandwich sequence. The T1

correction scheme was further tested on the scanner in phantom and in vivo and
the results can be found in Appendix A.1.

Figure 4.13: Simulation results showing the difference between the a) Sandwich
and b) T1 correction schemes.

4.4.2 Phantom Results

Figures 4.14 and 4.15 show results from a a silicon oil and water phantom,
respectively. The first two rows of each figure show the magnitude of the images
used to calculate the FA maps in the third row. The difference between each of the
maps at 60 V and a mean reference map, calculated from three reference voltages
for the reference scheme and scaled by the voltage are shown in the fourth row,
along with the root-mean-square error (RMSE). FA profiles for horizontal and
vertical profiles through the centre of the phantom are also shown. Note that the
reduced time to acquire Sandwich was 6 s compared to 80 s for the reference, 20 s
for SatTFL and 8 s for a short TR SatTFL.
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Figure 4.14: Flip angle maps from a silicon oil phantom at reference voltage 60 V
for various sequences. i) segmented SatTFL method with TR = 20 s ii) SatTFL iii)
SatTFL acquired segmented and TR reduced to 2 s iv) segmented Sandwich scheme

with TR = 1 s, β = 0.1α.

Figure 4.14 shows the 2D silicon oil phantom results. An average FA of ap-
proximately 80° was achieved throughout the slice. The FA maps show excellent
agreement between the Sandwich scheme and both the reference and SatTFL, with
a RMSE of just 0.35°. The short TR SatTFL shows a large overestimation in
the measured FA with an RMSE of 2.6°.
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Figure 4.15: Flip angle maps from a water phantom at reference voltage 60 V for
various sequences. i) segmented SatTFL method with TR = 20 s ii) SatTFL iii)

SatTFL acquired segmented and TR reduced to 2 s iv) segmented Sandwich scheme
with TR = 1 s, β = 0.1α.

Figure 4.15 shows the 2D water phantom results. Note that the dielectric
properties of the water phantom give rise to much more inhomogeneous FA profiles
than for the (non-polar) silicon oil phantom. The FA maps show excellent agreement
between the Sandwich scheme and both the reference and SatTFL, with a RMSE
of just 1.3°. The short TR SatTFL shows a large overestimation in the measured
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FA with an RMSE of 9.7° and a reduced dynamic range.

The difference between an acquired CP+ mode map to a pTx combined map is
shown in Figures 4.16 and 4.17 for silicon oil and water phantoms, respectively.
The Sandwich scheme appears to underestimate the FA towards the centre of
the waterphantom, when compared to the acquired CP+ map, whereas SatTFL
overestimates. There is good agreement between the acquired and combined CP+

maps for both phantoms. In the silicon oil phantom the RMSE is 5.6° for SatTFL
and 5.5° for the Sandwich scheme. In the water phantom the RMSE is 2.7° for
SatTFL and 3.9° for the Sandwich scheme.

Figure 4.16: Comparison between acquired CP+ mode flip angle map and an
eight-channel pTx map for a silicon oil phantom.

The 3D results in a water phantom are shown in Figure 4.18. The average
RMSE of the Sandwich scheme (TA = 20 s) was 2.3° over all partitions when
compared to SatTFL (TA = 360 s).
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Figure 4.17: Comparison between acquired CP+ mode flip angle map and an
eight-channel pTx map for a water phantom.



4. Sandwiched SatTFL B1+ Mapping 93

Figure 4.18: 3D B+
1 maps for 18 partitions (10 mm) of the water phantom

acquired using the 3D sequences in CP+ mode. The top three rows show maps
acquired using SatTFL, short TR SatTFL and Sandwich schemes for comparison.
The difference and corresponding RMSE between SatTFL and the other sequences is
shown below. 3D data acquired in 20 s for the Sandwich scheme and 36 s for short

TR SatTFL whereas this took 360 s with SatTFL using a TR of 20 s.
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4.4.3 In Vivo Results

The top row in Figure 4.19 shows simulation results for various T1 values and the
bottom row shows Bland-Altman plots of measurements for each scheme from 2D
B+

1 maps acquired at 4 reference voltages to cover a larger dynamic range. For
both SatTFL and short TR SatTFL, short T1s result in a spread of measured FAs
deviating by up to 12° compared to a long T1 (evaluated at 120°), while this spread
is reduced to <2° with the Sandwich scheme. The short TR SatTFL scheme shows
especially large T1-dependent bias. There is good agreement between the Sandwich
and reference methods. However, the limits of agreement vary with α and the
Sandwich scheme average measured α deviates >5° above a nominal α of 115°.

Figure 4.19: Simulation results for various T1 values (0.5 s to 3 s) (top row) and
Bland-Altman plots for each scheme for in vivo 2D brain data (bottom row).

Simulation shows the insensitivity of the Sandwich scheme to variation in T1. The
Bland-Altman plots show data aggregated from 5 volunteers for 4 B+

1 maps at
reference voltages of 30 V, 60 V, 90 V and 120 V for greater dynamic range. The

120 V datasets are removed from the Bland-Altman analysis due to oversaturation
beyond the linear region but remain in the figure to show the response. Dotted lines
in Bland-Altman plots represent ±1.96 standard deviations from the mean. RPC;

reproducibility coefficient, CV; coefficient of variation.

A correlation plot for one subject can be seen in Figure 4.20 combined with simula-
tion.
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Figure 4.20: Correlation plots for 2D in vivo brain data for a) SatTFL, b) short
TR segmented SatTFL and c) the Sandwich scheme plotted against the measured
flip angle from the segmented SatTFL method acting as reference. The data in each
plot are aggregated from 4 flip angle maps at varying reference voltages (30 V, 60 V,
90 V and 120 V) for greater dynamic range, each point representing the flip angle
measured in a single voxel from the ROI (shown in top left). The shaded region
corresponds to the deviation due to T1 values in the range 0.5 s to 3 s for a fixed

noise level.

Figure 4.21 shows 2D FA maps of an axial slice of the brain from a single volunteer
for each sequence at a reference voltage of 60 V. The first and second rows show
the magnitude of the S0 and S1 images. As expected, the SNR associated with
the Sandwich method (Figure 4.21c) has approximately halved, in both S0 and
S1 compared to SatTFL. All maps show qualitatively similar results and large
B+

1 inhomogeneity, with the expected brightening around the region of the lateral
ventricles due to imaging in CP+ mode. Structural contrast is only visible in the B+

1

maps of short TR SatTFL. The difference between the reference map and the maps
acquired with the other schemes is shown in the fourth row along with the RMSE.

2D pTx maps are shown in Figure 4.22 for each method. As expected, short
TR SatTFL displays severe overestimation with an average RMSE to conventional
SatTFL of 15°. The Sandwich displays similar B+

1 transmit maps to SatTFL with
an average RMSE of less than 3° and acquired in 8 seconds.

The difference between an acquired CP+ mode map to a pTx combined map
is shown in Figure 4.23. The Sandwich scheme appears to underestimate the FA
towards the centre of the brain, when compared to the acquired CP+ map, whereas
SatTFL overestimates. There is good agreement between the acquired and combined
CP+ maps. The RMSE is 5.1° for SatTFL and 4.0° for the Sandwich scheme.

The 3D FA maps acquired for 18 partitions in the brain of a volunteer are
shown in Figure 4.24.
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Figure 4.21: In vivo brain B+
1 maps of one volunteer at a reference voltage of 60 V

for various 2D sequences. a) SatTFL b) segmented short TR (2 s) SatTFL c)
segmented Sandwich scheme with TR = 1 s, α : β = 10:1. The first two rows show
the magnitude of the images (S0 and S1) used to calculate the corresponding flip
angle maps in the third row. The difference between each of the maps at 60 V and a
mean reference map (calculated from two reference voltages for the reference scheme
and scaled by the voltage) are shown in the fourth row, along with the RMSE. Flip
angle profiles for horizontal and vertical profiles through the centre of the brain are
also shown. Note the reduced time to acquire c) was 6 s compared to 20 s for a) and

8 s for b).
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Figure 4.22: Single-channel 2D in vivo B+
1 maps for an axial slice through the

brain of a single volunteer for an 8Tx-32Rx head coil. Top row shows individual
maps for the SatTFL scheme with a TD = 10 s for a total acquisition time of 90 s
(one reference [β in CP+ mode] and 8 prepared images [β in CP+ mode and α on 1
channel at a time] [197]). The second row shows individual channel maps for short
TR SatTFL with a TD of 1 s, for a total acquisition time of 9 s. The third row shows

the Sandwich scheme (non-segmented, N ′ = 36) with a TR = 1 s for a total
acquisition time of 8 s [α and β one channel at a time]. The RMSE between each
channel map and the SatTFL scheme are shown in the bottom right-hand corner.

Acquisition time does not include additional 2 s for relative maps.

Figure 4.23: Comparison between acquired CP+ mode flip angle map and an eight
channel pTx map in the brain.
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Figure 4.24: Axial, sagittal and coronal slices through 3D B+
1 maps for the brain

of a volunteer acquired using each method along with a T1-weighted MPRAGE. 3D
data acquired in 20 s (including two dummy TRs) for the Sandwich scheme, 36 s for

short TR SatTFL and 360 s for SatTFL. B+
1 maps resampled with a linear

interpolation using FSL [208] to match the MPRAGE resolution. The RMSE
between map and the SatTFL scheme are shown in the bottom right-hand corner.
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Figure 4.25 shows 3D B+
1 maps acquired in the heart for the Sandwich scheme with

a 2D SatTFL slice along the horizontal long axis of the heart. The high-resolution
CINE demonstrates the inhomogeneous image contrast across the heart at 7 T.

Figure 4.25: B+
1 maps in the heart of a volunteer acquired using the 3D Sandwich

sequence in CP+ mode. 3D data acquired in 26 heartbeats (including 2 dummy
TRs) for the Sandwich scheme compared to 20 heartbeats for a single conventional
2D SatTFL B+

1 map. A frame from a 2D GRE CINE is shown with the region of
interest in green and the red line showing the short axis (SA) slice through the heart.

The 3D Sandwich dataset has been orientated and resampled to match the
horizontal long axis (HLA) view of the 2D SatTFL. All images acquired during

breath-hold and gated.
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4.5 Discussion

Simulations in Figure 4.6 show that removing the delay between S0 and S1 provides
a considerable decrease in TA without substantial loss in the performance for short
image trains. Noise is the dominant cause of error at low α, and data acquired in the
high FA region using SatTFL shows the most sensitivity to T1. This is demonstrated
by the increase in spread of measured FAs. This bias due to T1 in the SatTFL
sequence cannot be corrected for unless the local T1 is known. Figure 4.6b conveys
why shortening of the SatTFL TR period is unwise since it introduces significant
T1-dependent bias. The Sandwich scheme, as expected from simulations, shows a
reduced T1 sensitivity. The Sandwich scheme also performs similarly well to SatTFL
in the range 40-120°. On the other hand, compared to SatTFL, the dynamic range
is slightly reduced in the Sandwich scheme, and two dummy TRs must be employed
to ensure consistent magnetisation between partitions. The maximum measurable
α shifts from 180° for SatTFL to approximately 160° for the Sandwich scheme.
However, SatTFL is rather inaccurate when measuring at this extreme due to T1.

The simple arccosine model holds when both the imaging excitation FA is small
and the readout train short, i.e. if one is increased the other should be reduced,
this is demonstrated in Figure 4.8. Since the 3D acquisition used a longer readout
train, the α : β ratio was increased to 20. This maintained a low T1 bias and the
dynamic range at the expense of a lower SNR. The SNR loss due to this higher
ratio is however compensated by the nature of the 3D acquisition. In both 2D and
3D cases, the Sandwich scheme departs from the arccosine relationship (Eq. 3.7)
at large α, this can be mitigated by replacement with a LUT.

The discussed novel method has been proven to obtain in vivo maps which
perform similarly to the SatTFL method with a significant decrease in TA and
less sensitivity to T1, as shown in Figure 4.19. The segmented short TR SatTFL
method in Figure 4.21 does not show the same SNR loss as the Sandwich scheme
since the segmented S0 is fully acquired before the segmented S1, however the B+

1

measurements are invalid. Cerebrospinal fluid in the ventricles appears dark in
S0 of the Sandwich scheme due to the long T1, unlike SatTFL where it appears
bright. As seen in Figure 4.21, for a further reduced scan time than short TR
SatTFL, the Sandwich scheme has only 0.5° higher RMSE than SatTFL, largely
due to chemical shift effects and remains accurate within the brain.
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A benefit of the paired acquisition of a reference and prepared image provides

insensitivity to magnetisation history which also enables rapid multi-transmit

mapping. 2D single-transmit maps were acquired for each scheme, as shown in

Figure 4.22. The Sandwich method provided a substantial reduction in TA whilst

maintaining a small RMSE to SatTFL. The pTx combined map in Figure 4.23

shows that the Sandwich scheme tended to underestimate at the centre of the brain

whereas SatTFL tended to overestimate, which was also seen in Figure 4.17 for

the water phantom. However, the SatTFL pTx acquired map in Figure 4.23 shows

much larger overestimation than seen in phantom and shows structural artefacts

likely due to sensitivity to T1, not seen for the Sandwich scheme. Improvements in

the multi-transmit maps could be achieved using a linear combination of transmit

sensitivities such as Fourier encoding [200, 201].

The 3D Sandwich scheme performs similarly well with low RMSE to SatTFL

(Figure 4.24), allowing a 3D B+
1 map to be acquired in approximately the same

time as a single TR of SatTFL (26 s vs 20 s). In Figure 4.25, both SatTFL and the

Sandwich scheme show similar B+
1 map profiles in the heart. Recent work has applied

3D FLASH readouts to SatTFL [172, 210] to enable single-shot acquisitions of an

entire brain volume. Although this works well in the brain, this is not suitable for the

heart as the readout is much longer than diastole and T1 effects become a concern.

Aside from the two additional dummy TR periods, the Sandwich method does

not necessarily change the energy deposited compared to the conventional SatTFL

method (Table 4.1). Hence, due to the much shorter duration the Sandwich method

shows a large increase in SAR, which is directly proportional to the reduction in TA.

In particular, the use of two dummy TR periods and reduction in scan time accounts

for approximately a factor of 22-fold increase in SAR over conventional SatTFL.
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SatTFL
(2D)

SatTFL
(3D)

SatTFL
(3D)

Sandwich
(3D)

Sandwich
(3D) DREAM

α type/
FA/tdur/
Vpeak

Rect./
90°/

0.5 ms/
60 V

Sinc/
90°/
5 ms/
180 V

HS8/ 90°/
5 ms/
37 V

Sinc/
90°/
5 ms/
180 V

HS8/ 90°/
5 ms/
37 V

Sinc/
40°/

0.7 ms/
80 V

β type/ FA/
tdur/ Vpeak

Rect./ 4°/
0.1 ms/
14 V

Rect./ 4°/
0.1 ms/
14 V

Rect./ 4°/
0.1 ms/
14 V

Rect./ 4°/
0.1 ms/
14 V

Rect./ 4°/
0.1 ms/
14 V

Sinc/
15°/

0.7 ms/
30 V

TR 20 s 20 s 20 s 1 s 1 s 1 s

Acquisition
Time 480 s 480 s 480 s

26 s (incl.
2 dummy
TRs)

26 s (incl.
2 dummy
TRs)

24 s

Average 10 s
Power (Per
Channel)

0.001 W
(S0) or
0.005 W
(S1)

0.001 W
(S0) or
0.012 W
(S1)

0.001 W
(S0) or
0.012 W
(S1)

0.135 W 0.137 W 0.141 W

Total Energy
(Per Channel) 1.54 J 3.25 J 3.28 J 3.52 J 3.56 J 3.39 J

Table 4.1: Comparison of 10 s energy and total energy for SatTFL, the Sandwich
scheme and DREAM using a reference voltage of 60 V and a matrix size of

50× 36× 24. Power limits for the Nova head coil (8Tx/32Rx) were 12 W short-term
(10 s average) and 24 W long-term (6 minute average). Sinc and HS8 preparation
pulses have matched bandwidths of ±3 kHz. Sinc preparation pulses are likely to be

hardware restricted by peak forward voltage.

Table 4.1 also shows that compared to a matched acquisition DREAM sequence,
there is a similar average power deposition for the 3D Sandwich scheme. Using
a non-selective broad-band full-passage HS8 pulse as the preparation pulse does
contribute significant additional energy over the standard rectangular pulse although
it is still <10% of power limits. The HS8 has equivalent RF energy but with only
20% of peak B+

1 for an equivalent bandwidth and FA sinc pulse, reducing the
effect of hardware constraints on deliverable peak B+

1 . Additionally, the HS8 is
robust to large B0 inhomogeneities over a bandwidth ±1.5 kHz (Figure 4.2), whilst
maintaining a monotonic relationship to B+

1 . In my experience, the HS8 bandwidth
covers the range of B0 expected in both the head and the heart. The HS8 pulse,
however, is non-linear for higher FAs and a LUT correction should be used to
account for this. The non-linearity of the HS8 at high FAs, with the use of a LUT,
potentially facilitates an increase in the measurable B+

1 up to 200°.

An adaptation to the commonly used SatTFL B+
1 mapping sequence has been

introduced and the performance of the method in simulations and in experiments,
both in phantom and in vivo, has been demonstrated. The intention here has been
to show the ability to produce absolute volumetric FA maps for the purpose of body
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imaging, with validation in the brain and heart. The adaptations retain the relatively
low SAR, are less T1 dependent, require no special saturation pulses and are more
robust to motion, i.e. able to obtain S0 and S1 within the same cardiac cycle.

Sandwiching the images overcomes the issues associated with a short TR SatTFL
sequence by minimising T1 relaxation between S0 and S1. The Sandwich method
achieves similar measurement times as DREAM but without the flow artefacts
(i.e. apparent depleted B+

1 in blood chambers) and may be of potential interest
for cardiac imaging, as well as having applications elsewhere. Going forward, it
could be possible to include additional echoes within the TurboFLASH train which
would allow for simultaneous B+

1 and B0 field mapping. Further work could also
combine this Sandwich B+

1 mapping sequence with acceleration methods such as
TxLR [69]. TxLR in combination with a B1TIAMO [107] style acquisition could
allow acceleration of multi-channel mapping by up to a factor of eight [6], and may
allow single-shot volumetric multi-channel mapping of the pTx array in a single
breath-hold for cardiac gated applications. This is precisely the topic of Chapter 7.

4.6 Summary
The Sandwich sequence enables fast acquisitions with reduced T1 bias and facilitates
3D B+

1 measurements of the whole thorax or brain in 26 s or less.
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5.1 Introduction
Many B+

1 mapping methods have been developed thus far, but no single method
has become the "gold-standard", with many UHF sites opting for their own
implementations. Previous works have used Monte Carlo simulations to evaluate
sequences [135, 211–213] but these simulations are not open-source, do not consider
off-resonance and spin-history effects and do not include newer techniques. Hence,
in this chapter I attempt to gain better insight into the trade-offs of some popular
methods. This chapter is split into two sections. The first section describes an
open-source EPG, Bloch and Monte Carlo simulation framework which allows for an
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easy comparison between methods under various conditions such as B0, T1 and flow.
The second section describes an experiment comparing three popular FLASH-based
methods of B+

1 mapping, namely SatTFL, SA2RAGE and Sandwich.

5.2 A Simulation Framework for B+
1 Mapping

Sequence Comparison
5.2.1 Methods
The simulation framework was based on the EPG simulations performed for Chapter
4 with the inclusion of flow and diffusion as well as additional sequences. Using
EPG, Bloch and Monte Carlo methods simulations for 2D multi-slice and 3D B+

1

mapping sequences were simulated in MATLAB (R2021a, MathWorks, Natick,
Massachusetts, United States). The five sequences chosen for comparison were:
(a) 2D Multislice SatTFL
(b) 3D Sandwich
(c) 3D SA2RAGE
(d) 3D AFI
(e) single-shot 3DREAM

The sequences were simulated as closely as possible to match the literature using
protocols as shown in Table 5.1 including RF spoiling and slice profile effects using
a slice select gradient amplitude of 5 mT m−1 and a 10 mm slice thickness. A large
DR of B+

1 was simulated from 0 to 3 times the nominal FA. B0 off-resonances
from 0 kHz to 1 kHz were simulated along with T1 times of 0.5 s to 3 s. The T2

for all simulations was kept fixed at 25 ms. The sensitivity of each method to
flow and diffusion was evaluated by simulating a range of coherent flows with a
velocity in the range of 0 m s−1 to 0.2 m s−1 and an isotropic free water diffusion
coefficient of 3× 10−9 m2 s−1.

The effect of blood flow was simulated by assuming coherent motion. The
effect of coherent flow on the configuration state matrix is given by the flow
operator, F, for a particular velocity, v, with angle, γ, between the flow and gradient
direction of duration, τ , is given by

diag(F) = exp
(
−i
[
n+ ∆n

2 , n+ ∆n
2 , n

]
vτ cos(γ)

)
, (5.1)

where n is the wave vector magnitude and ∆n is the change in n due to an applied
gradient. Note that for the Z-state ∆n = 0 because there is no additional dephasing
of this state during a gradient.
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Sequence TE
(ms)

TR
(ms)

TRtot
(ms)

Nominal
Imaging

Excitation

Nominal
Saturation Other

Acq.
Time

(s)

MS SatTFL 1.78a 4.2a 10000b 5° 2 ms
TBP 4

wind. Sinc

90° 5 ms TBP
9 Sinc

Vpeak=54 V

Odd then even
slice order 20

Sandwich 1.78a 4.2a 1000 5° 0.1 ms
Rect

90° 5 ms TBP
15 HS4

Vpeak=32 V
2 Dummy TRtot

LUTc
34

SA2RAGE 1.13a 2.8a 2400 4°/11° 0.1 ms
Rect

90° 0.5 ms
Rect

Vpeak=60 V

TD1=50ms
TD2=1800ms

4 Dummy TRtot
LUTc

87

AFI 5 20/100 120 60° 0.5 ms
Rect

Vpeak=60 V

N/A 20 Dummy
TRtot

126

3DREAM 1.2/1.9d 3.2 3.2 6° 0.2 ms
Rect

60° 0.4 ms
Rect

Vpeak=50 V

N/A 4

Table 5.1: Table of parameters used for each sequence simulation. All sequences
simulated for NPE1×NPE2 = 32×32. aTurboFLASH TE/TR. bMinimum TR

between reference/prepared. cLookup table (LUT) generated using a nominal T1 of
1.5 s. dSTE/FID. TBP; Time-bandwidth product. TD; Delay time.

The diffusion of blood within the chambers of the heart may lead to erroneous
measurements of B+

1 . In order to explore the effects of flow diffusion these were
included in the EPG simulations using an isotropic diffusion coefficient, D. Similarly
to as above for flow, isotropic diffusion was implemented into the simulation
framework using the isotropic diffusion operator, D, which acts on the configuration
state matrix and is defined, following Weigel et al. [47], as

diag(D) = exp
−

(n+ ∆n
2

)2

+ ∆n2

12 ,

(
n+ ∆n

2

)2

+ ∆n2

12 , n2

 τD
 . (5.2)

The relative effects of noise across the different schemes were evaluated using a
Monte Carlo method with 1000 repetitions, with a fixed level (peak SNR 60 dB) of
zero-mean complex Gaussian noise added independently to each image. The FA
was calculated as reported in the literature and all methods in this section consider
the phase to extend the DR. The Sandwich and SA2RAGE sequences FAs were
calculated using a LUT with a global T1 assumed to be 1.5 s.

Since the methods use different nominal FAs, results were normalised by their
DR for plotting and evaluation. The DR of 1 was defined as the lowest B+

1

measured, on resonance, where the difference in the mean FA and 1.96 standard
deviations (95% of observations) across all T1 values was less than 10% of the
simulated value. Simulation and figure generating code can be found at: https:
//github.com/jameslewiskent/B1-mapping-simulations.

https://github.com/jameslewiskent/B1-mapping-simulations
https://github.com/jameslewiskent/B1-mapping-simulations
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5.2.2 Results
Figure 5.1 shows the FWHM of the PSF for each of the five sequences simu-
lated. All methods show intervoxel blurring is low in the first image (S0) whilst
intervoxel blurring is higher in the second image (S1) particularly for SA2RAGE
and Sandwich above the nominal preparation FA. The PSF peaks where the
signal crosses a null point.

Figure 5.1: The full width at half maximum of the point spread function for both
reference (S0) and prepared (S1) images of each B+

1 mapping sequence.

Figure 5.2 shows the response of the measured B+
1 to different T1 values. All

methods using long readout trains (a, b, c) suffer from large T1 dependence, which
can be reduced by shortening the readout train (decreasing the TurboFactor),
minimising the image train TR or using variable FAs. Sandwich and SA2RAGE
are most affected by noise as demonstrated by the larger shaded regions (±1.96SD).
AFI shows the least T1 dependence and only a slight underestimation (2.5° under-
estimation at 50°) of the measured FA which varies with the applied B+

1 which
could be corrected with a LUT. 3DREAM also displays a systematic error with
an increasing underestimation of B+

1 .

Table 5.2 displays the calculated DR of the five methods. SatTFL, Sandwich and
SA2RAGE show similar DRs of between 5 to 6. AFI displays by far the largest
DR of around 11 and able to map the lowest FAs. 3DREAM has the lowest DR of
4.3. However, since the DR can be improved by additionally acquiring maps with
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Figure 5.2: The effect of T1 values in the range of 0.5 s to 3 s on the measured B+
1

for the five sequences simulated. Results are plotted in units of dynamic range (DR)
and the linear component is removed. The applied DR is defined as the nominally
applied flip angle divided by the lower bound flip angle of the DR (i.e. DR = 1).

Shaded regions show ±1.96 standard deviations.

multiple voltages or Tx modes, another metric to evaluate the methods is the DR
efficiency (DR/Acquisition Time). A method with low DR but high DR efficiency
can be repeated to artificially increase the DR. Hence, a higher DR efficiency is
desirable. Out of the methods simulated, 3DREAM has by far the highest DR
efficiency and SA2RAGE the lowest. Although, it is likely that an additional delay
would be required for 3DREAM of a few seconds between shots. A 4 s delay between
3DREAM shots would decrease the DR efficiency to 0.54 s−1, which is still the
highest DR efficiency of any of the methods investigated here.
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Sequence Dynamic Range
Bounds

Dynamic Range
[a.u.]

Dynamic Range
Efficiency [s−1]

MS SatTFL 27.0° - 174.6° 6.47 0.32
Sandwich 28.8° - 143.1° 4.97 0.15
SA2RAGE 29.7° - 162.0° 5.45 0.06

AFI 16.2° - 180.0° 11.10 0.09
3DREAM 19.8° - 85.2° 4.30 1.08

Table 5.2: Dynamic range of the simulated methods. The dynamic range was
defined as the B+

1 measured, on resonance, where the difference in the mean flip
angle and 1.96 standard deviations across all T1 values was less than 10% of the

simulated value. DR efficiency = DR/Acquisition Time.

Figure 5.3 shows the response of the measured FA to B0 off-resonances of 0 Hz,
100 Hz, 500 Hz, and 1 kHz. All methods show good B0 insensitivity up until 100 Hz.
Although, Sandwich sequence is the only sequence with robustness up to ±1 kHz,
thus requiring no additional B0 correction. Whereas all other methods above
100 Hz display substantial systematic errors due to B0 which require correction
from a B0 map.

Figure 5.3: The effect of B0 values in the range 0 kHz to 1 kHz on the measured
B+

1 for the five sequences simulated for T1 = 1.5 s. Results are plotted in units of
dynamic range (DR) and the linear component is removed. The applied DR is

defined as the nominally applied flip angle divided by the lower bound flip angle of
the DR (i.e. DR = 1).
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Figure 5.4 shows the effect of flow on each of the methods. 3DREAM and AFI
display the most significant sensitivity to flow. 3DREAM has complete dropout for
even the lowest flow rate simulated as expected due to the use of a stimulated echo.
Whereas AFI has a complicated relationship to flow but still maintains reasonably
accurate measurement of B+

1 with a small flow-related bias. SA2RAGE is also
somewhat impacted by flow and SatTFL and Sandwich display no such impact.

Figure 5.4: The effect of coherent flow in the range 0 m s−1 to 0.2 m s−1 on the
measured B+

1 , on resonance, for the five sequences simulated for T1 = 1.5 s. Results
are plotted in units of dynamic range (DR) and the linear component is removed.
The applied DR is defined as the nominally applied flip angle divided by the lower

bound flip angle of the DR (i.e. DR = 1).

The impact of diffusion of the five sequences are shown in Figure 5.5. Although
diffusion is not expected to play a significant role in the accuracy of B+

1 maps,
particularly for the resolutions acquired here, diffusion could complicate B+

1 in the
blood pools of the heart. Therefore, the less sensitive a method is to diffusion
the better. These results show all methods suffer little bias due to isotropic
free water diffusion.
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Figure 5.5: The effect of isotropic free water diffusion with apparent diffusion
coefficient of 3× 10−9 m2 s−1 on the measured B+

1 , on resonance, for the five
sequences simulated for T1 = 1.5 s. Results are plotted in units of dynamic range
(DR) and the linear component is removed. The applied DR is defined as the

nominally applied flip angle divided by the lower bound flip angle of the DR (i.e.
DR = 1).

Table 5.3 shows the average 10 s and total energy of the five sequences. 3DREAM
has the lowest acquisition time and total energy of any of the methods tested
here. Conversely, AFI has the longest acquisition time and highest total energy.
Aside from the energy, Sandwich has the lowest peak voltage which is beneficial
when mapping regions of low B+

1 .

Sequence Average 10 s Power
(Watts per channel)

Total Energy
(Joules per channel)

Peak Voltage
(Volts)

MS SatTFL 0.61 1.20 54
Sandwich 1.10 3.73 32
SA2RAGE 0.56 4.80 60

AFI 2.67 33.41 60
3DREAM 1.43 0.45 50

Table 5.3: Average 10 s power, total energy and peak voltage for the five simulated
sequences.



5. Comparison of B1+ Mapping Methods 112

5.2.3 Discussion

The choice of a single B+
1 mapping technique, as originally implemented, seems to

be impossible. However, the simulation framework provides better understanding
of the trade-offs between the different B+

1 mapping sequences and the impact of
various factors on their accuracy to help to inform better pulse sequence design
and parameter optimisation.

During this work I found that using TurboFactors significantly larger than 32 will
result in severe T1 bias and are to be avoided for SatTFL, Sandwich and SA2RAGE.
These simulations used literature parameters, however, if Sandwich were to use
the same TE/TRFLASH as SA2RAGE this would further reduce the T1 sensitivity
and hence increases the DR of the Sandwich to 5.4 (27.9° - 151.2°) which is on
par with SA2RAGE but 40% of the acquisition time.

In my experience, the majority of B0 off-resonances in the cerebrum are expected
to be below 100 Hz where all compared sequences work well in this range. However,
off-resonances can be as much as 1.2 kHz when including the brain stem and neck
[214]. Across the heart, off-resonances can be on the order of a few hundred
Hz and B+

1 mapping must be robust to these off-resonances [206]. The large B0

inhomogeneities found in the body may make AFI unsuitable for B+
1 mapping in

the body. Therefore, the Sandwich sequence appears to be the best candidate
for gated volumetric cardiac B+

1 mapping due to its insensitivity to B0, flow as
well as its ability to have a non-fixed variable TRtot time. The impact of heart
rate variability on sequences was not explored here. SA2RAGE could also benefit
from using an HS8 pulse for better B0 insensitivity. A potential additional benefit
of B0 robust B+

1 mapping sequences is that the acquisition of B+
1 maps could be

performed before B0 mapping which may also help improve B0 shimming [206].
However, this has not been investigated here.

If desired, additional sequences could be easily added to this open-source sim-
ulation framework and other effects, such as magnetisation transfer, could be
investigated. The effects of magnetisation transfer could be implemented into
the simulation framework by following Malik et al. and simulating multiple
compartments [215], similar to how I investigated ejection fraction effects on the
Sandwich sequence in Section 4.3.1.1. I expect magnetisation transfer to have a
negligible effect on the Sandwich and 3DREAM schemes due to the negligible time
between the reference and prepared images as well as the phase encoding scheme that
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was employed. Whereas, magnetisation transfer is likely to be more of a problem for
SatTFL, AFI and SA2RAGE where there is more time for free water and protons
bound to macromolecules to exchange magnetisation. I am unable to find any
quantification of how much of an impact this has on any B+

1 mapping scheme in
the literature but given the resolution of the B+

1 maps I expect this to be low.

5.3 FLASH-based B+
1 Mapping Comparison

FLASH-based absolute B+
1 mapping is suitable for UHF and is flow-insensitive and

robust to motion. 2D B+
1 sequences, e.g. SatTFL, are often used in the cerebrum

due to their fast acquisition times. However, the compromise is anisotropic voxels,
slice profile effects, and smaller coverage, and it may not be feasible in other body
regions such as the heart. Additionally, the use of slice-selective saturation pulses
can be SAR-limiting due to their high peak voltage. A 3D B+

1 mapping sequence
is desirable, but a 3D sequential SatTFL acquisition is too slow. In this section, I
assessed three FLASH-based B+

1 mapping methods in a head phantom at 7 T.

5.3.1 Methods

B+
1 maps were acquired using 2D SatTFL, 3D Sandwich and 3D SA2RAGE

using parameters closely matching those from the literature. 3D Sandwich and
3D SA2RAGE sequences were implemented by making minor pulse sequence
modifications to a FLASH product sequence in the C++ XA60 IDEA environment
on a Windows 10 Professional machine.

5.3.1.1 Parallel Transmit MRI System

A 7 Tesla MRI (Magnetom Terra.X, Siemens Healthineers, Erlangen, Germany)
equipped with pTx was used for phantom imaging. The imaged phantom was
an ‘Ella’ head phantom with realistic dielectric properties (61% distilled water,
36% polyvinylpyrrolidone, 0.7% NaCl, 1.5% Agarose). It is worth noting that this
phantom contains obvious cracking defects which can be seen in the localiser as
well as signal voids where glass rods had previously been used to insert temperature
probes. All phantom images were acquired using the same 8-channel Tx, 32-
channel Rx head coil (Nova Medical, Wilmington MA, USA) in CP+ mode at
magnet isocentre.
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5.3.1.2 Sequence Implementation

A 2D SatTFL protocol was chosen to closely match that of a default product
protocol. Appropriate Sandwich and SA2RAGE parameters were chosen from the
literature [2, 168]. All sequences acquired a fully sampled 24×32×32 scan matrix
(including asymmetric echo) for a large 256× 256× 256 mm3 FOV covering the
entire head phantom. All sequences were linearly encoded with a bandwidth of
500 Hz px−1, a TurboFactor of 32 and were RF spoiled. Sequence-specific parameters
and acquisition times are summarised in Table 5.4. On the scanner, shorter FLASH
TE/TR times of 0.9 ms/2.7 ms than used previously for Sandwich (1.8 ms/4.2 ms)
were obtainable which are expected to improve the DR by reducing T1 sensitivity.
B+

1 maps were acquired at 9 reference voltages (channel-combined) between 50 V
and 450 V in 50 V increments and combined to produce a common "ground truth"
across the entire FOV following the work of de Buck et al. [214].

5.3.1.3 Image Reconstruction

Image reconstruction was performed offline in MATLAB (R2021a, MathWorks,
Natick, Massachusetts, United States) and coil sensitivities were estimated using
ESPIRiT [51]. Images were masked based on the reference image intensity. As in
the literature, B+

1 maps were calculated using an arccosine function for SatTFL (Eq.
3.7), and using a LUT for Sandwich and SA2RAGE which were generated from
EPG and Bloch simulations with an assumed T1 of 1.5 seconds, shown in Figure 5.6.

Maps were additionally masked based on two simple criteria; firstly, that there
is a minimum amount of signal in the reference images and secondly, that the
measured FA should be increasing with voltage, otherwise the voxel was excluded
from the ‘ground truth’. This means that data acquired where the RF pulse was
clipped, due to exceeding the maximum peak B+

1 achievable, did not contribute to
the ‘ground truth’ estimation. Reconstruction code and data are openly available
at: https://github.com/jameslewiskent/FLASH-B1-Mapping.

https://github.com/jameslewiskent/FLASH-B1-Mapping
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Figure 5.6: Lookup tables generated from simulations which were used to calculate
the B+

1 maps from the prepared/reference image ratio.

Sequence
FLASH
TE/TR

(ms)

TRtot
(s)

Nominal
Imaging

Excitation

Nominal
Saturation Other

Scan
Time

(s)

2D SatTFL 1.38/3.4 10a 5° 0.4 ms Sinc 90° TBP 6
1.4 ms Sinc

1000 Dummy RF Pulses
Interleaved Slice Order
6.5 mm Slice Thickness
1.5 mm Slice Distance

21

3D
Sandwich 0.87/2.72 1 4° 0.1 ms

Rect
90° 0.5 ms
Rectb

2 Dummy TRtot’s
LUTc

34

3D
SA2RAGE 0.87/2.74 2.4 4°/11° 0.1 ms

Rect
90° 0.5 ms

Rect
TD1=53 ms
TD2=1800 ms

4 Dummy TRtot’s
LUTc

86

Table 5.4: Sequence protocol parameters used to acquire the B+
1 maps. aMinimum

TR between reference and prepared images. bConventionally, Sandwich uses a HS8
however this was not used here for a fairer comparison to SA2RAGE which could
also benefit from this saturation pulse.cLookup table generated from extended phase

graph and Bloch simulations using a nominal T1 of 1.5 s.

5.3.2 Results

The "ground truth" maps are shown in Figure 5.7 along with the localiser which
clearly demonstrates the B+

1 shading artefact. Figure 5.7a) to c) had a mean
FA per volt across the entire head of 0.25± 0.02 °/V for SatTFL, 0.26± 0.03 °/V
for SA2RAGE and 0.26± 0.01 °/V for Sandwich. Streaking artefacts are most
noticeable in the transverse view of the SatTFL "ground truth" maps. SatTFL had
the greatest signal magnitude due to the long (10 s) recovery time between the two
images. SA2RAGE had an average reference image magnitude of 2.3× Sandwich,
whereas Sandwich had an average prepared image magnitude of 1.1× SA2RAGE.
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Figure 5.7: "Ground Truth" B+
1 maps calculated from a combination across

multiple transmission voltages shown along three orthogonal planes in a human head
phantom for each of the three FLASH sequences. Note the phantom contains some

cracking defects and signal voids which are visible in the localisers.

Figure 5.8 shows correlation and Bland-Altman plots for each sequence. SA2RAGE
and Sandwich show good agreement with similar DRs of 20°-140°, whereas SatTFL
shows a reduced DR of 20°-100°. Reference voltages for SatTFL above 275 V lead
to clipping of the saturation RF pulse, as the high pulse voltages cannot be supplied
by the RFPA, hence voxels from measurements above this were not included in
the ‘ground truth’ calculation. Both SatTFL and Sandwich tend to underestimate
high FAs, whereas SA2RAGE overestimates.

Figure 5.9 shows a single measurement at 200 V. The departure from a linear
relationship occurs for SA2RAGE around 120° and leads to an increasing over-
estimation of B+

1 . SatTFL had slightly fewer voxels remaining after automated
masking. The standard deviation from the "ground truth" was 1.9°, 1.7° and 1.3°
for SatTFL, SA2RAGE and Sandwich, respectively.
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Figure 5.8: Correlation and Bland-Altman plots for each method showing
voxel-wise flip angle measurements from across the entire field of view for

transmission voltages of 50 V to 450 V plotted in different colours. Clipping of the
RF saturation pulse above 275 V in a) leads to erroneous B+

1 measurements which
were not included in ground truth estimation.
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Figure 5.9: Correlation and Bland-Altman plots for each method showing
voxel-wise flip angle measurements from across the entire field of view for a single
transmission voltage of 200 V. The dotted lines in Bland–Altman plots represent
±1.96 standard deviations from the mean (dashed lined). n; number of voxels in

analysis, RPC; reproducibility coefficient, CV; coefficient of variation.
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5.3.3 Discussion

SatTFL displays significant disadvantages, in particular poor accuracy in regions
of low B+

1 necessitating higher voltages which may not be achievable due to RF
clipping. This is likely a problem for body imaging. Using a LUT for SatTFL
instead of the arccosine function did not improve the SatTFL results. Sandwich
and SA2RAGE both enable higher reference voltages to reach areas of low B+

1 by
using non-selective RF pulses. Typically, the Sandwich sequence makes use of a
non-adiabatic HS8 pulse as the saturation, giving better B0 insensitivity than a
rectangular pulse. However, since SA2RAGE could also benefit from this saturation
pulse and it was not available to SA2RAGE at the time of data acquisition, I have
not used this to allow for a fairer comparison.

Recently, a SA2RAGE acquisition accelerated with compressed sensing achieved
up to 15-fold undersampling with <5% relative error in B+

1 [168]. Hence going
forward, it would be interesting to investigate how Sandwich and SA2RAGE compare
when accelerated, given the slight differences in SNR of the two methods. It is likely
that given the higher SNR of SA2RAGE that higher acceleration factors would be
achievable. However, since the acquisition time for Sandwich in these experiments
was 40% of that for SA2RAGE, to achieve a similar acquisition time, SA2RAGE
would need an acceleration 2.5 times greater than that of Sandwich. Additionally,
when acquiring low resolution B+

1 maps the push to higher acceleration factors
brings diminishing returns in terms of acquisition times. An accelerated version
of the Sandwich sequence is explored in Chapter 7.

In conclusion, both SA2RAGE and Sandwich enable non-selective RF pulses with
lower transmit power demand maintaining accuracy for low B+

1 regions.

5.4 Summary
The simulation framework has proven a useful tool to compare B+

1 mapping methods
under various scenarios and allow for easy sequence optimisation. The Sandwich
sequence appears to outperform other FLASH-based techniques, both in simulation
and in phantom, in terms of acquisition time, robustness to B0 off-resonances
and the peak B+

1 achievable.
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6.1 Introduction

Conventionally, relative maps are acquired channel-wise (CW) sequentially. This
means that one channel is fully imaged (i.e. channel-wise) before moving to the
next neighbouring coil (i.e. sequentially). "Sequentially" describes the acquisition

120
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order (AO) in which Tx channels are mapped. Acquiring relative maps CW
sequentially works well enough for phase-only shimming as the phase of a GRE
image is independent of T1, TE, TR and FA so GRE images can be acquired at
the Ernst angle. However, in order to maintain accuracy for magnitude-based
shimming, typically two conditions are usually recommended for relative magnitude
mapping [130]. These are:

1. Small FAs (FA ≤ 10°) so that signal is linearly proportional to FA.
2. TR chosen to reduce T1 relaxation bias.

However, spin history effects from CW sequential acquisitions are also potentially
problematic and may bias relative B+

1 magnitudes. This is because spins within
overlapping regions of Tx sensitivity, as illustrated by Figure 6.1, will have had
their magnetisation altered.

Figure 6.1: Illustration to demonstrate the overlapping sensitivities of transmit
coils when imaging the body. The blue area represents the transmit field from Tx 4
whereas the pink area represents the transmit field from Tx 5. The overlapping

region is marked where spins will have previously been excited when transmission is
moved from Tx 4 to Tx 5.

Typically, for CW mapping a delay is introduced between the mapping different
coils of approximately 4 s to allow for some relaxation before moving to the next
channel. In order to increase the delay between the mapping of neighbouring coils,
instead of mapping coils sequentially in an AO 1→8, the order in which channels
are imaged could be distributed by moving to the coil that maximises the delay
between neighbouring coils i.e. an AO of [1,4,7,2,5,8,3,6]. In this example, this
would result in an additional effective delay between mapping neighbouring channels
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of 2 TRshots, therefore tripling the effective delay time to 12 s. An illustration of
the acquisition of sequential versus distributed relative maps is shown in Figure 6.2.

Figure 6.2: Illustration of the acquisition order for acquiring relative B+
1 maps

sequential (red) versus distributed (blue). Sequential maps have an acquisition order
of [1,2,3,4,5,6,7,8] whereas distributed maps have an acquisition order of

[1,4,7,2,5,8,3,6].

A complimentary method to distributing the AO is a coil-cycled (CC) acquisition.
This is done by only acquiring a single k-space line on a particular Tx channel before
moving to the next channel [107]. Not only does coil-cycling avoid spin history
effects, but it allows for the reduction in the TR as demonstrated by Brunheim
et al. [107] where a 2D CC acquisition of 6 s was shown to give equivalent results
to a 2D channel-wise sequential acquisition that was acquired shot-wise (one Tx
channel per shot) of 32 s for a 32 Tx system. Psuedo code for acquiring relative
maps channel-wise sequential versus CC distributed is shown in Figure 6.3.

Figure 6.3: Pseudo code for acquiring relative B+
1 maps channel-wise sequential

versus coil-cycled distributed. A simple reordering of the acquisition loops is
required. The acquisition order is indicated in the square brackets. PEN ; number of

phase encoding lines.
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The aim of this chapter was to explore how much of an effect coil-cycling and a
distributed AO had on relative magnitude maps and how critical it is to implement.
To do this EPG simulations were performed using a synthetic body model with
realistic Tx field sensitivities as well as a phantom experiment.

6.2 Methods

6.2.1 Numerical Heart Simulations

The EPG simulation framework from Chapter 5 was extended to include multi-Tx
mapping simulations in MATLAB (R2021a, MathWorks, Natick, Massachusetts,
United States) using realistic Tx sensitivities including slice-profile effects.

Both 2D and 3D sequences were simulated for CW and CC single-channel relative
maps, with both a sequential and distributed AO. Sequential maps had an AO of
[1,2,3,4,5,6,7,8]. Whereas distributed maps had an AO of [1,4,7,2,5,8,3,6] to maximise
the duration between neighbouring Tx coil excitations. T2 was fixed at 25 ms. A fixed
level (peak SNR 60 dB) of zero-mean complex Gaussian noise was added to the simu-
lated signal before analysis. The effect of B0 inhomogeneity was not included in these
simulations and on-resonance is assumed. Simulation and figure generating code can
be found at: https://github.com/jameslewiskent/B1-mapping-simulations.

6.2.1.1 Simulated 2D Multi-slice Protocols

The acquisition of multi-slice CW and CC single-channel relative maps, with both
sequential and distributed AOs were simulated using a standard 2D GRE sequence.
The simulated sequences used a nominal FA of 5°, 2 ms sinc pulse (TBP = 4) for
excitation with TE = 1.31 ms, TR = 3.14 ms, RF spoiling and 100 dummy RF pulses
per Tx channel. 32 slices with 32 PE lines were simulated with an even-then-odd
slice acquisition encoding to reduce slice-profile effects from neighbouring slices.
The 2D CW scheme acquired all PE lines for all slices before a delay and then
moving to the next Tx channel in the AO. Therefore, using a TRshot = 10 s gave a
delay between shots of approximately 6.5 s (shot duration is [100 + 32×32]×3.14 ms
= 3.5 s). This lead to a total acquisition time of 80 s for the CW scheme and 28.2 s
for the CC scheme. The acquisition times include the 100 dummy RF pulses per
Tx channel for a total dummy duration of 2.5 s.

https://github.com/jameslewiskent/B1-mapping-simulations
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6.2.1.2 Simulated 3D Protocols

The acquisition of 3D CW and CC single-channel relative maps, with both sequential
and distributed AOs, were simulated using a standard 3D GRE sequence. The
simulated sequences used a nominal FA of 5°, 0.1 ms RECT pulse for excitation
with TE = 1.31 ms, TR = 3.14 ms, RF spoiling and 100 dummy RF pulses per Tx
channel. 32 PE lines were simulated in both PE directions with a linear ascending
encoding. The 3D CW scheme acquired all PE lines before a delay and then moving
to the next Tx channel in the AO. Therefore, using a TRshot = 10 s gave a delay
between shots of approximately 6.5 s (shot duration including dummy RF pulses is
[100 + 32×32]×3.14 ms = 3.5 s). This lead to a total acquisition time of 80 s for
the CW scheme and 28.2 s for the CC scheme. The acquisition times include the
100 dummy RF pulses per Tx channel for a total dummy duration of 2.5 s.

6.2.1.3 Synthetic Heart Data as Simulation Input

The 2D multi-slice and 3D protocols were repeated using the Tx fields from synthetic
body data. The in silico body B+/−

1 fields were simulated in Sim4Life 3.4 (ZMT,
Zurich, Switzerland) using an 8-channel Tx/Rx dipole array [216] centred over
the heart of Duke (Virtual Population, ITIS Foundation, Zurich, Switzerland) at
7 T [69]. The FOV was 278× 356 mm2 (AP/LR) and data was re-sampled onto
a uniform grid of 2× 2 mm2. Synthetic body T1 values were arbitrarily defined
based on tissue type except for heart tissue and blood which were given T1 values
of 1.925 s and 2.29 s, respectively, (see Figure 6.4). For the purpose of plotting,
the magnetisation in 10 voxels around the Duke synthetic body, including two in
Duke’s heart (one in the myocardium, one in the blood pool) were tracked. The
locations of the tracked voxels are also shown in Figure 6.4.

6.2.1.4 Phantom Data as Simulation Input

The 2D multi-slice and 3D protocols in Sections 6.2.1.1 and 6.2.1.2, respectively,
were repeated using the Tx fields from the CC phantom data acquired on the
scanner using a 8Tx/32Rx head coil, as outlined in Section 6.2.5. Simulations
used a fixed T1 of 1.5 s.
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Figure 6.4: Locations of tracked voxels (×) in the synthetic Duke body model and
positions of the transmit elements (Tx 1-8). The arbitrary T1 values used for

simulation are shown.

6.2.1.5 Simulation Experiments

The behaviour of CW sequential versus CC distributed acquisitions were assessed
as 2D and 3D sequences using the synthetic body data and phantom data from
the head coil under various protocol parameters. A range of nominal FAs was
simulated from 1° to 15° in 1° increments, as well as a range of T1 values from 0.4 s
to 4 s in 200 ms increments (replacing the synthetic T1 values) and TRs of 5 ms
to 250 ms in 20 ms increments. The normalised root mean square error (NRMSE)
was evaluated for the central slice of the 2D multi-slice sequence and the central
partition for the 3D sequence. Plots for the Duke dataset show the NRMSE using
both the whole-body and heart only masks.

6.2.2 Parallel Transmit MRI System

A 7 Tesla MRI (Magnetom Plus VE12U_AP01, Siemens Healthineers, Erlangen,
Germany) equipped with pTx was used for phantom imaging. Phantom and brain
images were acquired using the same 8-channel Tx, 32-channel Rx head coil (Nova
Medical, Wilmington MA, USA) at magnet isocentre.

6.2.3 Sequence Implementation

The default product sequence "tfl_rfmap" (SatTFL) was used to acquire 2D CW
sequential maps both shot-wise and single-shot. Whereas the Sandwich sequence
was coded for VE12U_AP01 and used to obtain 2D CC distributed maps. Both
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sequences acquired single channel maps only (i.e. encoding matrix equal to the
identity matrix).

6.2.4 Image Reconstruction
Image reconstruction was performed offline in MATLAB (R2021a, MathWorks,
Natick, Massachusetts, United States) using the raw TWIX data format. Binary
files (.dat) were read-in using an open-source parsing function (mapVBVD.m)
[207]. The k-space data was Hann filtered and zero-padded to 64×64. The Tx coil
sensitivity profiles were then calculated using Tx-ESPIRiT from the TxLR toolbox
[69] which helps to produce smooth maps without holes (although this was not
a problem for this experiment). For relative maps acquired with the "tfl_rfmap"
sequence, where single-channel maps are by default acquired with CP+ mode 45°
phase offsets, the CP+ mode phase offsets were removed. The relative maps were
then masked using a simple value-thresholding approach informed from the CW
shot-wise images and the same mask was applied to all data.

6.2.5 Phantom Experiments
On the scanner, single-slice 2D CW shot-wise, CW single shot and CC acquisitions
were acquired in a water phantom transversely in CP+ mode. All protocols were
repeated with four nominal excitation FAs of either 2°, 5°, 10°, 15° and 20°. It
is worth noting that although these nominal FAs were used, FAs closest to coil
elements could be an order of magnitude higher. Three iterative B0 shims were
performed prior to imaging and full relaxation was allowed between every acquisition
by waiting a minimum of 15 s. All sequence variants acquired a fully-sampled scan
matrix of 32×32 with a FOV of 192× 192 mm2 and slice thickness of 6 mm hence an
isotropic resolution of 6 mm3. The sequences used identical sinc pulses for excitation
with TE = 1.87 ms, TR = 3.9 ms, RF spoiling and 100 dummy RF pulses (per
channel only for the CC acquisition). All acquisitions used a 297 V reference voltage
(channel combined), a bandwidth of 500 Hz px−1 and a linear ascending PE direction.
The CC scheme was the only sequence acquired with a distributed AO.

The shot-wise acquisition had a TRshot of 4 s which lead to a duration of 32 s.
The single shot acquisition had a 1.4 s duration and the CC acquisition had a
duration of 4.1 s (including 3.1 s of dummy RF pulses). The maps were compared
to a reference low FA shot-wise acquisition which had a long TRshot of 10 s and a
duration of 80 s. Although the saturation effects for this sequence are expected to
be low between shots, it is not a perfect reference as saturation will occur within
the shot during the TurboFLASH readout train.
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6.2.6 In Vivo Experiments
The sequences used in the phantom experiment were repeated in the brain of one
subject with identical parameters except from a 284 V reference voltage (chan-
nel combined).

6.3 Results
6.3.1 Numerical Simulation Results
Figure 6.5 shows the longitudinal magnetisation in 10 voxels in the synthetic body
model for 3D sequences. Figure 6.5A) shows the CW sequential acquisition of
relative maps leads to inconsistent magnetisation. Whereas Figure 6.5B) shows the
magnetisation reaches a steady state after approximately 2 s for the CC scheme
(hence the dummy excitations).

Figure 6.5: Longitudinal magnetisation of tracked voxels in the Duke synthetic
body for both 3D A) channel-wise sequential and B) coil-cycled distributed

sequences. Colours represent the different tracked voxels shown in Figure 6.4. The
red line represents a voxel tracked in the myocardium and the orange line represents

a voxel tracked in the blood pool of the heart.

The impact of a CW versus CC acquisition on the measured 3D relative B+
1

maps is shown in Figure 6.6. The percentage difference between the ground truth
simulated B+

1 fields and the simulated relative B+
1 maps is shown in sub figures

6.6C) and 6.6D) for CW and CC distributed acquisitions, respectively. A CW
acquisition lead to the largest percentage error where the Tx sensitivity is highest
due to a larger saturation effect. However, there is still considerable error within
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the heart. There is also a noticeable T1 dependence to the error. Whereas CC

distributed maps show little error with the majority of error only due to the fixed

level of zero-mean Gaussian noise.

Figure 6.6: Relative maps acquired in the Duke synthetic body modelA)
channel-wise sequential and B) coil-cycled distributed using the simulated 3D GRE

sequence. The relative error for each acquisition of shown in C) and D).
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The effect of sequential and distributed acquisitions is shown in Figure 6.7 for
CW shot-wise and CC schemes, for four different sequence and coil configurations.
A distributed AO had a negligible effect on both CW and CC schemes across all
sequence and coil configurations that were simulated. The main improvement in
NRMSE comes from coil-cycling which consistently shows the lowest NRMSE when
compared to CW acquisitions and excellent linearity. This figure also demonstrates
the significant overlapping of coil sensitivities for the head coil with the maximum
relative B+

1 contribution of 45% for the phantom maps versus 83% for the synthetic
body maps using the body dipole array.

The effect of nominal FA on the NRMSE for the four sequence/coil configurations
simulated are shown in Figure 6.8, where each data point represents the NRMSE from
one of the eight relative maps. Across all configurations investigated CW (purple)
acquisitions perform worse for an increasing FA, due to increased saturation effects.
Of all the configurations simulated CW performed the least worst for a 2D multi-slice
sequence in phantom. This is likely due to the extent to which the Tx sensitivities
overlap using the head coil reducing the variation in longitudinal magnetisation
between CW acquisitions. Both CW and CC (green) sequences show an increase
in NRMSE at low nominal FAs due to noise, with the 2D multi-slice sequences
showing a larger increase than the 3D sequences due to the inherent improvement
in SNR when imaging in 3D. The CC maps show significantly lower NRMSE and
only begin to show an increase in NRMSE for the 3D Duke configuration in 6.8C)
above 10° where the signal deviates from the linear relationship to FA. Analysis of
the SNR found no significant difference between sequential and distributed AOs.

The effect of T1 on the NRMSE for the four sequence/coil configurations simulated
are shown in Figure 6.9, for a nominal FA of 5°, where each data point represents
the NRMSE from one of the eight relative maps. For CC acquisitions the NRMSE
does not vary with T1 due to imaging in a steady-state. This is not the case for the
channel-wise acquisitions, where there is a large T1 dependent bias in the NRMSE.

The effect of TR on the NRMSE for the four sequence/coil configurations
simulated are shown in Figure 6.10, where each data point represents the NRMSE
from one of the eight relative maps. The channel-wise NRMSE decreases rapidly
for longer TRs in the 3D sequences whereas longer TRs have little impact on
CC acquisitions.
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Figure 6.7: The impact of distributing the acquisition order of transmit channel
excitations. Correlation plots of simulated B+

1 versus ground-truth for four different
acquisition schemes and four different sequence/coil configurations using a nominal
flip angle of 5°. A) 2D multi-slice Duke, B) 2D multi-slice phantom, C) 3D Duke
and D) 3D Phantom. i) channel-wise sequential, ii) channel-wise distributed, iii)
coil-cycled sequential and iv) coil-cycled distributed. Sequential maps (red) had an

acquisition order of [1,2,3,4,5,6,7,8] whereas distributed maps (blue) had an
acquisition order of [1,4,7,2,5,8,3,6].
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Figure 6.8: NRMSE in relative maps versus flip angle. Data shows channel-wise
and coil-cycled NRMSE for four different sequence and coil setups. A) 2D

multi-slice (Duke), B) 2D multi-slice (Phantom), C) 3D (Duke), D) 3D (Phantom).
Channel-wise use a sequential acquisition order and coil-cycled use a distributed

acquisition order. For the Duke dataset, whole-body masked NRMSE is indicated by
a dot (•) and heart masked NRMSE is indicated by a circle (◦). Each data point
represents the NRMSE from one transmit channel. Phantom used fixed T1 = 1 s.
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Figure 6.9: NRMSE in relative maps versus T1. Data shows channel-wise and
coil-cycled NRMSE for four different sequence and coil setups. A) 2D multi-slice

(Duke), B) 2D multi-slice (Phantom), C) 3D (Duke), D) 3D (Phantom).
Channel-wise use a sequential acquisition order and coil-cycled use a distributed

acquisition order. For the Duke dataset, whole-body masked NRMSE is indicated by
a dot (•) and heart masked NRMSE is indicated by a circle (◦). Each data point

represents the NRMSE from one transmit channel. Nominal flip angle of 5°.
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Figure 6.10: NRMSE in relative maps versus TR. Data shows channel-wise and
coil-cycled NRMSE for four different sequence and coil setups. A) 2D multi-slice

(Duke), B) 2D multi-slice (Phantom), C) 3D (Duke), D) 3D (Phantom).
Channel-wise use a sequential acquisition order and coil-cycled use a distributed

acquisition order. For the Duke dataset, whole-body masked NRMSE is indicated by
a dot (•) and heart masked NRMSE is indicated by a circle (◦). Each data point
represents the NRMSE from one transmit channel. Phantom used fixed T1 = 1 s.
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6.3.2 Phantom Results
The NRMSE of CW acquisitions to the CC acquisition is shown in Table 6.1 for
a water phantom. Increasing the nominal FA leads to an increase in the NRMSE
for all acquisitions, as expected from simulations, since larger FAs perturb the
longitudinal magnetisation to a greater extent. The single shot acquisitions show a
larger error due to the lack of an approximately 4 s delay, which is typical of the
conventional approach. The CW shot-wise scheme shows the lowest error, but this
is likely due to the reference used which although has a long delay between shots,
will still suffer from saturation effects during the TurboFLASH readout.

Nominal FA [°]
Relative Map NRMSE to Reference [%]

CW Shot-wise CW Single Shot Coil-cycled
(TA = 32 s) (TA = 1.4 s) (TA = 4.1 s)

2 0.6 1.6 2.4
5 0.9 1.9 2.5
10 1.4 4.4 2.9
15 2.3 9.4 3.4
20 3.9 15.9 4.1

Table 6.1: The NRMSE of relative maps acquired in a water phantom shot-wise
(TR = 4 s) and single shot (both sequentially) as well as coil-cycled distributed
acquisition across nominal flip angles of 2°, 5°, 10°, 15° and 20°. Reference was a
shot-wise acquisition with a TR of 10 s. FA; flip angle, CW; channel-wise, TA;

acquisition time.

Figure 6.11 shows the relative maps for the three sequence variants at a nominal
FA of 20° in the water phantom. Whilst all maps appear visually similar, there
is some obvious hyper-intensity for the single shot acquisition close to the Tx
element. The difference between the shot-wise and single shot acquisitions to the
CC acquisition is shown in the bottom two rows. For single shot mapping, there
are underestimations (blue) where the Tx sensitivity was high for the previous coil
mapping as well as overestimations of the current Tx element. Hence, the first coil
(Tx 1) only shows overestimation (red). The same is true for the shot-wise mapping
but to a much lesser extent due to the relaxation period.

Figure 6.12 shows the SD across the range of nominal FAs for each sequence
variant. CC acquisitions were consistent across nominal FAs as demonstrated by
the low SD. On the other hand, the CW acquisitions share a similar difference
profile across all nominal FAs, indicating a systematic error due to magnetisation
history effects, as expected.
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Figure 6.11: Relative maps and difference to the coil-cycled acquisition for a
nominal FA of 20° in a water phantom. CW; channel-wise, SW; shot-wise (32 s), SS;

single-shot (1.4 s), CC; coil-cycled (4.1 s).

Figure 6.12: The standard deviation in relative maps across nominal FAs of 5°,
10°, 15° and 20°. CW; channel-wise, CC; coil-cycled.
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6.3.3 In Vivo Results
Figure 6.13 shows the relative maps for the three sequence variants at a nominal
FA of 20° in the brain. At this nominal FA, the error in the single shot maps is also
obvious. It is noted that for the first few Tx channels maps are mostly overestimated
(red) for the channel-wise single shot acquisition whereas the final few Tx channels
are mostly underestimated (blue) when compared to the CC acquisition.

Figure 6.13: Relative maps acquired in the brain and difference to the coil-cycled
acquisition for a nominal FA of 20°. CW; channel-wise, SW; shot-wise (32 s), SS;

single-shot (1.4 s), CC; coil-cycled (4.1 s).

6.4 Discussion
In this work I have demonstrated through EPG simulations the impact of not coil-
cycling the acquisition of relative maps using small FA GREs. The issue is caused by
the longitudinal magnetisation changing considerably between acquisitions. Hence,
unless more dummy pulses are performed to reach a steady state, a channel-wise
acquisition will not provide accurate or precise relative magnitudes. This means
that a distributed AO over a sequential acquisition order makes little difference
as a steady-state is still not achieved. The improvement comes from reordering
the acquisition and acquiring one k-space PE line on a particular Tx channel
before moving to the next channel and repeating until all PE lines have been
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acquired (i.e. coil-cycling). Coil-cycling allows a steady-state to be achieved and
ensures that Tx sensitivity and/or T1 does not bias the relative maps. Therefore,
implementing a CC acquisition allows for accurate and precise 3D relative magnitude
maps. This is beneficial as 3D sequences inherently have higher SNR than a 2D
multi-slice sequence and allows for higher acceleration as undersampling can be
performed in both PE directions.

I found coil-cycling to be especially important when acquiring 3D relative maps
and/or imaging over large FOVs (i.e. body imaging) where the B+

1 in a particular
voxel largely originates from a single coil rather than being more of a combination
from multiple coils (as is the case in the head coil). Performing 100 dummy pulses
per Tx channel, totalling 2.5 s (8×100×3.14 ms), was found to be sufficient to provide
an adequate steady state for imaging. Coil-cycling appears less essential (although
much faster) for 2D CW acquisitions and this is in agreement with Brunheim et
al. who found no observable difference between a 2D CW and a CC acquisition
[107]. This is likely due to the relatively low simulated resolution (NPE = 32)
hence less saturation since the magnetisation experiences fewer RF pulses. I expect
coil-cycling to be more important for higher resolution 2D relative magnitude maps
or when using larger FAs, as demonstrated in simulations.

The errors due to a CW acquisition are worst close to the Tx elements but still
propagate into the ROI. The percentage error is approximately the same within
the heart as in the rest of the body as demonstrated by Figure 6.6. The errors
from the sequential acquisition could be reduced by decreasing the FA, as seen
in Figure 6.8, but this would lead to a reduction in the SNR, and hence DR.
Alternatively, the TR could be increased, as seen in Figure 6.10, but this results
in an undesirably long acquisition time.

I have also demonstrated the results from simulations in a phantom and brain
experiment. Single slice 2D relative maps were acquired which are expected to
show the least sensitivity to these effects, however, the errors were still present and,
as expected, most obvious for the single shot acquisition at a nominal FA of 20°.
Although the errors in the channel-wise single shot method show slightly different
behaviour in simulations versus in phantom/in vivo this is likely due to the different
experimental setup and sequence parameters. For example; slight differences in
sequence timings, the number and timings of the dummy scans, the nominal FA as
well as the T1 of the phantom differing to what was simulated (1.5 s). Additionally,
the use of the long TR channel-wise shot-wise acquisition as a reference is not ideal.
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In this chapter I have only considered single-channel mapping. Alternatively,
other encoding schemes could be used such as Fourier encoding, leave-one-out etc.
(see Section 3.5.4). However, all of these encoding schemes will ultimately suffer
the same saturation problem. Additionally, using these encoding schemes in the
presence of noise (as is always the case when performing real-world experiments)
leads to an under-determined system unless more modes are acquired than the
number of Tx channels. Therefore, I believe that these encoding methods are best
kept for absolute mapping, but I expect the benefits of coil-cycling demonstrated
here would also apply to these other acquisition schemes.

6.5 Summary
Coil-cycling is essential for acquiring accurate and precise relative magnitude maps
for multi-Tx arrays using a small FA GRE sequence. Coil-cycling is optimal to
ensure a consistent steady-state during imaging and helps to reduce the acquisition
time by shortening the TR. I propose the two conditions for acquiring relative
maps should instead be:

1. Small FAs (FA ≤ 10°) so that signal is linearly proportional to FA.
2. Acquire relative maps coil-cycled to remove magnetisation history effects.
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7.1 Introduction
UHF MRI promises superior SNR over conventional clinical MR systems [80].
However, at 7 Tesla, B+

1 inhomogeneity is large across the brain and severe across
the heart limiting the utility of ultra-high field quantitative cardiac imaging. This
problem can be solved [126, 217, 218] by pTx [98, 99] but requires multi-channel B+

1

maps for optimal RF pulse design and RF shimming. Multi-channel B+
1 maps in the

139
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heart are difficult to acquire in a clinically reasonable timeframe and are confounded
by issues of cardiorespiratory motion, blood flow and large B0 off-resonances. Since
B+

1 maps are generally only required for calibration before scanning, their acquisition
should be as fast as possible and ideally well under a minute. While accurate maps
are essential, high-resolution maps are not usually necessary since the wavelength
associated with the 1H Larmor frequency is approximately 13 cm at 7 T in the
human brain. Free-breathing approaches have been demonstrated [219] but these
require acquisition and reconstruction times of several minutes. The efficacy of
measuring B+

1 maps during diastole and applying the calculated dynamic RF pulses
throughout the entire cardiac cycle has been shown [217].

Relative B+
1 maps are generally fast to acquire taking less time than absolute

B+
1 mapping [132]. Recent approaches have shown the ability to estimate relative

maps from localisers [134], but to achieve a specific FA an absolute measure of B+
1

is required. Absolute B+
1 mapping using 3DREAM [163–165] works well in the head

and can acquire high-resolution 8-channel B+
1 maps in approximately one minute.

However, DREAM [152, 153] based B+
1 mapping is undesirable for use in the heart

due to sensitivity to flow [159, 160]. Presaturation TurboFLASH [171] (i.e. SatTFL)
is ideal for B+

1 mapping in the heart due to its inherent insensitivity to flow but has
a strong T1-dependency [210]. Additionally, SatTFL suffers from long acquisition
times due to the long time delay of 5 T1 required between the reference and prepared
images. In Chapter 4 I showed that using short imaging trains and ‘sandwiching’ the
reference and prepared images together overcomes both of these problems. The use
of a non-adiabatic HS8 pulse for presaturation also achieves better B0 insensitivity
over a conventional sinc or rectangular preparation pulse thereby requiring no
additional B0 correction [206]. These simple pulse sequence modifications allowed
for faster acquisition of the absolute B+

1 maps and, as a result, in Chapter 4 I
demonstrated single breath-hold whole-heart 3D B+

1 mapping for a single shim mode.

Recently, an acquisition strategy known as B1TIAMO [106, 107, 203] was proposed
which acquires fast relative multi-channel maps and two absolute B+

1 maps with
complementary shim modes. The two absolute shim mode maps are used to help
overcome the limited dynamic range by ensuring sufficient B+

1 in at least one of
the shim modes and to update the multi-channel relative maps to absolute units.
B1TIAMO has been shown to obtain accurate 2D multi-channel maps for body
imaging in 16 seconds for a 32 transmit channel system [107]. Furthermore, Hess et
al. recently proposed an algorithm for reconstructing undersampled calibrationless
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transmit field maps (transmit low rank; TxLR) [69] that could allow for acceleration
factors of up to 8 in the body, matching the number of transmit channels. Hess et
al. also showed that the minimum matrix size for capturing the dominant transmit
modes in the heart was 24×24. Hence, TxLR enables 8-channel transmit 3D relative
maps with 24×24×8 lines of k-space data to be acquired in only 2 s or 5 heartbeats
(TR = 3.5 ms, cardiac window = 400 ms).

Therefore, in this chapter, I evaluated TxLR in combination with a B1TIAMO-
style acquisition and fast absolute maps using the Sandwich method [3] to acquire
accelerated 3D multi-channel absolute B+

1 maps in 14 s in the brain or 23 heartbeats
in the body [7]. I evaluated this approach using: in silico simulations; retrospective
undersampling of 3D in vivo whole-head data from a library of 9 subjects; and
finally prospectively undersampled data acquired in phantoms, the brain of three
subjects and the heart of another three subjects. This study investigates a method
to accelerate maps and is not proposing a new B+

1 mapping method. Hence, to
avoid repetition of previous work, the evaluation of the proposed method is largely
focused on comparing to fully-sampled data.

7.2 Methods
7.2.1 Acquisition Scheme

The proposed acquisition scheme is shown in Figure 7.1. In a B1TIAMO [107, 203]
fashion, 3D coil-cycled multi-channel relative maps are acquired using a spoiled low
FA GRE sequence followed by two absolute maps with complementary orthogonal
shim modes (first and second order circularly polarised, CP+ and CP2+ respectively)
using the modified Sandwich presaturation TurboFLASH sequence [3].

7.2.2 Numerical Heart Simulations

Simulations were performed using retrospectively undersampled in silico data to
establish the achievable acceleration. The in silico body B+/−

1 fields were simulated in
Sim4Life 3.4 (ZMT, Zurich, Switzerland) using an 8-channel transmit/receive dipole
array [216] centred over the heart of Duke (Virtual Population, ITIS Foundation,
Zurich, Switzerland) at 7 T [69]. A synthetic proton density image was generated
by setting the proton density equal to the tissue density, with tissue densities
greater than 1200 kg m−3 (bone) or less than 400 kg m−3 (lung) set to 80 to make
them resemble an MR image. Voxels containing no anatomy were set to zero. The
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Figure 7.1: Schematic sequence diagram for acquiring fast multi-channel B+
1 maps

in the brain/heart. Firstly, multi-channel relative maps (green) are acquired for a
number of coil-cycles (Ncc) including 16 dummy coil-cycles. This is followed by
absolute maps (red) using Sandwich for complementary shim modes - first and

second-order circularly polarised (CP+, CP2+) modes with a TurboFactor of N. The
absolute maps excitation (β) and 5 ms non-adiabatic hyperbolic secant (HS8)

preparation pulse (α) have matched transmit mode. The sequence can be adapted
for cardiac B+

1 mapping by segmenting the relative maps into 9 HBs and acquiring
the absolute maps with TRlong = 1 HB. Brackets indicate repeated sequence blocks.

TA, acquisition time; HB, heartbeat; TD, time delay; R, acceleration factor.

FOV was 278× 356 mm2 (AP/LR). Data were re-sampled onto a uniform grid of
2× 2 mm2. The relative (NTx = 8) and reference (NTx = 2) images were formed
from a multiplication of these proton density weighted images and either individual
transmit B+

1 or CP+ and CP2+. The prepared (NTx = 2) images are formed from
the multiplication of the reference images with the cosine of the B+

1 for CP+ and
CP2+. Receive channel images were then formed from the multiplication of the
relative, reference and prepared images by the synthetic coil-sensitivities. The
synthetic (receive coil-combined) images are shown in Figure 7.2.

The synthetic body images were fast Fourier transformed and k-space corrupted
with channel-independent complex Gaussian noise (peak SNR 60 dB). The k-space
data was cropped to a matrix size of 24×24; which was previously found to be the
minimum scan matrix for capturing the dominant transmit modes in the heart [69].
This was re-validated by comparing the relative error between k-space cropped
(24×24, Hann filtered and zero-padded back to 139×178) and native resolution
(139×178) ground truth relative and absolute maps.

Homogenous Poisson-disc undersampling masks were generated using the iterative
self-consistent parallel imaging reconstruction (SPIRiT) Toolbox v0.3 for effective
undersampling factors between 1 and 10. To evaluate the impact of the absence of
a calibration region, masks were also generated both with and without a central
4×4 calibration region. A different undersampling mask was used for each transmit
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Figure 7.2: The fully sampled native resolution (139×178) synthetic images
(coil-combined) used to test various acceleration factors for an 8-transmit 8-receive

dipole array chest coil at 7T.

mode, with the reference and prepared images of the absolute maps using the
same undersampling mask.

The relative (NTx = 8), reference (NTx = 2) and prepared (NTx = 2) undersampled
k-spaces were concatenated to form a 24×24×8×12 matrix (Nkx×Nky×NRx×NTx)
and jointly reconstructed using the TxLR algorithm (5×5 kernel, 50 iterations
and rank threshold of 50). The reconstructed k-space data were Hann filtered,
zero-padded up to 139×178 and inverse fast Fourier transformed back to image
space. The receive channel images were combined using receive sensitivity maps
estimated from the relative map reconstructed k-space using ESPIRiT (5×5 kernel,
0.02 eigen threshold) [51]. ESPIRiT was also used to calculate the transmit
sensitivities. The FA for the absolute maps was found from the arccosine of the
reference and prepared image ratio.

The individual multi-channel maps were then calculated based on the method
proposed by Brunheim et al. with a total scaling exponent m = 4, as defined in
the original B1TIAMO paper [107], and weighted based on the reference image
intensity. Maps were masked from a simple binary value-thresholding based on
the fully-sampled relative images. Simulations were repeated 50 times with each
repetition using unique noise and undersampling masks. To assess their accuracy
within the heart, the difference in the reconstructed multi-channel maps to the



7. Accelerated pTx B1+ Mapping 144

fully-sampled native resolution (noiseless) ground truth is shown as well as the
RMSE for maps combined into CP+ mode.

7.2.3 Parallel Transmit MRI System

A 7 Tesla MRI (Magnetom VB17 Step 2.3, Siemens Healthcare Ltd, Germany)
equipped with parallel transmit was used for phantom and in vivo imaging. Brain
images were acquired using an 8Tx/32Rx head coil (Nova Medical, USA) using fixed
per-channel power limits as provided by the coil manufacturer of 1.5 W per channel.
To image the heart an 8Tx/8Rx dipole array (MR Coils BV, The Netherlands) was
used with internally approved power limits based on simulation and measurement
for a worst-case per channel limit of 3.98 W. Cardiac triggering was performed using
a pulse oximetre (Siemens Healthcare Ltd, Germany) with a trigger delay of 100 ms.

7.2.4 Retrospective Undersampling of Brain Data

Using a similar processing pipeline as outlined above, fully-sampled 3D relative
multi-channel maps and absolute B+

1 maps for CP+ and CP2+ in the brain were
retrospectively undersampled from a database of 9 subjects (23-56 years old; 7 male/2
female) acquired by de Buck et al. [196, 214]. This database was acquired using a
similar sequence as outlined in the following sections but with the following sequence
parameters. Both relative and absolute sequences used a 300× 225× 225 mm3

FOV with a reference voltage of 50 V (per channel).

The relative maps were acquired using a GRE sequence with TEGRE = 1.02 ms,
TRGRE = 2.90 ms, bandwidth = 500 Hz px−1 and RF spoiling. A scan matrix of
40×36×36 and, non-selective rectangular RF excitation with a nominal FA of 7°.
The scan time required for this relative sequence was 30 seconds.

Absolute maps were acquired for two shim modes, which were CP+ and CP2+.
TurboFLASH TEFLASH = 1.76 ms, TurboFLASH TRFLASH = 3.92 ms, TRlong = 1
second, bandwidth = 489 Hz px−1, RF spoiling. A scan matrix of 48×27×36 was used
with non-selective rectangular RF excitation (β). A 500 µs rectangular RF pulse was
used for presaturation (α) (whereas a HS8 pulse is used in the current work) with an
α : β ratio of 10:1, using nominal α/β FAs 90°/9°. The scan time required for each
shim mode map was 36 seconds for a combined scan time of 1 minute 42 seconds.
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7.2.5 Sequence Implementation

Separate sequences were used to acquire the relative and absolute portions of the
proposed method. 3D accelerated relative maps were acquired using a GRE sequence,
coil-cycled to minimise the influence of magnetisation history (see Chapter 6), with
TEGRE = 1.31 ms, TRGRE = 3.14 ms, bandwidth = 490 Hz px−1, RF spoiling and
an acceleration factor of R = 4. A scan matrix of 24×24×24 was used, non-selective
rectangular RF excitation with a FA (λ) of 9°. The acquisition time was 4 seconds
(Ncc = 160) of which the first 400 ms were 16 dummy coil-cycles. Undersampling
masks were as described previously (see Section 7.2.2) and ordered as in Jaeschke
et al.[220] to minimise the eddy currents from a rapid change in the phase encoding.
For cardiac mapping during diastole, the relative map k-space was segmented
into 9 heartbeats of 16 coil-cycles (400 ms). During the trigger delay, 4 dummy
coil-cycles (100 ms) were performed (Ncc = 180).

3D accelerated absolute maps were acquired for CP+ and CP2+ using the Sandwich
sequence [3] with TurboFLASH TEFLASH = 1.26 ms, TurboFLASH TRFLASH = 3 ms,
bandwidth = 490 Hz px−1 and RF spoiling. A scan matrix of 24×24×24 was used
with non-selective rectangular RF excitation (β). A 5 ms non-adiabatic hyperbolic
secant (HS8) [36, 206] RF pulse was used for presaturation (α) using nominal α/β
FAs 90°/5°. Different acceleration factors were used in the brain/heart for the
acquisition of the absolute maps which were R = 6/4, respectively. Each absolute
map was segmented into 4/6 (R = 6/4), one segment per TRlong = 1 second, to
maintain a readout train of 24 phase encoding lines (TurboFactor = 24, duration of
145 ms) per segment. The acquisition time was 5 seconds (R = 6) or 7 heartbeats
(R = 4) per map, which includes 1 dummy TRlong. Hence, a total of 10 seconds
or 14 heartbeats for both mode maps. Undersampling masks were as described
previously (see Section 7.2.2) and shown in Figure 7.3). A square-spiral acquisition
order was used, centre-in for the reference images and centre-out for the prepared
images to reduce the impact of T1 on the image trains.

Although separate sequences were used, the total time to acquire both the
relative and absolute maps is 14 seconds ungated or 23 heartbeats gated. Table
7.1 summarises the differences in protocols used in phantom and in vivo.
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Figure 7.3: The undersampling masks used for a) relative maps with an
acceleration factor R = 4 b) absolute maps in the brain with an acceleration factor
R = 6 and c) absolute maps in the heart with an acceleration factor R = 4. The

colours indicate the segment during which the readout line was acquired.
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Target Coil FOV [mm3] R† TRlong

Ref.
Voltage

[V]

Acquisition
Time

Braino
Phantom 8Tx/32Rx 250×250×250 6 1 s 60 14 s

Drum
Phantom 8Tx/8Rx 300×300×300 4 700 ms 200 16 s or 23 HB

Brain 8Tx/32Rx 250×250×250 6 1 s 60 14 s
Heart 8Tx/8Rx 380×380×285 4 1 HB 200 23 HB

Table 7.1: Differences in sequence protocol parameters used in vivo and in
phantom to acquire the accelerated multi-channel B+

1 maps. †Undersampling factor
for absolute maps.



7. Accelerated pTx B1+ Mapping 148

7.2.6 Image Reconstruction

Reconstruction was performed offline in MATLAB (R2021a, MathWorks, Natick,
Massachusetts, United States) using the parallel computing toolbox (14 workers)
on an Intel Xeon 28×2.40 GHz 128 Gb RAM computer running Rocky Linux
8.5. Relative, reference and prepared k-space data were concatenated to form a
24×24×24×(8/32)×12 (Nkx×Nky×Nkz×NRx×NTx) matrix and jointly reconstructed
using TxLR slice-by-slice on hybrid x-ky-kz data. The k-space data were Tukey
filtered (cosine fraction = 0.7), zero-padded to 32×32×32 (unless mentioned
otherwise) and inverse fast Fourier transformed to full image space. Receive channel
images were combined using sensitivity maps estimated from relative map k-space
using ESPIRiT. ESPIRiT was also used to calculate the transmit sensitivities.

The FA for the absolute maps was calculated from the ratio of the reference and
prepared images using a lookup table generated from Bloch and EPG simulations
[4], which includes a correction for the non-linearity of the HS8 pulse employed
for saturation. The individual multi-channel maps were then calculated based on
the method proposed in the B1TIAMO paper [107] with a total scaling exponent
m = 3, as defined in the original B1TIAMO paper, and weighted based on the
reference image intensity. Maps were masked from a simple binary value-thresholding
based on the fully-sampled relative images. Voxels in the absolute maps outside
of the lookup table were masked out and any holes were linearly interpolated.
Voxels which had a maximum shim efficiency below 30%, as calculated from the
relative maps, were additionally masked out due to low signal producing erroneous
measurements of absolute B+

1 .

7.2.7 Phantom Experiments

3D multi-transmit B+
1 maps were acquired in two coil/phantom combinations.

The first was the 8Tx/32Rx head coil using a 16.5 cm diameter spherical MRS
‘Braino’ water phantom (General Electric Medical Systems) (Reference voltage
60 V) and the second was the 8Tx/8Rx chest coil using a large custom 27 cm
diameter 73 mmol NaCl drum phantom (Reference voltage 200 V). The Braino
phantom was acquired with a TRlong = 1 s, using a 250× 250× 250 mm3 FOV giving
10.4× 10.4× 10.4 mm3 resolution. The drum phantom was acquired gated with a
simulated RR interval of 700 ms. The FOV used for imaging the drum phantom
was increased to 300× 300× 300 mm3 giving 12.5× 12.5× 12.5 mm3 resolution.
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The offline reconstruction time was 5 minutes for the head coil and 1 minute for
the chest coil using 20 TxLR iterations. For reference, a 3D fully-sampled B1TIAMO
map was acquired with a matched scan matrix and FOV using fully-sampled relative
maps (15 s or 36 simulated heartbeats) and gated Sandwich absolute CP+ and CP2+

maps (50 s or 50 simulated heartbeats for both modes).

7.2.8 In Vivo Experiments

All subjects were scanned under an institutionally approved technical develop-
ment standard operating procedure (FMRIB_004_V4). 3D multi-transmit maps
were acquired in the brain of three volunteers at a reference voltage of 60 V as
described above for the head coil phantom at acceleration factors of R = 4/6.
The FOV for relative and absolute Sandwich maps was 250× 250× 250 mm3

giving 10.4× 10.4× 10.4 mm3 acquired resolution. The maps were reconstructed
to 64×64×64 for plotting. A 3D fully-sampled B1TIAMO dataset was acquired
for reference in 65 seconds.

I also tested the application of three coil-compression algorithms (see Section 2.5.6)
using the acquired brain data. These were geometric, single-value and ESPIRiT-
based coil-compression from the SPIRiT Toolbox v0.3 before TxLR reconstruction
for a range of virtual coils from 2 to 32.

3D cardiac multi-transmit maps were acquired in three healthy volunteers at
a reference voltage of 200 V. The FOV for relative and absolute Sandwich maps
was 380× 380× 285 mm3 giving 15.8× 15.8× 11.9 mm3 resolution. The maps were
reconstructed to 64×64×48 for plotting. The coil-cycled relative maps and absolute
maps were acquired in two separate breath-holds due to the sequence preparation
time, both at end-expiration to reduce respiratory motion artefacts. However, in
total 23 heartbeats (9 segments relative maps + 2 Sandwich dummys + 6 segments
Sandwich CP+ + 6 segments Sandwich CP2+) were required for data acquisition.
A fully-sampled set of 3D B1TIAMO maps would have required 86 heartbeats.

7.3 Results
7.3.1 Numerical Heart Simulation Results

Figure 7.4 shows the impact on relative and absolute maps of cropping k-space
down to a central 24×24 region compared to the native resolution (139×178) ground
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truth. The NRMSE within the heart was 3.1% for relative maps and the RMSE
3.8° (mean FA 67°) for absolute maps with the largest errors close to regions of
B+

1 constructive/destructive interference. This indicates it is possible to capture
the dominant transmit modes in the heart using small scan matrices.

Figure 7.4: Comparison between the magnitude of the native resolution (139×178)
and k-space cropped (24×24) ground truth for relative and absolute maps (CP+ and
CP2+) of synthetic body data. The mean error between the cropped and native

resolution relative maps as a percentage of the total B+
1 available is 3.1% within the

region of interest (green line). The mean error between the cropped and native
resolution absolute maps is 3.8° (mean FA in heart of 67°) for the absolute maps

within the region of interest (green line).

Simulation results from synthetic 8Tx/8Rx body images for undersampling factors
are shown in Figure 7.5. The mean FA and SD over 50 repeats each with different
undersampling masks are shown in Figure 7.5a) and b). The mean FA within the
heart in CP+ mode was 66° (min/max = 6°/137°, CV = 36%). In Figure 7.5c)
large undersampling factors of 10 show increased error in the measured B+

1 within
the heart when compared to the fully-sampled native resolution maps. Figure 7.5d)
shows a complex RMSE to the fully-sampled native resolution ground truth of
4.2° combined in CP+ mode within the heart at an acceleration factor of 4. The
RMSE increases linearly with undersampling factor.
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Figure 7.5: Simulation results from synthetic body images showing the mean a)
and SD b) for multi-channel parallel transmit B+

1 maps with undersampling factors
of 1 to 10. The mean FA in the heart in CP+ mode was 66° (min/max = 6°/137°,
CV = 36%). 50 TxLR iterations and 50 repeats with different undersampling masks
were performed. Subfigure c) shows the mean absolute error across these repeats to
the fully-sampled native resolution (139×178) k-space in the ROI (red box in the

top left of subfigure a)). d) RMSE calculated on the complex values for
multi-channel maps combined in CP+ mode for the 50 repeats. ROI, region of

interest; RMSE; root-mean-square error.

Figure 7.6 shows that fully-sampling the central 4×4 region of k-space had a
negligible impact on the error in the reconstructed maps at undersampling factors
of 4. However, including a fully-sampled central 4×4 region did improve the error
in the reconstructed maps at higher undersampling factors, lowering the RMSE
from 7.8° to 6.1° at an acceleration factor of 8.

Figure 7.7 indicates that 20 TxLR iterations is optimal for acceleration factors
up to 4 in the body, where the RMSE of the combined CP+ map to the native
resolution ground truth was 4.3° in the heart (5.0° whole-body). The fully-sampled
had an RMSE of 2.5° in the heart (3.1° whole-body).
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Figure 7.6: The effect of not acquiring a calibration region is shown (left) in
comparison to acquiring a small 4× 4 calibration region (right). Mean a) and SD b)
for multi-channel parallel transmit B+

1 maps across various undersampling factors
(1-16). 50 repeats with different undersampling masks were performed. Subfigure c)
shows the mean difference across repeats to the fully sampled k-space in a region of
interest, the results of which are summarised by the RMSE d). The small red box in

the top left of subfigure a) indicates the heart ROI used for plots c) and d).
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Figure 7.7: The number of TxLR iterations versus the root-mean-square error in
the combined CP+ B+

1 maps to the fully sampled native resolution (139×178)
ground truth based on data simulated using synthetic body images. Dashed lines

indicate ±1.96SD.
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7.3.2 Retrospective Undersampling of Brain Data Results

The results of the retrospective undersampling of 9 subjects using the head coil
are shown in Figure 7.8. The mean FA in the brain in CP+ was 45° (min/max =
11°/88°, CV = 29%) with the RMSE increasing with increased acceleration factors.
Acceleration factors of 4, 6 and 8 gave an average RMSE for multi-channel maps
combined into CP+ of 1.7°, 1.9° and 2.1°, respectively.

Figure 7.8: Boxplots showing the complex root-mean-square error for channels
combined into CP+ (mean FA in CP+ was 45°, min/max = 11°/88°, CV = 29%) for
various retrospective undersampling factors. In vivo data using a B+

1 library of 3D
brain data from 9 subjects.

7.3.3 Phantom Results

Figure 7.9 shows B+
1 maps (relative maps R = 4 and absolute maps R = 6) obtained

in the ‘Braino’ phantom and the difference compared to the ground truth fully-
sampled maps. The mean FA across the entire phantom was 90° in CP+ (min/max
= 34°/175°, CV = 21%) with an RMSE of 3.7° to the fully-sampled.

Figure 7.10 similarly shows the synthetically gated B+
1 maps (relative and absolute

maps R = 4) obtained in the large drum phantom and the difference to the ground
truth fully-sampled maps. The mean FA across the entire drum phantom in CP+

was 60° (min/max = 0°/214°, CV = 45%) with an RMSE of 3.5°. A large number of
phase ramps are visible in Figure 7.10 due to the high permittivity of the phantom.
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There are some artefacts that appear in the B+
1 maps of Figure 7.10 which are

explained by the choice of complementary shims. Figure 7.11 shows the shim
efficiencies and confirms that these errors are pronounced where the maximum shim
efficiency is below 30%, as indicated by the white arrows.
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Figure 7.9: 3D multi-channel maps in a spherical water phantom acquired in 14 s
using an 8Tx/32Rx head coil. The proposed method is shown for both magnitude a)
and phase relative to transmit channel 1 b). A slice from the fully sampled reference

multi-channel maps is also shown for both magnitude c) and phase d). The
difference between a central slice (outlined in red in a)) is shown for both magnitude

e) and phase f).
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Figure 7.10: 3D multi-channel maps in a large drum water phantom acquired
gated in 23 simulated heartbeats (RR interval = 700 ms) using an 8Tx/8Rx

dipole-array chest coil. The proposed method is shown for both magnitude a) and
phase relative to transmit channel 1 b). A slice from the fully sampled reference
multi-channel maps is also shown for both magnitude c) and phase d). The

difference between a central slice (outlined in red in a)) is shown for both magnitude
e) and phase f).



7. Accelerated pTx B1+ Mapping 158

Figure 7.11: The shim efficiencies are shown for a slice from the drum phantom
for a) CP+ mode, b) CP2+ mode and c) the maximum efficiency used for

additional masking. As indicated by the white arrows, CP+ and CP2+ do not
appear to provide sufficient coverage in this phantom.
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7.3.4 In Vivo Results

The magnitude and phase of the B+
1 maps acquired in the brain are displayed in

Figures 7.12(a) and 7.12(b), respectively. The mean FA in CP+ in the brain was 86°
(min/max = 19°/189°, CV = 30%). Additional subjects can be seen in Figure 7.13.

Figure 7.12: 3D multi-channel and combined CP+ B+
1 maps acquired in the brain

of one subject are shown for axial, coronal and sagittal planes for a) magnitude and
b) phase. Data was acquired at a 60 V reference voltage. Maps are reconstructed to

64×64×64 from an acquired scan matrix of 24×24×24.

Figures 7.14(a) and 7.14(b) show a correlation and Bland-Altman plot comparing
accelerated maps to the fully-sampled reference. The maps show excellent linearity
and good agreement with an RMSE of 0.7° across all multichannel maps to the
reference and 1.9° when combined in CP+.

Coil-compression reduced the reconstruction time from over 6 minutes to 80
seconds using 10 virtual coils and 20 TxLR iterations or 50 seconds for 10 TxLR
iterations with only a small (0.6°) impact on RMSE to a fully-sampled non-
compressed reference, as seen in Figure 7.15.
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Figure 7.13: The magnitude of 3D multi-channel and combined CP+ B+
1 maps for

three subjects acquired in the brain shown for axial, coronal and sagittal planes.
Data was acquired at a 60 V reference voltage. Maps are reconstructed to 64×64×64

from an acquired scan matrix of 24×24×24.

Data acquired in the body of one subject is shown in Figure 7.16. The mean
FA over the heart in CP+ is 42° (min/max = 6°/137°, CV = 29%). The poor cine
image intensity in the right atrium is explained by the low B+

1 magnitude of the
combined CP+ map in this region. Additional subjects can be seen in Figure 7.17.

The shim efficiency for CP+, CP2+ and the maximum of both shim modes is
shown in Figure 7.18. The combination of CP+ and CP2+ appears to be inadequate
over the entire heart, particularly in the right atrium.
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Figure 7.14: Correlation and Bland-Altman plots can be seen in a) and b),
respectively, comparing the undersampled 3D dataset to a fully-sampled reference
across the entire masked volume in Figure 7.12. Individual channels (black markers)
and combined CP+ (red markers) are plotted together. Statistics are shown for the
individual (non-combined) maps. The dotted lines represent ±1.96SD around the

mean (solid line).

Figure 7.15: The effect of three coil-compression algorithms on the RMSE and
reconstruction time for a) 10 TxLR iterations and b) 20 TxLR iterations for in vivo

brain data acquired with an 8Tx/32Rx head coil.
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Figure 7.16: 3D multi-channel and combined CP+ B+
1 maps for a) magnitude and

b) phase acquired in the body in 23 heartbeats shown for axial, coronal and sagittal
planes. Data was acquired at a 200 V reference voltage. Maps are reconstructed to
64×64×48 from an acquired scan matrix of 24×24×24. Body and heart boundaries

are overlaid from the cine images.
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Figure 7.17: The magnitude of 3D multi-channel and combined CP+ B+
1 maps

for three subjects acquired in the body in 23 heartbeats shown for axial, coronal and
sagittal planes. Data was acquired at a 200 V reference voltage. Maps are

reconstructed to 64×64×48 from an acquired scan matrix of 24×24×24. Body and
heart boundaries are overlayed from the cine images. Note: The placement of the

posterior elements for subject 3 were unintentionally reversed.
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Figure 7.18: The shim efficiencies are shown for axial, coronal and sagittal planes
in the body for a) CP+ mode, b) CP2+ mode and c) the maximum efficiency.
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7.4 Discussion
In this chapter I have demonstrated the feasibility of accelerating the acquisition
of multi-channel absolute B+

1 maps. I did this by combining two methods from
the literature (TxLR [69], B1TIAMO [107]) with my new Sandwich B+

1 mapping
sequence (see Chapter 4) and utilising small 24×24 scan matrices to derive the
dominant transmit fields for pTx calibration. The use of such matrices leverages the
same underlying physical principles as for receive-coil sensitivity calibration which
typically relies on comparably sized scan matrices. Simulations using high-resolution
synthetic body data demonstrate that the largest source of error in the cropped
maps is due to these small matrices not capturing the highest frequency fluctuations
in the absolute B+

1 from constructive/destructive interference. However, this error
is small with an RMSE of 3.8° in CP+ mode with a mean FA of 66° over the heart.
My simulation results using in silico heart data and retrospective undersampling
of brain data show that it is possible to obtain reliable undersampled B+

1 maps in
the head and body using acceleration factors of 4. I also found from simulations
that using a small (4×4) calibration region was important for robust B+

1 field map
estimation at larger undersampling factors.

The results in Figure 7.12 demonstrate the ability to obtain good quality multi-
channel B+

1 maps in the brain in only 14 seconds, free of any structural artefacts
except where there are signal voids such as in the sinuses. These maps are in
agreement with the fully-sampled reference yielding an RMSE of 1.9° combined
in CP+ and are consistent with retrospective undersampling results. Higher
accelerations were achievable with the Nova (8Tx/32Rx) head coil over the dipole
array (8Tx/8Rx) due to additional receive channels present. Although, higher
accelerations for the relative mapping portion of the sequence were not worthwhile
due to only a minor additional scan time of 1 second for R = 4 versus R = 6.

Figure 7.16 shows the multi-channel B+
1 maps through axial, coronal and sagittal

slices of the body obtained in only 23 heartbeats. A fully-sampled acquisition
is unfeasible as it would require around 86 heartbeats and several breath-holds.
The current implementation required the acquisition in two separate breath-holds,
due to sequence preparation time. Currently, work is underway on an IDEA and
ICE implementation for Oxford’s updated VE12U system which will acquire both
coil-cycled relative and Sandwich absolute maps within a single sequence enabling
single breath-hold acquisitions.



7. Accelerated pTx B1+ Mapping 166

To my knowledge, this method enables multi-channel B+
1 mapping in the heart

within a single breath-hold for the first time1. Further pulse sequence optimisation
may need to be performed as 23 heartbeats could still be too long for patients
suffering from breathlessness. To overcome this, maps could be acquired in two
separate breath-holds of around 17 heartbeats, where additional time could be
spent mapping additional modes. The B+

1 maps shown here were acquired in the
heart of subjects with small chests and they have not been directly validated due
to the lack of a reliable ground-truth in the body. The best gold standard available
is in silico body data and the simulations I performed, along with retrospective
results in the brain and prospective results in phantoms and the brain, provide
us with confidence in the validity of these maps.

I expect the maps acquired using this method to be more robust to motion due
to the short acquisition time during diastole. However, there are some artefacts
present in the magnitude of the multi-channel maps which are present where the
maximum shim efficiency of CP+ and CP2+ is low. Therefore, although CP+ and
CP2+ appear to work well in the brain, this work suggests that CP+ and CP2+ shim
modes, with the dynamic range of the Sandwich method, are not optimal for 3D
B+

1 mapping in the body and an additional shim mode or additional voltages [196]
may be required in the body which warrants further investigation. Alternatively, a
universal shim set [123] could be used or as discussed in the original B1TIAMO
paper, a dedicated heart shim could be calculated from the relative maps- but
this would require additional processing time. Higher acceleration factors could
be explored for cardiac coils with more than eight receive channels.

Recent work by Aghaeifar et al. has shown that RFPA drift negatively effects
B+

1 mapping sequences [221, 222]. As suggested by this work, RFPA drift could be
corrected for by scaling the RF pulse amplitude within the B+

1 mapping sequence
based on the initial pulse amplitude, as measured by the DICOs, to maintain
B+

1 mapping accuracy.

This method is conceptually simple to apply to larger transmit arrays. In the
brain a 16-channel transmit system would require a scan time of approximately 18
seconds and a 32-channel transmit system around 26 seconds, without considering
further acceleration. For imaging the heart with larger transmit arrays more
heartbeats will be needed in the relative mapping portion of the sequence and
may require multiple breath-holds.

1Since writing this thesis, a free-breathing method of acquiring accelerated B+
1 maps in the

heart was published using a 30 s 3D radial density adapted AFI sequence [151].
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The main limitation of this acquisition scheme is currently the long reconstruction
time with the average offline reconstruction times for the chest/head coils being 1/6
minutes using current hardware. However, this has not been optimised nor is it pro-
hibitive and there are several potential avenues to reduce this. One such possibility
is the use of coil compression [64]. Initial tests with a geometric-decomposition coil
compression algorithm [62] were able to reduce brain reconstruction times from 6
minutes to around one minute (Figure 7.15). Alternatively, a more efficient method
of computing the SVD which accounts for a significant portion of the computation
time in the TxLR algorithm or a machine learning approach could be investigated.

7.5 Summary
In this chapter I have demonstrated a method to accelerate the acquisition of 3D
multi-channel B+

1 maps that is fast and has good agreement with a fully-sampled
reference in the brain. This method was applied to obtain 3D multi-channel maps
in the body and is important to help facilitate cardiac imaging at 7 T.
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8.1 Introduction
MRI inherently takes time to acquire images. Hence, MRI is inherently sensitive to
motion which occurs during the acquisition. This also explains why motion artefacts
are usually more prominent in the slower, phase encode direction. Therefore, motion
corrupts MR images acquired at any field strength, but motion has the potential to
most severely corrupt images acquired at UHF due to their typically higher resolution.
There are many different kinds of motion (continuous versus step-wise, periodic
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versus spontaneous, rigid versus elastic, etc.) and realistic motion is not limited to
a single type or in a single degree of freedom (DOF) but is always a combination.

The largest and most frequent motion typically occurs in the youngest and oldest
subjects, which can ruin the diagnostic quality of images. However, even cooperative
subjects can cause involuntary motion, due to breathing, swallowing, blinking or
just their cardiac cycle. Sometimes sedation is necessary, but it is expensive,
invasive, and not acceptable for research scenarios. Therefore, a technological
solution is sought to overcome motion and is currently an active area of research.
As summarised by Zaitsev et al. [223] motion artefacts in MRI are a "complex
problem with many partial solutions".

8.2 Background of Motion Detection

The effect of motion on k-space is complicated. Additionally, motion also causes
changes in B0, Rx and Tx sensitivity, and, thus motion degrades the performance
of pTx pulses. However, if the subject motion is known, then the initial B+

1 maps
without motion can be updated leading to improved pTx performance [224, 225].

8.2.1 Methods of Motion Detection

Many methods of motion detection have been proposed in the literature and I
will briefly introduce a few different methods here.

Optical methods using cameras and markers can be used to monitor patient
motion with impressive accuracy and low latency [226]. These markers can be
either retro-reflective [227], moiré phase patterns [228] or facial features [229].
Alternatively, active NMR field markers placed on the subject may be tracked,
which do not require a line of sight between the marker and sensor [230]. These
approaches come at the cost of requiring calibration, additional hardware (which
can be intrusive and expensive), and in the case of active markers there is additional
complexity involved in implementing into the pulse sequence so as to only be active
during the ‘quiet’ periods of a scan.
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Perhaps the most commonly used are navigators. Navigators can be implemented
into sequences using a sequence building block with a duration of a few hundred
milliseconds and therefore enabling periodic motion corrections. One well-known
navigator is known as the cloverleaf navigator [231]. Navigators require no additional
hardware, but may disrupt sequence timings and affect the magnetisation. To
avoid altering the 1H water signal, Fat navigators (FatNavs) have been used for
retrospective motion correction in the brain [232]. FatNavs additionally benefit
from the natural sparsity of fat, as it exists largely as sub-cutaneous fat and in the
bone-marrow of the skull, leading to the possibility of acquiring highly accelerated
acquisitions. Another promising new method for head motion detection is known
as a FID navigator which uses the motion information encoded by having multiple
receivers surrounding the head [233–235]. A FID is received on every receive channel
and motion is estimated from a head model which is generated from simulations.
The benefit of this method is FIDs can be acquired very quickly therefore having
minimal impact on the sequence timing.

Distributed and Incoherent Sample Orders for Reconstruction Deblurring using
Encoding Redundancy (DISORDER) [236] is a self-navigated method which requires
no external sensors, navigators or training and can be applied to 3D sequences.
DISORDER works by reordering the phase encoding lines of each shot to be
uniformly distributed across k-space. This makes the sequence maximally sensitive
to motion and redundancy in 3D encoding provides improvement in reconstruction
convergence. Alternatively, data-driven methods like Scout Accelerated Motion
Estimation and Reduction (SAMER) [237] acquire a quick 3 s scout at the beginning
of the scan to correct for motion in all shots.

A common disadvantage of all of these methods is the added complexity through
either additional hardware or sequence modifications. Another category of motion
detection methods, which drastically reduce this complexity are RF sensors, which
I will cover in the next section.

8.2.2 RF Sensor-based Methods of Motion Detection

RF sensor-based methods of motion detection utilise the electrical coupling between
a transmitter and a receiver and operate far off-resonance so as to not affect the
magnetisation. The benefits of RF sensor-based methods of motion detection are:

• Little-to-no additional hardware is required which can be costly, have difficult
calibration and therefore this simplifies implementation.
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• Motion estimates are obtained with a high temporal resolution, which are
inherently synchronised with data acquisition.

• Can be applied either prospectively or retrospectively.
• Completely independent of sequence therefore no impact of sequence or

additional time required and enables the use any sampling trajectory.
• Uses electrical (not MR) signal hence does not affect magnetisation.

However, RF sensor-based signals do not simply yield motion parameters (3
translations and 3 rotations for rigid body motion). If both RF sensor signals
and six degrees of freedom motion parameters (e.g. via registration) are acquired
at the start of the scan a statistical model can be trained to map between the
measured RF sensor signals and the motion parameters. The RF sensor signals
can then be used throughout the scan to predict the motion parameters. The two
most promising RF sensor-based methods of head motion detection are parallel
transmit scattering (pTxS) and pilot tone (PT) and I will introduce both of these
methods in the subsequent sections.

8.2.2.1 pTx Scattering

In 1988 Buikman et al. [238] published an RF sensor method of motion detection
making use of the body coil in a 2 T MRI. The work of Hess et al. [239–242] built
on this by measuring the scattering matrix of a pTx array through utilising the
DICOs already present in the scanner, illustrated in Figure 8.1. pTxS requires no
additional hardware and obtains scattering matrix measurements every RF pulse.
This information is primarily used for monitoring SAR and consists of a digitised
and highly sampled (1 MHz) timeseries of forward, ~vfwd (t), and returned voltages,
~vret (t), from each of the Tx channels, forming an NTx ×NTx scattering matrix S(t).

~vret (t) = S(t)~vfwd (t) (8.1)

.

As a result, there are 72 independent observations per time-point (symmetric
8× 8 complex matrix yields 36× 2). Hess et al. showed that measurements of S(t)
contain motion information caused by relative changes in tissue conductivity, σ(~x, t),
within the region of sensitivity of the coil. This is observed as impedance which
changes with respiratory and cardiac motion. Since this method is not dependent
on the MR signal or tissue contrast, as it is an electrical signal, there is no increase
to the sequence duration. The motion measurements are inherently synchronised
with data acquisition and allow for any sampling trajectory.



8. RF Sensors for Motion Detection 172

Figure 8.1: Illustration showing the scattering of an 8 channel transmit system
through the body (grey). Due to electrical coupling a forward voltage on channel 1,
~v1

fwd, produces a return voltage which is measured on all transmit channels, ~v1 to 8
ret .

However, in practice we are transmitting on all channels simultaneously so there is
both a forward and returned voltage on all Tx channels.

This can be implemented to existing sequences using the current imaging excita-
tions (unlike navigators which are an MR based method) or using additional small
monitoring pulses. However, you can only determine the scattering matrix if you
know the contribution from each individual Tx channel- which you do not if you
are transmitting the same pulses on each Tx channel simultaneously.

To get around this, it is possible to only use the returned voltages, not the full
scattering matrix, from a pTx array. Although, this is inherently susceptible to
pre-amplifier drifts [243]. Alternatively, the motion induced change in the scattering
coefficients can be monitored [242].

The method proposed by Jaeschke et al. to measure the full scattering matrix
involves some small channel-wise RF pulse modifications. Three different strategies
to encode the scattering matrix information were explored; time-division multi-
plexing, frequency-division multiplexing and a hybrid code-division multiplexing
[241]. The optimal solution was found to be frequency-division multiplexing, where
you add additional monitoring pulses far off-resonance from the main imaging
excitations, each channel with a slightly different offset frequency. Frequency-
division multiplexing (offset 100 kHz from excitation and with additional 10 kHz
individual channel spacings) of the monitoring RF pulses with imaging excitations
shows no introduction of artefacts, as shown in Figure 8.2.
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Figure 8.2: Phantom data acquired with frequency division multiplexing to
measure the full scattering matrix. a) Phantom image acquired with monitoring
pulses. b) Main excitation turned off. Only using the monitoring pulses shows no
introduction of artefacts due to excitation outside FOV. c) shows the time domain
RF signal amplitude measured from the DICOs for a single sinc RF pulse on each
transmit channel. The frequency domain in d) shows small monitoring pulses are
evident, offset from the main excitation frequency, at a much lower amplitude.

Figure reproduced using own data from Jaeschke et al [241].

Hess et al. demonstrated that the accuracy depends on the amount of energy
deposited and pTx scattering as a method of motion detection shows good agreement
with MRI measurements. They showed 24± 17 ms cardiac gating accuracy for free-
breathing and 1.3± 0.9 mm diaphragm prediction with minimal additional SAR
(≈ 0.01% of SAR limits) as a result of the monitoring pulses.

Although initially developed for cardiac triggering, pTxS has also demonstrated
sensitivity to cardiac and respiratory monitoring whilst simultaneously detecting
rigid body head motion using only a head coil [244]. Figure 8.3 demonstrates the
effect of step-wise head motion on the real and imaginary diagonal terms of the
scattering matrix acquired over 10 GRE scans. The scattering matrix elements
remain consistent during the scan but change between different head positions.
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Figure 8.3: Effect of step-wise head motion on the real and imaginary diagonal
terms (S11, S22, etc.) of the scattering matrix acquired over 10 GRE scans. Only

diagonal terms are plotted for simplicity.

8.2.2.2 Pilot Tone

PT is a sequence independent solution to motion tracking with no on-subject
hardware. PT uses minimal additional hardware, in the form of a RF signal
generator, to produce a coherent signal from a continuous wave RF source at
a frequency, fPT, inside the scan room, which is received with the MR signal
and can be used to track motion. PT gets its name from telecommunications
engineering, where a "pilot tone" refers to a signal, usually as a single frequency, that
is transmitted as a reference. The PT signal is outside of the frequency range of
the MR signal, and outside the FOV of the image but within the receiver frequency
band, where it is over-sampled in the frequency encode direction. This enables a
high-temporal resolution through changes in the loading of the receive array causing
fluctuations in the PT signal. As a result, unlike pTxS, the PT signal appears in
the image data. An example of the PT signal in the image data is shown in Figure
8.4 where the signal resides in the 2× oversampled (OS) region.

The PT signal is transmitted at a frequency offset from the scanners frequency, fB0 ,
given by

fPT = fB0 + BWpixel ·NRO

(
∆ISORO

FOVRO
+ OSfactor · PTpos

2

)
(8.2)

where BWpixel is the readout bandwidth per pixel [Hz px−1], NRO is the (non-OS)
readout scan matrix size. ∆ISORO is the FOV offset in the RO dimension from
isocentre [mm] and FOVRO is the (non-OS) FOV in the readout dimension [mm].
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Figure 8.4: Example of pilot tone signal (red arrow) present far into the
oversampled (OS) region of GRE image data. A) shows image data coil-combined
using a basic sum-of-squares approach and B) shows coil-combination using receive

sensitivity maps using ESPIRiT.

OSfactor is the OS factor (typically 2) and PTpos depends on the desired position
of the PT signal within the full (OS) FOV. PTpos can be between -1 (bottom of
the OS FOV) and 1 (top of the OS FOV).

However, despite the PT signal being outside of the ROI, it is necessary to filter
out the PT signal to prevent the leakage artefacts seen in Figure 8.4. To do this,
Speier et al. [245] recommended fitting the PT signal in hybrid k-space to a model
of the form Aei2πf̂PTt where A is the PT amplitude and f̂PT is the apparent PT
frequency after carrier demodulation, f̂PT = fPT − fB0 . This modelled PT signal
can then be subtracted from the MR data.

8.2.3 Motivation and Aims
There are many methods of motion detection. RF sensor-based methods like pTxS
and PT are promising methods that require no (or very little) additional hardware.
However, the challenge with RF sensor-based methods are that whilst changes in RF
sensor signals correlate well with motion, extracting quantitative motion estimates
for each degree of freedom requires training a statistical model.
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Previous work by Papp et al. [244] was able to form a general linear model
(GLM) using 17 step-wise head positions to predict head motion. However, due to
the slow acquisition of these GRE images used for model training only a limited
number of poses could be examined. Hence, an EPI sequence was desirable in
order to quickly probe and evaluate pTxS and PT over a larger range of head
motions. The aim of this chapter was to develop a way to train a GLM using
a fast calibration scan for both pTxS and PT.

8.3 Methods

In this chapter I acquired simultaneous pTxS and PT signals during a fast 3D
EPI sequence for training a GLM. I compared the accuracy of PT and pTxS in
predicting rigid-body head motion with a multivariate linear regression statistical
model. Two subjects were scanned in a 7 Tesla MRI (Magnetom VB17, Siemens
Healthcare Ltd, Germany) equipped with parallel transmit and imaged using an
8Tx/32Rx head coil (Nova medical, USA).

A video was projected into the bore to promote similar head motion paradigms
between participants. The subject was asked to track a moving crosshair with their
nose, performing continuous smooth head motions. Subject A was guided to perform
circular, up/down, and left/right motion paradigms. Subject B performed similar
head motions as subject A but with a larger amplitude and additional roll motion.
Motion was performed slowly over a 5 minute scan duration to maintain the accuracy
of registration by keeping motion within a single image volumes TR (256 ms) small.

8.3.1 Sequence Implementation

A segmented controlled aliasing in parallel imaging (CAIPI) 3D EPI sequence with
a binomial (1-2-1) water excitation RF pulse, to minimise the volume TR, was
developed to obtain 1200 volumes (TRvol = 256 ms) with CAIPI width and slope
of 8 and 1, respectively, with a band offset of 2 to match the 3D acceleration
factor, as shown in Figure 8.5. Reference lines were acquired in both phase encode
directions during which no subject motion occurred for phase correction. TE =
6 ms, TR = 16 ms, FA = 15°, BW = 2894 Hz px−1, FOV = 250× 250× 125 mm3,
slice thickness = 3.9 mm, scan matrix = 64×49×32 (including 75% phase PF),
total acceleration factor 6.



8. RF Sensors for Motion Detection 177

Figure 8.5: CAIPI sampling mask used for data acquisition (colours represent
acquired samples). CAIPI width = 8, slope = 1, band offset = 2 (to match the 3D
acceleration factor), 16 shots with 17 phase encodes per shot and total acceleration

factor R= 6. Numbers indicate order of samples within a single shot.

8.3.2 Hardware and Sequence Adaptions for RF Sensors

PT and pTxS signals were simultaneously measured. To measure pTxS the binomial
water excitation pulse was overlaid with a frequency-division multiplexed scattering
matrix measurement (100 kHz offset; 10 kHz spacing; 15% pulse amplitude). The
pTxS measurements were recorded by enabling a switch in the scanner’s command
line interface which exported the digitised DICO data along with the TWIX
data for analysis.

PT was implemented by transmitting a pure sine wave (90 kHz off-resonance)
using an external RF signal generator (VSG25A, Signal Hound, USA) controlled via
VSG25A software version 1.0.6. The signal generator was connected via a coaxial
cable through the waveguide in the RF penetration panel to a dipole antenna placed
at the end of the patient table. To prevent damage to the RF signal generator,
situated in the control room, a pair of cross diodes were soldered inline at the output
port. The PT signal was assessed using an oscilloscope and FID measurements were
acquired with the scanner to find the nominal output power that should be used
during experiments, see Figure 8.6. The nominal output power of −30 dBm was
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found to give a clean signal on the order of the k-space data, without saturating
the receivers and operating in the linear regime of the preamplifier.

Figure 8.6: Pilot tone spectral density measured from FID measurements on the
scanner for different nominal power outputs on the signal generator (SG). A nominal
power output of −30 dBm gives a strong peak with amplitude on the order expected

for k-space data.

8.3.3 RF Sensor Signal Processing
The timeseries of scattering matrices are obtained by parsing the TWIX data using
mapVBVD [207] which contains the forward and reflected voltages for every RF pulse.
The scattering matrix for each RF pulse is calculated by inverting Equation 8.1 and
is unaffected by amplifier drifts. PTxS measurements were averaged across each RF
pulse giving 16 pTxS measurements per image volume (one per shot). The real and
imaginary components of the (8×8) S-matrix were reshaped as a vector of 1×128.

The PT signal is found after an inverse fast Fourier transform in the readout
direction and extracted using a peak-finding algorithm. Typically, the PT signal
is then subtracted from the k-space data prior to image reconstruction using a
signal model which assumes a constant PT frequency [245]. However, although
a pure sine wave is being transmitted (confirmed via oscilloscope measurements),
due to eddy current compensation during the EPI sequence the PT signal cannot
be modelled as a single frequency. This means these methods are imperfect at
removing PT signal from EPI imaging data [246].
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Instead of a pure sine wave signal model, eddy current related phase shifts and
+/- readout frequency changes in the PT signal were corrected by multiplying
each data point with the conjugate phase from an arbitrarily chosen reference
which was chosen to be the complex summation of PT signal across all receive
channels. The MR data was then subtracted from this to provide clean PT-free
MR data, as shown in Figure 8.7.

Figure 8.7: Example of pilot tone signal (red arrows) present in hybrid k-space
EPI data (inverse Fourier transformed along readout) is shown in A). Subfigure B)
shows the hybrid k-space data with pilot tone signal removed and C) shows a single
readout line. The pilot tone signal could be pushed further into the 2× oversampled
region. The pilot tone signal appears as alternating either side of the MR data due

to the EPI readout and +/- readout directions.

PT signals were then reordered to account for the segmented CAIPI sampling
trajectory and averaged for each EPI shot to obtain 16 PT measurements per
image volume (one per shot). The absolute value of the PT signal results in
a 1×32 vector for each shot.

A combination of signals was also evaluated by concatenating the pTxS and
PT signals resulting in a 1×160 vector. To prevent overfitting during subsequent
analysis, the RF signals were normalised, whitened using a SVD, and truncated to
reduce their dimensionality to rank 12 which was found to be a suitable threshold
for both PT and pTxS and close to the optimal hard rank threshold [247], as
shown in Figure 8.8. To allow for an offset in the GLM a "1" was concatenated
to the end of the RF sensor signal vector.

A summary of the RF sensor processing pipeline is shown in Figure 8.9.



8. RF Sensors for Motion Detection 180

Figure 8.8: Singular value decomposition of pilot tone (PT) and pTx scattering
(pTxS) data. Optimal hard rank threshold calculated from Gavish et al. [247].

Figure 8.9: Illustration of the RF sensor processing pipeline from the raw input
data to the output RF signal vectors for pilot tone (PT), pTx scattering (pTxS) and
a combination (Comb.) of both methods. OS; oversampled, RF; radiofrequency,

SVD; single value decomposition.
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8.3.4 Image Reconstruction

After PT removal, the clean PT-free MR data was Nyquist ghost phase corrected
using motion-free reference lines. Data was Hann filtered and zero-padded up to
64×64×32. Image reconstruction was performed using a conjugate gradient SENSE
reconstruction in the Berkeley Advanced Reconstruction Toolbox (BART) [248]
using coil sensitivities calculated from ESPIRiT [51].

8.3.5 Post-processing

Brain extraction and 3D rigid-body linear (affine) registration (6 DOF) were
performed against the first image volume using FSL’s [208] brain extraction and
FMRIB’s linear image registration tools (BET, FLIRT) [249–251] to obtain the
‘actual’ relative head position from the EPI data in the form of transformation
matrices. The transformation matrices were converted to 1× 6 rotation-translation
vectors made from concatenating the Euler angles, from the rotation matrix, with
the translations. These were then low-pass filtered to remove any sporadic erroneous
measurements from registration. The registered motion estimates for subject A
from FLIRT are shown in Figure 8.10.

Figure 8.10: Actual motion parameters for translations (top) and rotations
(bottom) for subject A extracted using FSL’s FLIRT registration tool. Motion

paradigms were still (S), circular clockwise (CW), anti-clockwise (AC), up (U), down
(D), left (L) and right (R).



8. RF Sensors for Motion Detection 182

A multivariate linear regression model was calculated in MATLAB (R2021a,
MathWorks, USA) and formed by fitting the first 400 EPI rotation-translation
vectors (600 for Subject B) to the processed pTxS and PT RF sensor signals. The
remaining 800 rotation-translation vectors were used to test the models. The
six degrees of motion rotation-translation vectors were collapsed to a single RMS
score [mm], ERMS, using an assumed head radius of R = 80 mm, as defined by
Jenkinson et al. [252] by

ERMS
2 = 1

5R
2Trace(A>A) + ~t >~t (8.3)

where A is a 3× 3 matrix and ~t is a 3× 1 vector extracted from an error matrix,
M, defined as a 4× 4 matrix from the difference between the first transformation
matrix, T1, and the nth transformation matrix, Tn, as

M =
[

A ~t
000 0

]
= Tn −T1 (8.4)

.

A global RMSE score for PT, pTxS and a combination was calculated by taking
the mean of the difference in RMS score across the entire timeseries.

8.4 Results
When the subjects were instructed to move, subjects A/B moved with an av-
erage velocity of 2.5 mm s−1/4.8 mm s−1 with translations and rotations up to
20 mm/30 mm and 7/10°. During a stationary 20 s window, the RMSE for subjects
A/B was 1.0 mm/0.7 mm for PT and 0.6 mm/0.5 mm for pTxS. During motion,
the ‘ground truth’ registration precision for subjects A/B was estimated to be
0.5 mm/0.9 mm for translations and 0.2°/0.3° for rotations (determined as the first
order derivative/

√
2). The cumulative energy in the first 12 singular values was

61% for pTxS, 90% for PT, and 61% for combined signals. The RMSE for each
degree of freedom is shown in Table 8.1 as well as the average global RMSE which
was 1.5 mm/2.3 mm for PT, 1.4 mm/2.1 mm for pTxS and 1.3 mm/2.1 mm for a
combination of these for Subjects A/B. The predicted motion traces from PT, pTxS
and a combination of both are shown in Figure 8.11 for each degree of freedom
and correlate well with the ground truth.
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DOF Subject A Subject B*
PT pTxS Comb. PT pTxS Comb.

x [mm] 0.9 1.0 1.0 1.4 1.1 1.1
y [mm] 1.0 0.9 0.9 1.2 1.0 1.0
z [mm] 0.9 0.8 0.7 1.8 1.8 1.8
Yaw [°] 0.3 0.3 0.3 0.5 0.3 0.3
Roll [°] 0.3 0.2 0.2 0.6 0.6 0.6
Pitch [°] 0.3 0.4 0.4 0.4 0.3 0.3

Global RMSE [mm] 1.5 1.4 1.3 2.3 2.1 2.1

Table 8.1: Root-mean-square error for Pilot Tone (PT), pTx Scattering (pTxS)
and a combination of PT and pTxS signals for both subjects A and B across the
predicted timeseries. *Data for subject B is trained on 600 volumes to include the

additional roll motion in training.
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Figure 8.12: Actual and predicted root-mean-square combined motion from
parallel transmit scattering (blue), pilot tone (red) and a combination of both

(green). The red shaded area represents the data used for model training. The grey
shaded area represents the expected error in ‘Actual’ due to motion.
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8.5 Discussion
I have demonstrated both PT and pTxS show sensitivity to head motion and can
be used for monitoring head motion using a linear regression model for estimating
quantitative motion parameters. I have also shown the ability to measure both of
these methods simultaneously and evaluated a combination of these signals.

I did not find a significant difference between pTxS and PT predicted motion
parameters. It was expected that since there are no Tx elements in the z-direction
that pTxS would not be able to provide accurate measurements in this dimension,
however, this was not the case and pTxS still had good sensitivity to motion in
this direction. Both PT and pTxS show an increased global RMSE for subject B
which involved larger amplitudes of head motion. This is likely due to changes in
coil loading related to rigid motion or departure from the GLM.

Instructing subject motion cannot guarantee that all possible subject poses are
examined and how this subject-wise ‘train then apply’ methodology would integrate
into a clinical workflow is uncertain. Additionally, the time spent training the
GLM (100 s) is far too long for clinical use. Therefore, going forward, it would be
interesting to try and form a model across a population and explore the accuracy of
such a model when applied to an unseen subject. This would remove the necessity for
a subject-wise calibration. However, one issue I faced when attempting this was that
the pTxS signal amplitude and standard deviation is sensitive to frequency offsets.
The issue with having a relative frequency offset when acquiring a 2D sequence for
pTxS is that the measurement of the scattering matrix is sensitive to the kilohertz
changes in the carrier frequency with each slice position. This is demonstrated in
Figure A.13 where small frequency offsets produce linear variation in the scattering
matrix. The solution I settled on was using fixed absolute frequencies for the
frequency division multiplexed monitoring pulses instead of a relative 100 kHz offset.
Alternatively, the frequency effects could be modelled out.

Aside from the frequency dependency, one issue which complicates a universal
statistical model for pTxS is that the scattering matrix elements amplitude and
standard deviation alters with pulse shape. This is demonstrated in Figure A.14
where truncating the RF pulse prior to calculating the scattering matrix leads to
a decrease in both the accuracy and precision of the scattering matrix elements.
This means two different pulse shapes, overlaid with frequency division multiplexed
monitoring pulses, will output slightly different scattering elements, depending
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on pulse shape and amplitude. This is because, as found by Jaeschke et al., the
accuracy and precision of the scattering matrix is determined by the energy of the
scattering matrix frequency division multiplexed monitoring pulses [241]. Hence,
changing the flip angle of the RF pulse results in the mean and standard deviation
of the scattering matrix elements changing, as seen in Figure A.15. A universal
model may not even be possible due to variation in subject impedances.

Motion predictions using all methods agree with EPI registered motion and where
they do not, they tend to agree well with each other, indicating true changes not
captured by the rigid-body motion model. For example around 193 s in Figure
8.12. In this example, pTxS and PT agree with each other but deviate from the
slower "actual" EPI registred motion estimate. Further work is required to explore
their sensitivity to smaller amplitudes of motion.

Both RF sensor-based methods demonstrate high temporal resolution which
could allow for motion updates per TR. pTxS signals are obtained during trans-
mission whereas PT signals are obtained during reception which occur much
more frequently during an MR sequence than transmission. Hence, PT may
give more frequent updates, unless additional low-amplitude monitoring pulses
are implemented into the sequence.

Further work is also required to interpret non-rigid body system changes and
refine the motion model to achieve the accuracy required for in-vivo motion tracking.
In some datasets, motion far from the coil (e.g. foot movement) resulted in changes
in the PT signal, resulting in sporadic erroneous head motion estimates. This motion
did not corrupt pTxS signals since the motion was outside of the Tx sensitivity.
Hence, as a result I believe the PT transmitter should be mounted as close to the ROI
as possible to avoid this motion corrupting the PT signal. Indeed, recent commercial
work implements PT transmitters directly onto coils for cardiac triggering, under
the product name "BioMatrix Beat Sensor" [253]. However, adapting coil designs in
order to incorporate a PT transmitter directly onto coils could be expensive.

Although a GLM was used in this work there is no physical justification why this
is suitable. Recent work shows linearity in Sim4Life simulations of pTx scattering for
translations up to 10 mm but rotations show non-linearity [254]. Hence, alternative
methods such as Gaussian Processes may be a better choice than a linear regression
model [255]. Alternatively, deep-learning could be employed to learn the complicated
relationship between the RF sensor signals and the motion parameters and may
be useful for estimating larger non-linear motions.



8. RF Sensors for Motion Detection 188

Recent developments of PT have applied two frequencies (≈2.4 GHz) to overcome
its limited spatial sensitivity due to the relatively long (compared to the range of
motion expected) 1H Larmor wavelength, called beat pilot tone (BPT) [256, 257].
The two frequencies are separated by the receiver bandwidth, which is essentially
the Larmor frequency, ωL, and results in inter-modulation which is picked up by the
receive coils. The two high frequency transmitters cause standing waves to be present
with a much shorter wavelength and hence sensitivity to smaller ranges of motion.
This means that the transmitter can be located much further away from the subject
and there is greater flexibility in what frequencies are emitted, as long as they remain
separated by ωL. BPT has demonstrated much greater sensitivity (approximately
20×) to small motion than PT which is only sensitive to bulk motion. Although, at
this stage, whether the greater sensitivity offered by BPT is genuinely useful, or
whether it just further complicates the interpretation of the PT signal, is unknown.

Alternatively, a hybrid method could be conceptualised where the PT signal
is generated by the transmit coil itself. This hybrid method would result in a
8×32 matrix, which is larger than that of both pTxS (8×8) or PT (1×32) and
may potentially capture more motion information. Of course, this would require
simultaneous transmit and receive which has not yet been demonstrated but may be
possible by overriding the T/R switch. This hybrid approach would overcome the
problem of sensitivity to exterior motion and reduce costs by not having to adapt coil
designs with on-board PT sensors. It would also be applicable to lower field scanners
(e.g. 1.5 T or 3 T) unlike pTxS which is only useful for pTx capable UHF systems.

Nevertheless, the challenge with these RF sensor-based methods for quantitative
motion estimation remains in the calibration of a suitable statistical model. Recent
work by Brackenier et al. [258] demonstrated motion correction, using a similar
linear regression model, of an MPRAGE using PT signals calibrated during short
(4 s) blocks dispersed within the entire scan. This was shown to be a clinically
viable solution which is applicable to any sequence making use of sequence dead
time or by implementing dedicated calibration blocks.

8.6 Summary
I have shown there is high sensitivity to rigid body head motion in both PT and
pTxS signals. Within this work both methods currently achieve a similar degree
of accuracy but more investigation is required to determine their sensitivity for
smaller amplitudes of motion and whether a universal statistical model is possible.



So long, and thanks for all the fish.

-Douglas Adams
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9.1 Contributions

This thesis was largely focused on improving B+
1 mapping which is at the foundation

of pTx pulse design, in order to improve pTx performance and particularly in regions
outside the brain. SatTFL works well for use at ultra-high field as a 2D sequence
but suffers from anisotropic voxels and slice-profile effects. A 3D sequential SatTFL
sequence is infeasible for clinical use due to the long acquisition time. This lead
me to develop a novel 3D B+

1 mapping sequence based on SatTFL.

In this thesis I have outlined the development of this novel volumetric B+
1 mapping

sequence which I have called "Sandwich". I have demonstrated that Sandwich is fast
(20× faster than a sequential 3D SatTFL) as well as being robust to B0 and flow with
a lower peak B+

1 than 2D sequences which is ideal for B+
1 mapping in the body. Most

importantly, the 3D Sandwich sequence enables further acceleration that was not
possible with the 2D SatTFL sequence. Hence, Sandwich can achieve a significant
reduction in acquisition time therefore making tailored pTx design more feasible.

189
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I have demonstrated the practicality of the Sandwich sequence in the brain and
the heart and compared it to similar sequences through simulations as well as
phantom and in vivo experiments. My simulation framework helped to identify
and quantify the limitations of each method under various parameters such as
T1, B0, flow and diffusion.

During my internship with Siemens Healthineers in Erlangen, Germany, I imple-
mented the Sandwich pulse sequence and ICE reconstruction for the Magnetom
Terra.X XA60 platform. The Sandwich sequence is hopefully to become the default
product sequence for pTx pulse design, replacing the conventional 2D SatTFL. This
will help to allow faster and more accurate tailored pTx pulse design.

Through my work on improved B+
1 mapping I also determined that coil-cycling is

essential for the accuracy and precision of relative magnitude maps. Coil-cycling
is especially important for 3D relative magnitude maps acquired in the body. I
recommend this simple modification is implemented to ensure accurate mapping
and therefore improved pTx pulse design.

I also investigated an acquisition strategy to acquire single breath-hold volumetric
B+

1 maps in the heart for pTx. I demonstrated that the acquisition of small scan
matrices were adequate for cardiac B+

1 mapping. Although two Tx modes are likely
sufficient for cardiac absolute B+

1 mapping a third mode would be particularly
beneficial for the Sandwich scheme. This work is important for developing 1H
cardiac imaging at UHF.

My initial work with RF sensor-based motion detection methods demonstrated
the ability to use a simple linear regression model to predict head motion calibrated
using a fast EPI scan. I did not find a significant difference in the training or
prediction accuracy between PT and pTxS. I demonstrated the ability to acquire
both of these methods simultaneously and saw no clear benefit from combining the
signals. However, the accuracy of my "ground truth" calibration method was limited
and further investigation is required to evaluate their accuracy to smaller amplitudes
of motion where we may see more subtle differences between the methods. I did find
some evidence that a linear model may not be suitable for large motion amplitudes.
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9.2 Future Directions
At the time of writing, Siemens Healthineers are continuing to develop the Sandwich
sequence by incorporating a multi-echo readout in the reference image for simulta-
neous B+

1 and B0 mapping. Other improvements could be made to the Sandwich
sequence for example a radial instead of Cartesian acquisition for robustness against
respiratory motion or the use of a universal pulse for the imaging excitation.

The largest assumption in this work is the temporal invariance of the transmit
field. Currently, B+

1 field maps are measured once and applied for the remainder of
the scanning session. However, previous cardiac work at 3 T has shown respiration
leads to B+

1 field changes between inhalation and expiration ranging from 1%
to 14% and this is expected to be worse at higher field strengths [259]. Hence,
respiration-resolved cardiac B+

1 field maps would be useful to design pTx pulses that
are either more robust to respiration or a library of different pulses to be applied
at certain phases of the respiratory cycle. This could be done by continuously
measuring fast coil-cycled relative maps throughout the respiratory cycle and binning
them according to the respiratory phase. The respiratory binning could be done
without using any bellows or on-subject hardware by utilising RF sensor-based
methods as outlined in Chapter 8.

TxLR is an iterative method of reconstruction, which takes a considerable amount
of time. Therefore, a low-rank deep learning reconstruction is desirable. Despite
aiming to make some progress in this area, I ultimately found this to be challenging
as the reconstruction problem is novel. Typically, deep-learning neural networks
work with large k-space (or image space) matrices (typically ≥ 256× 256) which
generally have a fully sampled centre of k-space. Instead, we are working with
a very small (24 × 24), and highly under-sampled, k-space which could be on
the order of what is typically used for the ACS region. I am, however, aware of
others actively working on this problem.

RF sensor based methods are an innovative approach to motion detection but
they require further development to be fully realised. Many potential methods exist
such as PT, BPT, pTxS and a potential hybrid PT/pTxS method but which of these
methods is able to provide the most practical and useful motion information is still
not known. Hence, further work should focus on evaluating the sensitivity of the
RF sensor signals to motion. This could be explored through Sim4Life simulations.
Aside from the choice of method, further work needs to be done to refine the motion
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model. A linear model is probably inadequate and more complex models should be
explored. Deep learning is the most promising way to learn the complex relationship
between RF sensor signals and motion and would be helpful to obtain a universal
motion model that can be applied across a population. Although, how much and
what kind of motion data is required in order to train such a universal model, and
if a universal model is even possible, still needs to be determined.

9.3 Closing Remarks
As UHF MRI is increasingly used for clinical scans, the need to be able to adapt to
the inter-subject variability only grows, and hence RF pulses should be tailored to
the subjects own anatomy and B+

1 mapping remains relevant. Improvements in B+
1

mapping methods will only serve to improve the design of pTx pulses. It is therefore
difficult for me to believe that UHF MRI will do away with B+

1 mapping altogether,
although, how deep learning will impact scanner calibration is anyone’s guess.

The use of the Tx (pTxS) and/or Rx (PT) coils themselves for motion detection
is in its infancy and there is a lot of exciting work to be done in this area with
potentially huge benefits for motion detection and correction. I am eager to follow
along and see RF sensor-based methods maturing as a method of motion detection.

I look forward to seeing how others may pick up from this work, implement their
own ideas and put forward new concepts in the field of MRI. But if one day I find
myself back in a Siemens 7 T scanner and I hear the brief yet distinct sound of
the Sandwich sequence, it will certainly bring a smile to my face in the knowledge
that I made some small contribution to the field.
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A.1 T1 Correction Scheme
An additional modification to the proposed Sandwich scheme was tested in order
to further reduce sensitivity to T1 relaxation using Eq. 4.1. This involved a third
readout train, S2, which is performed directly after S1. Phantom and in vivo results
for the T1 Correction scheme, as outlined in Section 4.3.1.2, are shown here.

Initial simulation results into a T1 correction scheme appeared to reduced the
variation in the measured FA due to T1 which extends the upper bounds of the
DR. However, this ultimately comes at the cost of an overall slightly reduced
DR due to decreased signal for low FAs. This is evident as an increase in the
NRMSE in both the phantom and brain maps. Ultimately, since there were no
noticeable T1-related artefacts in the Sandwich maps and since the acquisition using
the third readout train would not fit entirely within diastole, this T1 correction
modification was not explored further.
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Figure A.1: Flip angle maps from a water phantom at a reference voltage of 60 V
for various sequences. i) segmented satTFL method with TR = 20 s ii) satTFL iii)
satTFL acquired segmented and TR reduced to 2 s iv) segmented Sandwich scheme
with TR = 1 s, β = 0.1α v) segmented T1 Correction scheme with TR = 1 s, β =

0.1α.
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Figure A.2: Flip angle maps in the brain at a reference voltage of 60 V for various
sequences. a) satTFL b) satTFL acquired segmented and TR reduced to 2 s c)

segmented Sandwich scheme with TR = 1 s, β = 0.1α d) segmented T1 Correction
scheme with TR = 1 s, β = 0.1α.
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A.2 VB17 Slave Dropout
For general pTx on the Magnetom 7 T Step 2.3 VB17 pTx system the master
synchronises all the slaves at the start of the sequence. When cardiac gating is
enabled, the master has to resynchronise all the slaves each TR. The slaves then need
to calculate the sequence timings for the next TR on the fly and wait for the "green
light" from the master. If one of the slaves is slightly too slow for whatever reason
(e.g. too many COUT s), it can lead to instability in the system and potentially
a crash which requires a reboot or even a full power cycle.

This was the cause of one of the issues when implementing this sequence on the
scanner, due to calculating the encoding trajectory through a new ReorderInfo class.
Every TR the new ReorderInfo class would read in a binary text file containing
the undersampling mask for each transmit channel and calculate the encoding
trajectory. Although no error was reported by the system, this was taking too long
and caused system instability. After this problem was identified, the sequence’s
ReorderInfo class was rewritten to avoid reading in the text file each TR, which
improved the stability of the sequence when cardiac gating.

Figure A.3 shows the relative phase between master and slaves for ungated
and gated Sandwich sequences. For ungated sequences the phase remains constant
throughout the acquisition only changing when the transmit mode changes from CP+

to CP2+. However, for gated sequences it appears three slave channels begin to have
a phase offset that varies randomly. This is due to the slave dropping out and having
zero amplitude therefore arbitrary phase for the remainder of the scan. Once this was
identified the ReorderInfo class was rewritten to minimise the computational time
each slave would need to perform the trajectory calculations which fixed the problem.
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Figure A.3: VOP data showing the relative phase to the master channel (Tx1;
blue) for ungated and gated sequences.

A.3 VB17 Slave Synchronisation

When troubleshooting problems with the accelerated cardiac B+
1 maps it was noticed

that there were additional artefacts introduced when the joint reconstruction was
performed with a combination of gated relative maps and ungated Sandwich absolute
maps. The green arrow in Figure A.4a) shows a generic shading artefact due to poor
CP+/CP2+ coverage. However, the red arrows in Figure A.4b) show severe B+

1 errors.

Figure A.4: Artefacts noticeable in pTx maps acquired in a drum phantom when
performing a joint reconstruction with an ungated Sandwich absolute maps and a)

ungated and b) gated relative maps.
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Multiplying the ungated relative maps by the conjugate of the gated relative
maps you can see in Figure A.5 a difference in the phase of the relative maps
between ungated and gated acquisitions. There is a constant additional phase
on the slave channels of approximately 71°.

Figure A.5: Phase offset between ungated and gated relative maps acquired in a
drum phantom.

Looking at VOP data for the preparation pulse, as seen in Figure A.6, there
was a clear 10 µs delay between master and slave RF pulses which was the cause
of the constant additional phase on the slave channels and the artefacts seen in
Figure A.4. I found this was caused by an error in the class which adapted SeqLoop
to control the halting and re-synchronisation of the slaves when cardiac gating
resulting in an unexpected 10 µs delay between the master and slaves. This delay
resulted in the phase difference seen in relative maps.
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Figure A.6: VOP data for ungated and gated acquisitions showing a clear 10 µs
delay between the master (blue) and slave preparation pulses.

A.4 Ineffective Gradient Spoiling

During the implementation of the Sandwich sequence on XA60 for the Terra.X
a few smearing artefacts were initially noticeable in the readout direction of the
prepared images and increased with the reference voltage as seen in Figure A.7.

Figure A.7: Artefacts visible in the prepared images of the Sandwich sequence
worsening for higher reference voltages.

Initially a variety of parameters were tested to understand their influence on the
artefacts. The artefacts in question are clearly visible in Figure A.8.



A. 200

Figure A.8: Artefacts visible in the prepared images of the Sandwich sequence for
various protocols. A) Default centric reordering, B) Increased gradient spoiling, C)
10 dummy TRs, D) 10 s TR, E) 0° saturation pulse and F) Linear reordering.

The artefacts were significantly reduced when no saturation pulse was present or
when linear reordering was used. To further investigate the cause of this artefact,
the k-space centre line along the readout was plotted for the summed magnitude of
receive channels as shown in Figure A.9 for centric versus linear reordering.

Figure A.9: A line through the readout of the A) reference and B) prepared
images for the summed magnitude over all receive channels showing a reduction in
an artefact in the prepared image due to a second echo from switching to a linear

phase encoding scheme.

A second echo is visible approximately 0.75 ms after the main peak, which is
reduced when linear reordering is implemented. It became clear that mixing of the
transverse magnetisation from the reference image by the preparation RF pulse
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and subsequent refocusing was the cause of the artefact. The second echo has a
higher intensity closer to the preparation pulse, decaying through the FLASH train
and hence less prevalent for linear versus centric encoding. Hence, after increasing
the spoiler of the preparation pulse this artefact went away.

This problem arose since the SatTFL sequence on XA60 implemented the
preparation pulse during a typical readout of the FLASH train, which only allowed
a short duration for the preparation pulse and associated spoiling. This was not a
problem for SatTFL, but since the Sandwich scheme acquires the reference image
directly before the prepared image, this became an issue and the preparation pulse
needed to be implemented in its own SBB with dedicated spoiler.

A.5 HS8 Versus HS4

During the implementation of the Sandwich sequence on XA60 for the Terra.X,
the choice was made to switch to a HS4 pulse, shown in Figure A.10, for the
saturation since the HS4 pulse was already present in the Siemens RF pulse
library. The motivation for this was to reduce the number of derived classes and
sequence files required to compile the sequence making upkeep simpler and less
bespoke. The effect of changing to the HS4 pulse is investigated here using the
simulations developed in Section 5.

Figure A.10: The magnitude (left) and phase (right) for HS8 (blue) and HS4
(red) preparation pulses.
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For the same amplitude integral and duration of 5120 µs changing to the HS4
instead of the HS8 pulse had an 11% reduction in Vpeak (35.9 V versus 32.3 V)
and a 27.8% reduction in SAR. The reduction in SAR comes from a reduction
in the total energy from 4.62 J to 3.62 J with the average 10 s power reducing
from 1.40 W to 1.10 W. The change from HS8 to HS4 had no impact on the
DR of the Sandwich method.

Figure A.11 shows the longitudinal magnetisation as a function of B0 and B+
1

expressed as a dynamic range for the HS8 and HS4 pulses. As expected based
on the energy values, the HS8 pulse does have a larger bandwidth than the HS4.
However, the region over which the B+

1 is consistent is approximately constant
between the two pulses at around ±1.1 kHz. There is, however, a slightly larger
ripple in the longitudinal magnetisation within this region for the HS4 which is
clearer to see in Figure A.12.

Figure A.11: The longitudinal magnetisation as a function of B0 and B+
1

expressed as a dynamic range for A) HS8 and B) HS4 pulses. The colour represents
longitudinal magnetisation with yellow indicating 1 (no excitation) and dark blue
indicating -1 (full inversion). Arrows correspond to lines plotted in Figure A.12.
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Figure A.12: The longitudinal magnetisation as a function of B0 plotted for three
nominal B+

1 dynamic ranges.

A.6 Scattering Matrix Sensitivity
The scatter matrix measurements are sensitive to the frequency offsets resulting
from slice selection for 2D sequences. This behaviour is demonstrated in Figure
A.13. The impact of truncating the RF pulse, prior to calculating the scattering
matrix, on the scattering matrix elements is shown in Figure A.14. A decrease in
the RF pulse duration leads to a decrease in both the precision and accuracy of
the scattering matrix itself, as shown by the variation in mean and increase in the
SD. Similarly, the effect of increasing the FA on the measured scattering matrix
elements is shown in Figure A.15. Increasing the FA of the RF pulse which contains
frequency division multiplexed monitoring pulses (at 15% pulse amplitude) improves
the accuracy and precision of the scattering matrix measurement. This complicates
the ability to train a model based on scattering matrix measurements from one RF
pulse type/amplitude and applying them to data acquired with another.
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Figure A.13: Effect of slice selection on the mean and standard deviation of the
scattering matrix elements.

Figure A.14: Effect of RF pulse truncation on the mean and standard deviation of
the scattering matrix elements.
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Figure A.15: Scattering matrix elements concatenated for phantom acquisitions at
flip angles from 2° to 8° to show the difference in mean and standard deviation with

flip angle.
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