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INTRODUCTION



CHAPTER 1
1.1 GENERAL INTRODUCTION

In the last decades Magnetic Resonance Imaging (MRI) has greatly improved the possibilities
for non-invasive diagnosis of disease. MRI has earned its place in the clinical decision making
process due to its excellent soft-tissue contrast, the lack of radiation and the possibility to
measure a wide range of physiological properties (i.e. diffusion, perfusion, metabolism,
oxygenation). In recent years the development of high-field strength scanners, improved
transmit-receive systems, new acquisition strategies and increased computational power
have further improved the diagnostic capabilities of MRI.

Many of these developments have focused on improving the imaging efficiency, due to the
limited available scan time for clinical protocols. In MRI sequence design, a trade-off has to
be made between image quality and scan time, which is related to the process of spatial
encoding. Adjusting the sampling schemes to the clinical research question often results in
an efficient method with sufficient image quality to answer the questions at hand. If for
example, we would like to detect microbleeds in the brain, it is essential that we acquire
images of the brain with the highest possible resolution, while a functional study of the
heart would require multiple images within a single heartbeat to assess its function. In both
these examples fast and efficient sampling schemes are necessary to acquire sufficient
spatial or dynamic resolution.

These efficient MRI methods require a homogeneous magnetic field (Bo) and linear spatial
encoding gradients (Gx,Gy,G.) for accurate spatial encoding of the MR signal. In practice,
however, many variations in the magnetic field can exist, such as differences in the chemical
environment (e.g. chemical shift), magnetic susceptibility effects (e.g. air-tissue interfaces,
metal prostheses) or system imperfections (e.g. inhomogeneous Bo, non-linear gradients).
In conventional MRI methods these field inhomogeneities result in severe image
distortions, such as geometrical distortions, signal voids and signal hyperintensities. In this
thesis, the goal was to develop MRI methods for geometrically undistorted imaging and
accurate signal characterization in the presence of field inhomogeneities and chemical shift.
MRI techniques with these properties are so-called fully phase-encoded sequences that
have been used extensively in the laboratory setting for solid state imaging and for pre-
clinical investigations. The main disadvantage of phase-encoded MRI is the long scan time
requirement, which has prevented adaptation in the clinic. In this thesis, phase-encoded
sequences were used to address existing challenges on clinical MRI systems, where the
excellent data quality might outweigh the scan time limitations (i.e. imaging near metal, low
sensitivity, accurate signal characterization).

In this introduction a step-by-step explanation is given of important concepts in MRI (i.e.
signal formation, spatial encoding, magnetic susceptibility, chemical shift) that are relevant
for the investigated research topics, followed by a thesis outline.
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1.2 MR SIGNAL FORMATION

The signal in a MR experiment originates from the magnetic properties of non-zero spin
nuclei (1,2), such as proton, sodium and fluorine nuclei that were studied in this thesis. In
the case of spin % nuclei (i.e. proton and fluorine) a net magnetic moment originates from
an energy difference between two energy states, where the difference between the two
energy levels can be described by:

4E =y (3)B, [1.1]

with y the gyromagnetic ratio of the nucleus, h is Planck’s constant and Bo is the main
magnetic field. Eq 1.1 can also be written as:

AE = hvo [1'2]

where vo is the Larmor frequency, which is the precession frequency where the resonance
condition for MR excitation is fulfilled:

Vo = %BO [1.3]
After placing an ensemble of non-zero spin nuclei in a strong magnetic field the population
difference between the two energy states increases according to the Boltzmann equation,
causing an increase in the net magnetic moment. This net magnetic moment is the sum of
all individual magnetic moments and is often described as a magnetization vector, which
can be used to describe most of the MR signal behavior using classical physics (3,4) instead
of quantum mechanics (5). The net magnetization vector is oriented parallel with Bo where
the amplitude in thermal equilibrium is given by:

— (Yhy2 nBo
M, = (211) 4KT [1.4]

where n is the total number of spins in the ensemble, k is the Boltzmann constant and T is
the absolute temperature. From Eq 4 it can be seen that the observable magnetization
vector Mo increases quadratic with the gyromagnetic ratio and linearly with Bo, which
implies a higher SNR for high gyromagnetic ratios and higher field strengths, respectively.
This relation also explains the trend towards higher field strengths for human MRI systems
in recent years, which has improved the applicability for i.e. spectroscopy and non-proton
MRI investigations that have traditionally been impeded by low sensitivity. Before a MR
signal can be detected the magnetization vector Mo has to be rotated to the plane
perpendicular to Bo, known as the transverse plane.

This rotation is achieved by applying a second magnetic field B:1 perpendicular to the main
magnetic field Bo, with the same precession frequency (Eq 1.3) as the net magnetic moment.
This process is referred to as rf excitation. After the rotation of the net magnetic moment



CHAPTER 1

Mo from the z axis towards the x-y plane the precession of the transverse components of
Mo through a receive coil will create a loop current. This current translates to the MR signal,
which can be described using complex numbers.

To simplify the description of the behavior of the magnetization vector through time the x,
y and z world coordinates are replaced by x’, y’ and z’ coordinates that rotate around Bo
with the Larmor frequency. Conventionally the x, y and z coordinates in MR signal equations
refer to the x’, y’ and z’ rotating frame of reference instead of Cartesian coordinates. From
this point we will also refer to the rotating frame of reference when using x, y and z. The
behavior of the x, y and z components of the magnetization vector through time can be
described by the Bloch equations. For the simple case without Bo inhomogeneities after B:
excitation the Bloch equations for the magnetization in the rotating frame of reference are

given by:

dM. M.

—F = = [1.5]
dt T,

am M

2= -2 [1.6]
dt T,

dM. Mz—M

27z _ _ Tz 70 [1.7]
dt Ty

where Myy,. are the individual magnetization vectors in each spatial direction, T is the
transversal relaxation time and Ti is the longitudinal relaxation time, which influence the
size of the magnetization vector and therefore the available signal present in a MR
experiment.

1.3 T1 AND T2 RELAXATION

T1 and T2 relaxation originate from interactions between nuclear magnetic spins and with
their environment. The relaxation times vary substantially between biological tissues and
metabolites, which can provide useful information for the detection of disease (6). An
example is given (Figure 1.1) for three different tissues that are encountered when imaging
the knee (Fat, Muscle, Tendon). The available signal in the transversal plane (Mxy) decreases
exponentially over time for all tissue types with different T, relaxation rates. If data is
acquired 20 ms after excitation the signal of the tendons has almost disappeared, while fat
and muscle show similar signal amplitudes. However, when acquiring data 1 ms after
excitation the tendons will contribute almost equally to the total measured magnetization.
When repeating the experiment after a certain time the maximum signal that can be excited
is determined by the longitudinal T1 relaxation (Figure 1.1b). It can be seen that the
difference in T: relaxation between muscle and fat is more pronounced than the T:
relaxation. The differences in relaxation behavior are used in clinical practice to weight the

signal in the images according to T1 and T2 parameters, to achieve the desired soft-tissue
10
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contrast for anatomical imaging and/or disease detection. However, in relaxation weighted
imaging the contrast between healthy and diseased tissue may be low when the disease is
still in an early stage or when it is diffuse throughout the tissue (i.e. osteoarthritis,
myocardial infarction)(7,8). In such cases quantitative mapping of the relaxation parameters
might be preferable to detect alterations in diseased tissue, despite the low contrast in
relaxation weighted images.

Figure 1.1: Transversal (T,) relaxation (a) and longitudinal (T1) relaxation (b) for different biological
tissues after full excitation of the MR signal. The transversal magnetization M,y is the measured signal
after excitation and the longitudinal magnetization M, is the available magnetization for the following
repetition of the MR experiment.

1.4 MR IMAGING

To obtain MR images the MR signal is modified locally using magnetic field gradients (9,10).
The application of a magnetic field gradient that linearly varies with the position in an object
leads to a spatial dependency of the magnetic field with respect to the location:

B(x) = By + x G, [1.8]
with Gx the gradient strength and x the position in 1 dimension. The varying magnetic field
will also lead to a spatially varying resonance condition:

w(x) =YBy +vxG, [1.9]

To be able to retrieve the spatial information from all combined frequencies present in the
object numerous data points with varying phase accumulation are required. These data
points are referred to as k-space coordinates (or frequency space) in MRI and the signal can
be described with:

s(k) = [ p(x)et2mkxdx [1.10]

with k the step size in k-space defined as (y/2m)Gx t, with t defined as the time that the
gradient has been turned on and p(x) the effective 1D proton density that includes
relaxation behavior and other factors.

11
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1.4.1 FREQUENCY AND PHASE ENCODING

The spin distribution in the excited volume can be spatially encoded by applying gradients
in 1, 2 or 3 dimensions of interest after signal excitation. The k-space coordinates (k = (y/21)
Gx t) can either be acquired during the application of a constant gradient (constant Gxwith
varying t) or by applying a gradient for a constant time followed by data acquisition (varying
Gx with constant t). The first process is known as frequency encoding (Figure 1.2a) and the
second is known as phase encoding (Figure 1.2b). In the frequency encoding process
multiple k-space coordinates can be measured in a single acquisition, while the phase
encoding process requires multiple repetitions to cover the same part of k-space. This
makes phase-encoded imaging a slow process that is less efficient than frequency-encoded
imaging in many clinical situations. This is the major limitation of phase-encoded imaging
that has to be considered when competing with other MR imaging methods.

Figure 1.2: A 1D MR imaging experiment using either frequency encoding (a) or phase encoding (b)
gradients. In a 1D experiment the frequency encoding acquisition is performed once to obtain a single
image at a specific TE. The phase-encoded experiment is repeated Ny times to obtain a multitude of
images with slightly varying TE’s.

In a typical gradient echo frequency encoding experiment, first a negative gradient with half
the area of the final readout gradient is switched on to obtain symmetrical sampling around
the center of k-space. When the readout gradient is switched on the net induced phase is 0
at the center of k-space causing the formation of an echo. This time is called the echo time
(TE) and is an important parameter in MR imaging because it is the dominant factor in the
determination of the contrast of the image. In case of phase encoding there is no net
gradient during the data readout, which is less efficient with respect to spatial encoding. To
fully encode the x dimension Nx repetitions are required instead of a single repetition, with
Nx the number of required points in the x dimension. However, despite this major
disadvantage the separation of the acquisition window from the spatial encoding process
leads to advantages with respect to temporally resolved MRI signal, image quality (sect 1.5)
and sensitivity (sect 1.6), aspects which are explored in this thesis. The first major difference
12
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between both encoding strategies is the effect of the TE and T2 on the MR signal, which can
be described by extending Eq 1.10 to include an exponential factor that describes the T
relaxation decay. The use of rectangular gradients is assumed in these equations.

For a 1D frequency encoded experiment Eq 1.10 becomes:

—TE+px T

s(k) = [ p(x)et2mxe T2 dx [1.11]

with k = %Grmd’x T Py With Greadx the constant strength of the readout gradient, t the

time per measurement point (1/bandwidth (BW)) and px the p-th sample of the signal
readout defined as —Nx/2 < px < Nx/2 with Nx the number of samples. Here, the acquired k-
space signal changes due to Tz relaxation during the readout of the k-space line, which acts
as a filter that causes blurring and imposes a lower limit on the spatial resolution. However,
this effect is only pronounced for very short T2 values or very long readout durations.

For a 1D phase-encoded experiment Eq 1.10 becomes:

—TE+nsT

s(k) = [ p(x)e™t2mhxe T209 dx [1.12]

with k = % AGphasex tp Px With AGphasex the step-size of the phase encoding gradient, t,

the fixed time of the phase encoding gradient and px the p-th sample of the acquired
k-space data with —Nx/2 < px < Nx/2. The effective TE is defined as TE(n:)=TE(1)+n:t with TE(1)
the echo time of the first time point, nt the n-th acquired time point during the acquisition
interval and t the time per measurement point. This results in a series of time points where
the relaxation term is independent of the spatial encoding term. Therefore, the signal can
be used to directly study the relaxation behavior, frequency differences between biological
compounds (sect 1.5.4) or retrospectively adjust the bandwidth by averaging multiple time
points (sect 1.6). After acquisition of the full k-space data using either frequency or phase
encoding a Fourier transformation can be applied (11) to obtain spatially resolved clinical
images (10).

The presented 1D sequences and equations can be easily expanded to describe 3D spatial
encoding. In the majority of clinical 3D MRI sequences two spatial dimensions are encoded
using phase encoding, thereby increasing the acquisition time a factor NyN..

1.4.2 SLICE SELECTION

In clinical practice the 3D volume of interest is often divided in a 2D slices, by a process
called slice selection (Figure 1.3). This is achieved by applying a gradient during the
excitation pulse (G;) with a specific frequency range (Aw) and frequency offset (fo). Only the
region that fulfills the MR resonance condition (zo+ 0.5Az) will be excited by the excitation
pulse and therefore measured in the MRI experiment. This center of the excited slice (zo)

13
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with respect to the isocenter of the magnet and the slice thickness (Az) for on-resonance
spins are described by:

Zy = Z—HAU) [1.13]
YG,
and
Az = 2_71 Aw [1.14]
14

Slice excitation is often repeated multiple times with different frequency offsets to obtain
information of multiple slices in the anatomic region of interest. The process of slice
excitation is illustrated schematically below:

Figure 1.3: The slice selection in an MR imaging experiment using gradients during excitation is
illustrated schematically in (a) showing the gradient, object and selected slice. The same process is
shown in (b) as a function of the position z and the induced field offset AB(z) caused by the slice
selection gradient G(z). The final excited slice Az is determined by the excitation bandwidth Aw and
the resonance offset frequency fo.

1.5 MRI IN THE PRESENCE OF FIELD INHOMOGENEITIES

In the previous sections the main magnetic field Bo was assumed to be perfectly
homogeneous, which leads to perfect spatial localization in conventional frequency-
encoded MRI sequences. In practice, however, substantial field deviations can be present
due to imperfections in the magnetic field, non-linearities in the encoding gradients,
differences in magnetic properties of tissues or implant material (e.g. magnetic
susceptibility) and differences in the resonance frequency of metabolites (e.g chemical
shift). In this section the impact of magnetic susceptibility differences and chemical shift on
the spatial encoding and signal decay will be discussed to gain an understanding of the
underlying causes of MR image distortions, and the potential solutions that are proposed in
this thesis.

14
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1.5.1 MAGNETIC SUSCEPTIBILITY

Magnetic susceptibility (x) is a property of materials representing the tendency of a material
to become magnetized when placed in an external magnetic field. In most applications this
effect is minor and therefore not considered as an important property of the materials.
However, in MRI the applied magnetic fields are very strong, making the x of a chosen
material considerably more important (12). In MRI, x-effects are a source of image artifacts,
decreased spatial accuracy and safety concerns due to the induced magnetic forces and
electric conductivity of implanted devices. External devices are common in the field of
orthopedics and MRI guided interventions where the x of the material has to be taken into
consideration. Materials that experience strong magnetic torque in a MRI scanner are
considered incompatible (i.e. iron, steel), due to safety issues. Other metallic materials that
are often used in orthopedic and spinal implants can include MR compatible stainless steel,
cobalt-chromium alloys and titanium. These materials are often regarded MR compatible
with respect to safety, but induce significant field inhomogeneities that cause image
artifacts. Note that the safety of an implant is dependent on its composition, size and the
applied magnetic field, which have to be taken into consideration before MRI investigations
can be conducted. For more information on MRI compatibility a database of devices can be
consulted (www.MRIsafety.com). In addition to external implanted devices, more modest
dx differences can exist within biological tissue (i.e. air-tissue interfaces, small iron deposits
in the brain, calcifications) that can also be exploited as a base for image contrast (13). In
this thesis a fundamental solution for imaging in the presence of extreme dx gradients was
explored to address unmet medical needs for post-operative orthopedic imaging.

1.5.2 CHEMICAL SHIFT

In addition to macroscopic field effects, the spin nucleus can interact on the molecular level
with surrounding nuclear spins, which can cause shifts in the resonance frequency vo (14).
The electrons in a molecule can shield the spin nucleus from the main magnetic field,
causing a lower effective magnetic field Biocal = Bo(1-0) where o is a shielding constant that
depends on the environment. The new resonance frequency Viocal Can be calculated by
substituting Biocal for Bo in Eq 1.3. The difference between the on-resonance Larmor
frequency vo and shielded frequency viocal is referred to as the chemical shift:

§ = Hocal_ Y0106 [1.15]

Vo

The chemical shift 6 is expressed in parts per million (ppm) to enable direct comparisons
between the resonance frequencies at different field strengths. This enables an easy
comparison between studies where resonances are located at specific ppm values. In
frequency-encoded imaging the differences in chemical shift causes a relative shift of the
two chemical shift species in a medical image, which is known as the chemical shift artifact.

15
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In this case the chemical shift is a problem. In phase-encoded imaging, where the encoding
gradient is separated from the acquisition interval, the chemical shift artifact is prevented.
More interestingly, it is possible to spectrally resolve the different chemical shift values to
study the molecular environment, which is the basis of the field of MR spectroscopy (4). MR
spectroscopy can be used to study underlying molecular pathways of diseases that may help
to find potential diagnostic biomarkers (i.e. neurotransmitter concentrations, cancer
metabolism rates)(15-18) or perform chemotherapy monitoring as was done in this thesis.

1.5.3 THE INFLUENCE OF FIELD INHOMOGENEITIES ON FREQUENCY AND PHASE ENCODING

The influence of dx and chemical shift induced field offsets (AB) can be described by an
additional term in the MRI signal equations. The field offset causes an additional phase
development over time that impacts the image quality and MR signal behavior.

In the case of the 1D frequency encoding Eq 1.11 becomes:

. —TE+pxt
S(k) = fp(x)e_" anxe To(x) e—l}/AB(x)px‘rdx

AB(x), —TE+pxT

= [p(x)e PO T dx [1.16]

In the frequency-encoded signal the influence of AB(x) is scaled with the k-space coordinate
number. The scaling of the field induced phase offset during the readout gradient has
implications for the geometrical accuracy in the reconstructed image (3). From the Fourier
shift theorem it can be derived that the spin density at location x is reconstructed at location
X" in the presence of a field offset according to:

p(x) =p (x — B ) [1.17]

Greadx

Similar processes influence the slice selection procedure (Figure 1.4a) where a resonance
offset causes a shift of the selected slice locations (Figure 1.4b). The range of excited spins
is described by:

Az , Az
zo—7<z <ZO+7 [1.18]
with
2m
z'=z+ ABy(z) [1.19]
Gs

where Z’ is the excited location in the presence of field inhomogeneities, which is shifted
compared to the original location z.

In the case of dy induced gradients during slice selection (Figure 1.4c) local thinning or
thickening of the slice profile can occur in addition to a shift of the center of the slice, due

16
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to variations in the frequency range in each location. In the readout direction, the local field
gradients cause signal from multiple x locations to be mapped to a single location x’. This
can cause signal hyperintensities on location x’ and signal voids on the original x locations
(Figure 1.4d). These effects are especially pronounced in the case of strong dy effects, such
as in the presence orthopedic implants (19).

Figure 1.4: Schematic representation of slice (a-c) and frequency encoding distortions (d) due the
susceptibility differences. After placing a cylinder with a susceptibility perpendicular to By field
inhomogeneities will be present. A constant offset in the frequency will cause a shift in the selected
slice location (b), while additional field gradients will cause thinning or thickening of the slice (c). A
local field gradient in the frequency encoding direction leads to a shift of the signal (d). All x locations
under the red area will be mapped to x’ causing signal hyper-intensities and signal voids.

For the case of 1D phase encoding Eq 1.12 becomes:

—TE+nAt
S(k) — J‘p(x)e—i2nkere—iyAB(x)ntAtdx [1.20]
It can be seen that in the 1D phase-encoded experiment the inhomogeneity induced term
is independent of the k-space coordinates and contributes equally to each measurement
point in time, after phase encoding of the signal. By disentangling the field inhomogeneity
induced phase term from the spatial encoding term it is possible to reconstruct
geometrically undistorted images at multiple time points.

17
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The 1D phase-encoded experiment described in the previous sections is known as chemical
shift imaging or spectroscopic imaging (20), because the spatially localized signal can also
be used to spectrally resolve metabolites with a different chemical shift. A Fourier
transformation of the measured decay curve (e.g free induction decay) yields a frequency
spectrum (Figure 1.5a), showing the dominant frequencies in the signal. The spatial
encoding of the signal is not affected by chemical shift differences in the phase encoding
directions. Instead of causing a shift in the spatial position, a modulation of the time signal
is present, due to the presence of the different frequencies. In the spectral domain the
different frequencies can be easily separated from each other (Figure 1.5b). In a
spectroscopic investigation the detected frequencies can be used to differentiate between
metabolites in vivo to non-invasively study the biochemistry (21). Therefore, the chemical
shift property is actually a useful property in spectroscopic imaging, while it is often seen as
an artifact in frequency-encoded imaging. However, the presence of ABo inhomogeneities
caused by macroscopic dx gradients is also regarded disadvantageous in spectroscopic
imaging, because ABo effects decrease the peak amplitude and the spectral resolution, due
to peak broadening (Figure 1.5c).

Free induction decay Spectrum Free induction decay Spectrum Free induction decay Spectrum
5 5200 ) 5 200 pry 5 200
3 > 3 =] > =]
; 1.2 c ; 1.2 ; 1.2

1 £ 150 2 <150 < <150

508 S 100 508 S 100 508 S 100

%0.4 g 50 gﬂ.‘i' él 50 %0.4' él 50
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a Time (ms) Frequency (Hz) b Time (ms) Frequency (Hz) C Time (ms) Frequency (Hz)

Figure 1.5: Free induction decay (FID) curves and the corresponding spectra obtained with
spectroscopic imaging. The examples shown correspond to an on-resonance signal (a), an on-
resonance signal (water) combined with another signal with a chemical shift difference of 3.4 ppm
(fat) (b) and the spectra as in (b) affected by additional dephasing due to field inhomogeneities (c).

1.5.4 T>" DEPHASING AND SPIN-ECHOES

In both frequency- and phase-encoded sequences the presence of field inhomogeneities
causes additional phase evolution, leading to a decrease of the MR signal over time. The
transversal decay constant T2, a tissue specific property, is therefore difficult to measure
with the previously described gradient-echo techniques. For static field inhomogeneities
within a voxel, such as static local dipole fields induced by local dy effects (i.e. iron deposits,
Holmium microspheres)(22-24) the signal can decay very rapidly. The decay constant that
is measured with gradient-echo experiments is called the T" relaxation time and is defined
as:

[1.21]
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The term T2 includes static dephasing effects, while the T decay describes dynamic
interactions on the molecular level. This has important implications for MRI near field
inhomogeneities. The non-zero TE of gradient-echo sequences can cause substantial T’
dephasing of the signal in the case of strong dy gradients, such as in the presence of
orthopedic implants. For static field inhomogeneities, the dephasing term can be reversed
by applying a refocusing pulse of 180° between the 90° rf excitation pulse and the
acquisition interval (Figure 1.6). The refocusing pulse is placed exactly TE/2 ms after the
excitation time to achieve full refocusing of the T2" effects at the center of the acquisition
interval (TE). The experiment described here is called a spin-echo (SE) experiment (25),
which is the basis of many sequences that are currently applied in the clinic. The SE images
are unaffected by static dephasing, significantly decreasing signal voids in the images.
Frequency-encoded SE images, however, are still affected by geometrical distortions, which
can only be prevented with fully phase-encoded sequences.

Figure 1.6: 1D spin-echo sequences with a frequency encoded gradient (a) and a phase encoding
gradients (b). An additional 180° pulse is placed between the spatial encoding gradients and the
acquisition interval and the polarity of the gradients before the 1800 pulse is reversed. Full refocusing
of static dephasing effects occurs at the TE in (a) and at the TEecho in (b).

In the case of strong field offsets, such as when imaging near metal, image artifacts still
occur in spin-echo imaging. This is illustrated in a knee of a volunteer that has undergone a
posterior ligament reconstruction in the past (Figure 1.7). The posterior ligament was
fixated with titanium screws, which induces multi-kHz off-resonance effects. The position
of the screws can be seen in a sequence with an ultra-short TE (UTE), where all the tissue is
relatively unaffected by T2 relaxation and signal voids appear close to the screws (Figure
1.7a). The screws that were fixed at both ends of the graft, caused incomplete suppression
of fat and signal hyper-intensities (Figure 1.7b). The metal artifacts were prevented in the
two phase-encoded dimensions (Figure 1.7c), but were still affected by distortions in the
slice direction. To also apply phase encoding in the third dimension for a phase-encoded
spin-echo sequence would require hours of acquisition time that would be clearly
unfeasible for an in vivo setting.

19
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Figure 1.7: Images of the knee with a proton density weighted 3D ultra-short TE gradient-echo
sequence (a), a fat-suppressed T, weighted turbo-spin echo sequence (b) and a 2D phase-encoded
spin-echo sequence (c-d). The slice location of the 2D-PE-SE images is indicated in (a-b).

1.5.5 EXAMPLES OF GEOMETRICAL DISTORTIONS DUE TO FIELD INHOMOGENEITIES

In this section two spin-echo MRI experiments demonstrate image artifacts that can arise
from field inhomogeneities and chemical shift. First, the effect of geometrical distortions in
the frequency encoding direction are demonstrated for dx-effects between air and gel
(Ax =9 ppm) embedded in a rectangular grid (Figure 1.8). When observing the grid and the
shape of the air containing sphere in the center of the phantom image distortions can be
observed (Figure 1.8a-b). The bending of the gridlines (Figure 1.8a-b) and formation of an
arrow-like pattern (Figure 1.8b) are typical geometrical distortions that can arise in
frequency-encoded imaging. These distortions can be decreased by increasing the readout
gradient strength (Figure 1.8a) at the cost of SNR (sect 1.6). These image distortions occur
at the spatial locations with the highest frequency offsets (Figure 1.8d), as can be expected
from Eq 1.17. In the case of a 3D phase-encoded (PE-)SE acquisition a lower bandwidth can
be used without introducing geometrical distortions in the gridlines or distorting the shape
of the sphere (Figure 1.8c).

Figure 1.8: Coronal MR images of geometrical distortions caused by an air sphere embedded in a gel
phantom with a rectangular grid.3D-SE magnitude images obtained with a readout bandwidth of 32
kHz (a) and 6.4 kHz (b), a 3D phase-encoded (PE)-SE image at the TEecno point (c) and the derived field
offset map (d) are shown. Geometrical distortions are indicated by arrows.
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Second, the formation of slice distortions due to dy induced gradients and chemical shift
are demonstrated for an object with a rectangular grid at the top of a phantom with two
spheres containing air and oil in the middle (Figure 1.9). When selecting a slice in the
absence of off-resonance frequencies, such as a uniform gel (Figure 1.9a), no distortions are
observed. In the case of the presence of air in the selected slice local bending of the slice
profile occurs, due to dy differences between air and gel (Figure 1.9b), while chemical shift
differences between oil and gel lead to a shift in the selected slice location (Figure 1.9b), as
both described by Figure 1.4. The experiment was repeated after placing a titanium rod
(Ax =180 ppm) on top of the phantom. In doing so, dx-induced gradients were present in
the selected slices, leading to slice distortions in the previously undistorted slice (Figure
1.9c¢i) and in-plane signal shifts in in the frequency-encoded dimension (from top to
bottom). Increasing the slice selection gradient strength decreased the slice distortions
(Eg 1.19), but was unable to fully correct the selected slice profile (Figure 1.9ii). By omitting
the slice selection and frequency encoding gradients a completely geometrically
undistorted 3D dataset was acquired (Figure 1.9iii). The decrease in signal at the center of
the phase-encoded image (Figure 1.9¢,iii) arises from partial excitation of the total signal,
which occurs when the offset AB is larger than the RF bandwidth Awr.

no titanium rod present titanium rod placed on top

top middle top middle

3D-SE 1.5

3D-SE 3.2

3D-PE-SE 1.8

Figure 1.9: Visualization of slab distortions caused by air, oil and titanium induced field differences.
Slices from the top (a,c) and the middle of phantom (b,d) are shown before (a,b) and after (c,d) the
placement of a titanium rod near the top of the phantom. The rod was placed perpendicular to BO
and parallel to the presented slice profiles. Selected slab profiles are shown for two different
excitation bandwidths (i,ii), thereby adjusting the slab selection gradient strength with a similar factor.
Non-selective 3D PE-SE images are shown for comparison (iii).
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1.6 SENSITIVITY

The sensitivity of MRI is defined as the signal to noise ratio (SNR) per unit time, which is
dependent on the gyromagnetic ratio of the measured spin nucleus, readout bandwidth,
noise characteristics, relaxation time and spin density of the object of interest (3). The
transversal relaxation time (T2/T2") puts a lower limit on the acquisition window where
signal still contributes to an increase in the SNR, because the MR signal decreases over time.
From the literature it is known that the optimal sensitivity for gradient and spin-echo based
acquisitions is achieved for an acquisition window of 1.26 T>" and 2.52 T>"(26), respectively,
followed by the shortest achievable repetition time (TR) with the optimal flip angle. In
frequency- and phase-encoded sequences the bandwidth can be adjusted to optimize the
sensitivity of the MRI experiment. In the case of frequency-encoded experiments, however,
this will require a reduced readout gradient strength, thereby increasing the geometrical
distortions related to off-resonance effects (Figure 1.8, Eq 1.17). In the case of phase-
encoded MRI, no geometrical distortions occur when changing the bandwidth. This allows
long acquisition intervals that can take up to 80% of the total time in a single repetition,
which is very efficient with respect to the total signal measured per repetition time. This
leads to excellent SNR properties of phase-encoded sequences (3,26) that are especially
useful for studies aiming to detect low concentration metabolites. The high sensitivity of
phase-encoded MRI was used in this thesis to determine sodium concentrations and
chemotherapeutic drugs in the human body that are present in very low concentrations.

1.7 NoN-PROTON MRI AND SPECTROSCOPY

In current clinical practice the vast majority of MRI investigations focus on imaging of the
anatomy by measuring the water and fat signal at the proton resonance frequency. Contrast
is generated from differences in relaxation behavior, diffusion, perfusion, functional
imaging etc., providing an indirect measure for tissue integrity or disease detection. The
signal intensity variations can be difficult to relate to the actual disease state or can even
be undetectable if the disease is very diffuse. More direct measures of the underlying
biochemistry can be obtained by measuring multiple low concentration metabolites after
suppression of the water and fat signal. In this way alterations can be detected in, for
example, the metabolite profile in tumor metabolism (27) or brain disease (28,29). While
proton spectroscopy can be used to detect metabolites with low concentrations it can be
hard to detect disease related changes in the resonances due to background contamination
caused by signal leakage from neighboring voxels, incomplete water and fat suppression
and contributions of macromolecular structures. Furthermore, the chemical shift
differences between spectral peaks can be small, causing overlap of multiple metabolites at
a single frequency (15,30).
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The field of non-proton imaging and spectroscopy is less well known and covers detection
of spin nuclei such as ?3Na, 3!P, 13C, °F, and others (4). Detection of these nuclei requires
specific hardware that can measure the resonances at the corresponding Larmor frequency
of the non-proton nuclei. Measuring at a different Larmor resonance frequency eliminates
background signals from protons that are present in almost all biological molecules. This
makes non-proton measurements a very specific method for biochemical investigations.
Non-proton nuclei are involved in different biochemical processes and have been used to
study cancer metabolism (i.e. glycolytic pathway, ATP consumption) (31,32), cellular
integrity (33), drug metabolism in the body (16,34) and energy utilization in the muscles
(35,36).

Despite the diagnostic potential of non-proton MR investigations there has been no
widespread adaptation of these techniques to date. The main limitations for in vivo
measurements are 1) the extremely low sensitivity caused by concentrations in the uM to
mM range, 2) the low gyromagnetic ratios which can be 3-4x lower than for proton and 3)
the lack of readily available hardware. Despite these obstacles, promising initial clinical
results of non-proton imaging and spectroscopy have been reported in recent years
(37-39). In this thesis, the advantageous signal characterization and sensitivity properties of
phase-encoded MRI were explored in combination with recent hardware improvements to
enable sodium and fluorine investigations with potential applications in early disease
detection and drug efficacy assessment.

1.8 THESIS OUTLINE

The aim of this thesis was to develop phase-encoded MRI methods for geometrically
undistorted imaging and signal characterization in the presence of field inhomogeneities,
such as caused by susceptibility induced off-resonance effects and chemical shift. The initial
experiments in this chapter demonstrated the advantageous geometrical properties of
phase-encoded imaging for modest off-resonance effects (~1 kHz), without worrying about
scan time limitations. To provide a solution for accurate post-operative imaging near metal
orthopedic implants, however, it will be necessary to address the scan time limitations of
phase-encoded MRI. Furthermore, the strong susceptibility induced field inhomogeneities
(~16 - 40 kHz) surpass the achievable excitation bandwidths at clinical systems, thereby
limiting the use of standard available phase-encoded MRI sequences.

In Chapters 2 and 3 the geometrical accuracy, acquisition times and excitation bandwidths
of phase-encoded spin-echo sequences were investigated for imaging near orthopedic
implants. In Chapter 2, a conventional 3D phase-encoded spin-echo (3D-PE-SE) approach
was used as a starting point to investigate the geometrical accuracy of frequency and phase-
encoded sequences near titanium. To reduce the acquisition time to acceptable levels,
turbo spin-echo (TSE) and compressed sensing acceleration methods were explored for fast
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3D-PE-TSE imaging. In Chapter 3 a method was implemented for more demanding metal
alloys, such as cobalt-chromium or stainless steel, by adding a multispectral excitation
scheme to the 3D-PE-TSE sequence. The resulting multispectral 3D-PE-TSE method was used
to investigate the trade-off between acquisition time and image quality near strong
paramagnetic materials.

In Chapters 4 to 6 the temporally resolved signal of phase-encoded free-induction decay
(FID) sequences was exploited to accurately investigate the behavior of the MR signal with
a sub-ms sampling rate. In Chapter 4, a 2D multiple single-point sequence was presented to
measure repetitive field disturbances that are triggered simultaneously with the MR
acquisition. In this way it might be possible to evaluate the MR system performance or
detect dephasing effects from induced currents, such as induced in transcranial magnetic
stimulation (TMS) therapies for example. In Chapter 5, a phase-encoded ultra-short
echo-time (UTE) method was presented to accurately perform bi-exponential transverse
relaxation mapping of sodium that is hard to achieve with existing MRI techniques. The
transverse relaxation behavior of sodium has been related to early disease onset of
degenerative diseases, such as osteoarthritis, and can potentially enable early treatment to
improve patient outcome. In Chapter 6, an advanced technical setup is presented for
detection of fluorine containing chemotherapy and its metabolism. The direct detection of
chemotherapeutic drugs holds potential to determine the efficacy in an early stage of the
treatment, which may improve treatment planning and reduce toxicity effects in
non-responding patients.

In Chapter 7 we discuss the presented findings and provide a perspective for future and
ongoing work followed by a Summary in English and Dutch.
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CHAPTER 2

GEOMETRICALLY UNDISTORTED MRI IN THE PRESENCE OF FIELD
INHOMOGENEITIES USING COMPRESSED SENSING ACCELERATED
BROADBAND 3D PHASE-ENCODED TURBO SPIN-ECHO IMAGING

ABSTRACT

In this study, we explore the potential of compressed sensing (CS) accelerated broadband 3D phase-
encoded turbo spin-echo (3D-PE-TSE) for the purpose of geometrically undistorted imaging in the
presence of field inhomogeneities. To achieve this goal 3D-PE-SE and 3D-PE-TSE sequences with
broadband rf pulses and dedicated undersampling patterns were implemented on a clinical scanner.
Additionally, a 3D multispectral spin-echo (ms3D-SE) sequence was implemented for reference
purposes. First, we demonstrated the influence of susceptibility induced off-resonance effects on the
spatial encoding of broadband 3D-SE, ms3D-SE, 3D-PE-SE and 3D-PE-TSE using a grid phantom
containing a titanium implant (Ax=182ppm) with X-ray CT as a gold standard. These experiments
showed that the spatial encoding of 3D-PE-(T)SE was unaffected by susceptibility induced off-
resonance effects, which caused geometrical distortions and/or signal hyper-intensities in broadband
3D-SE and, to a lesser extent, in ms3D-SE frequency encoded methods. Additionally, an SNR analysis
was performed and the temporally resolved signal of 3D-PE-(T)SE sequences was exploited to
retrospectively decrease the acquisition bandwidth and obtain field offset maps. The feasibility of CS
acceleration was studied retrospectively and prospectively for the 3D-PE-SE sequence using an
existing CS algorithm adapted for the reconstruction of 3D data with undersampling in all three phase-
encoded dimensions. CS was combined with turbo-acceleration by variable density undersampling
and spherical stepwise T2 weighting by randomly sorting consecutive echoes in predefined spherical
k-space layers. The CS-TSE combination resulted in an overall acceleration factor of 60, decreasing the
original 3D-PE-SE scan time from 7 hours to 7 minutes. Finally, CS accelerated 3D-PE-TSE in vivo images
of a titanium screw were obtained within 10 minutes using a micro-coil demonstrating the feasibility
of geometrically undistorted MRI near severe field inhomogeneities.

PUBLISHED As: J.S. van Gorp, C.J.G. Bakker, J.G. Bouwman, J. Smink, F. Zijlstra, and P.R. Seevinck;
Geometrically undistorted MRI in the presence of field inhomogeneities using compressed sensing
accelerated broadband 3D phase encoded turbo spin-echo imaging, Physics in Medicine and Biology
2014, 60(2):615-631



CHAPTER 2
2.1 INTRODUCTION

Field inhomogeneities have detrimental effects in conventional magnetic resonance
imaging (MRI) and can degrade the image quality by geometric distortions, signal
misregistration, signal dephasing and incomplete excitation. These off-resonance effects
are the result of background field variations of the main magnetic field and magnetic
susceptibility differences within the subject, for example originating from the presence of
external sources (e.g. interventional devices, orthopedic implants, contrast agents). The
resultant susceptibility artifacts constitute a serious obstacle when accurate spatial
localization is required, such as in MR guided radiotherapy (1-3), image guided interventions
(4-6), stereotactic neurosurgery (7,8) and imaging near metal implants (9,10).

With regard to the suppression of susceptibility artifacts, it can readily be inferred from the
abundant literature (11) that spin-echo techniques are usually to be preferred over
gradient-echo techniques, that 3D techniques are preferable to 2D techniques, and that
localization errors can be minimized by maximizing the readout and slice/slab selection
gradients. In practice, however, the capability of the currently used gradient systems is
often insufficient to fully suppress geometrical distortions in the presence of severe
inhomogeneities. Aside from that, the use of strong gradients is known to compromise SNR
(SNR™~1/VGread) and to invoke safety issues.

In the past decades, many acquisition (12-14) and processing based methods (15) have been
proposed to diminish susceptibility artifacts in MRI. However, all the proposed methods are
in principle still affected by geometrical distortions and/or signal pile up related to
frequency encoding processes (16). The most promising clinical results so far, in our view,
have been achieved with so-called multispectral approaches (i.e. MAVRIC, SEMAC). In such
approaches, images are composed of multiple acquisitions, either by adding additional
phase encodings in the slice direction (SEMAC) or by decomposing the excitation BW in
multiple narrow bands to limit signal mismapping and to overcome excitation bandwidth
limitations (MAVRIC). It should be emphasized that multispectral methods themselves are
still under development with respect to processing and acquisition optimization (17,18).

In our group, we recently started to explore a more fundamental solution to prevent off-
resonance-related artifacts, namely the use of purely phase-encoded sequences, such as
practiced in single-point imaging (SPI) (19). As spatial encoding in the phase-encoded
dimensions is by definition unaffected by field inhomogeneities and chemical shift
differences, these sequences can be exploited to obtain geometrically undistorted MR
images. Additional advantages of this approach, as opposed to conventional frequency
encoded and multispectral sequences, are the acquisition of a temporally resolved signal
due to the absence of a readout gradient and the possibility to exploit a large excitation
bandwidth without increasing the in-plane spatial distortions due to the increased range of
excited off-resonance signal.
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Although phase-encoded imaging has unique and favorable properties, the inherently long
acquisition times — a typical 3D examination may easily take several hours — are a major
challenge for use in a clinical setting. Recently a variable flip angle phase-encoded 3D fast
spin-echo technique was shown to significantly reduce the acquisition time of phase-
encoded imaging (20). In this retrospective study it was suggested that it must in principle
be possible to achieve clinically acceptable scan times by combining their approach with
undersampling techniques, e.g. a spherical shutter, partial fourier imaging and parallel
imaging. A rather new concept recently proposed to reduce acquisition times in MRl as well
is compressed sensing (CS) (21-23), which exploits the implicit data redundancy of signals in
a transform domain with a sparse representation of the data (i.e. wavelet, finite differences,
image), known as sparsity or compressibility. A crucial requirement for CS reconstruction of
MR images is incoherent undersampling, in order to guarantee incoherent aliasing artifacts
in the sparse transform domain. A sampling pattern that meets this criterion can be
obtained by quasi-random undersampling of k-space (23), which is an intuitive match to the
point-by-point sampling of purely phase-encoded techniques.

In the study reported here we explore the potential of CS accelerated 3D phase-encoded
turbo-spin-echo imaging (3D-PE-TSE) to reduce the typically long acquisition times of 3D
phase-encoded spin-echo imaging (3D-PE-SE) (hours) to acceptable time frames for
geometrically undistorted imaging in vivo (minutes). For this purpose, broadband 3D-PE-SE
and 3D-PE-TSE sequences were implemented on a clinical MR system and a variable density
undersampling scheme with a stepwise T. weighting was designed to enable the
combination of applying a spherical shutter, CS reconstruction and TSE acceleration.
Additionally, a multispectral 3D-SE (ms3D-SE) sequence was implemented for reference
purposes. The paper is organized as follows. First, we demonstrate the influence of
susceptibility induced off-resonance effects on the spatial encoding in broadband 3D-SE,
ms3D-SE, 3D-PE-SE and 3D-PE-TSE using a phantom containing a titanium hip implant
(Ax=182ppm (24)) with X-ray CT used as a gold standard. A titanium implant was chosen out
of practical considerations, such as the ability to cover the titanium induced off-resonance
range on the order of 4kHz using standard rf pulses at 1.5T MRI systems, and the possibility
to demonstrate the influence of strong susceptibility induced field gradients and smoothly
varying frequency offsets on spatial encoding processes using a single object. Additionally,
an SNR analysis was performed and the temporally resolved time signal in 3D-PE-(T)SE was
exploited to demonstrate the feasibility to retrospectively increase the bandwidth and
obtain field maps. Next, we present and evaluate results obtained with fully sampled,
retrospectively and prospectively CS accelerated 3D-PE-(T)SE acquisitions to determine an
acceptable acceleration factor. Finally, we describe our first in vivo results with
prospectively CS accelerated broadband 3D-PE-TSE in order to substantiate the feasibility
of geometrically undistorted MRI in vivo.
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2.2 METHODS
2.2.1 PHANTOM AND SUBJECTS

Gel phantom with a titanium hip implant and distortion grid: A phantom was designed with
two purposes in mind: i) to demonstrate the effect of multi-kHz susceptibility induced field
inhomogeneities on the spatial encoding in frequency and phase-encoded sequences and
i) to determine a suitable CS undersampling factor for 3D-PE-(T)SE scan time acceleration.
The phantom was constructed of a rectangular container (23x14.5x8.6 cm) filled with 2%
agarose gel and doped with 30.5 mg/L MnCl2.4H.0 embedding a titanium (Ax=182 ppm)
femoral stem of a hip implant placed on top of a (horizontal) grid spanning 9x4 squares of
2.4x2.4 cm. The susceptibility induced field offset Auo(x)=y/2m:ABo(x) causes spins at
location x to be reconstructed at position x’, which results in a shift with respect to the
original location according to:
21

x'—x= Avy(x) 2.1
VGread 0 [ ]

where y/2m is the gyromagnetic ratio. The position shift x’-x is proportional to the Larmor
frequency offset Auo(x) and inversely proportional to the strength of the readout gradient
Gread.

Human subject with a graft fixated by titanium screws: A 35 year old healthy volunteer with
two titanium screws in the left knee was subjected to an MRI exam. Written informed
consent of the healthy volunteer was obtained and the study was performed in accordance
with local guidelines. The volunteer had received an anterior cruciate ligament
reconstruction in the past (2003) in which the graft was fixated with titanium screws. Aim
of the in vivo investigation was to illustrate the typical geometrical distortions and signal
hyperintensities caused by titanium objects when using 3D-TSE, and to demonstrate their
absence when using CS accelerated 3D-PE-TSE.

2.2.2 SEQUENCES AND ANALYSIS

In addition to standard 3D-SE, 3D-TSE, muli-slice TSE and X-ray CT acquisitions for
demonstration, planning and reference purposes (details in section ‘imaging parameters’
and Table 2.1), three dedicated pulse sequences were implemented for this study: ms3D-
SE, broadband 3D-PE-SE and broadband 3D-PE-TSE. The phase-encoded sequences were
adapted so as to enable prospective k-space undersampling by restricting the acquisition to
a user-specified subset of the original 3D Cartesian k-space.
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Multispectral 3D spin-echo sequence: A ms3D-SE method was implemented as a reference
for the geometrical accuracy of the phase-encoded sequences. To this end, a standard 3D-
SE sequence was adapted by replacing the standard rf pulses by an apodized windowed
sinc-gauss excitation and block refocusing pulse and by disabling the slice selection
gradients to ensure the absence of slab distortions. In-plane geometrical distortions in the
ms3D-SE images were decreased to a sub-pixel level by ensuring that yGread = 21Auvo(X,Y,2).
This was achieved by 1) decomposing a 5 kHz frequency band into five overlapping 1.7 kHz
frequency bands with a different center rf frequency to decrease the maximum off-
resonance (Auo(x,y,z)) to +0.85 kHz for each acquired 3D-SE image, 2) applying a strong
(0.5 - 1.0 kHz/pixel) readout gradient (Gread) and 3) combining the five images into a ms3D-
SE image using a sum-of-squares algorithm (13). The RF and demodulation frequency were
shifted 0.85 kHz between each acquisition to cover the frequency range from -2.5 to +2.5
kHz, while also increasing the acquisition time a factor five compared to a single 3D-SE
acquisition.

3D phase-encoded (turbo) spin-echo sequences: Broadband 3D-PE-SE and 3D-PE-TSE
sequences (Figure 2.1) were implemented by adapting standard 3D spin-echo spectroscopic
imaging and standard 3D turbo spin-echo spectroscopic imaging sequences. To achieve the
desired imaging capabilities vendor specific software limitations regarding the maximum
acquisition matrix of spectroscopic imaging were removed, slice selection gradients were
disabled and crusher and spoiling gradients were added in all directions to avoid spurious
echoes in case of imperfect signal refocusing and short repetition times. The standard
spectroscopy pulses were replaced by a sinc-gauss excitation pulse and block refocusing
pulses to achieve short echo-times. The excitation pulse bandwidth was 5.8 kHz (3D-PE-SE)
or 4 kHz (3D-PE-TSE), covering the FWHM of the applied refocusing pulses to effectively
obtain a sinc-profile with a cut-off at the borders of the excitation pulse profile. The
refocusing pulses can be altered to adjust the refocusing profile at the cost of increasing TE
and echo spacing if required. The pulse durations were decreased to increase the excitation
and refocusing bandwidths. If necessary (Table 2.1), the flip angles were decreased as well
to keep B: within hardware and safety limits. In addition to changes in the acquisition, a
number of commonly applied spectroscopy post-processing steps were disabled, such as
apodization and zerofilling of the time domain data.

In the case of 3D-PE-TSE a number of additional changes were implemented. First, the flip
angle of the first refocusing pulse was increased to ((180+a)/2), where a is the desired
refocusing flip angle, to reduce oscillations in the signal amplitude over the echo train for
non-180° refocusing pulses (25). In this case the first refocusing pulse was the limiting factor
for the maximum achievable rf bandwidth, because this pulse has to produce the largest
flip angle. For standard block pulses and a Bymax of 23 uT a bandwidth up to 3.5 kHz could
be achieved without additional adjustments to the sequence. Additionally, the length of the
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standard implemented crusher pairs was decreased to enable a shorter echo spacing and
further decrease the acquisition time, without introducing additional artifacts.

Figure 2.1: The 3D-PE-SE (left) and 3D-PE-TSE (right) sequences used for phase-encoded imaging in
this work. The absence of a readout gradient allows the measurement of multiple single point images
at different time points.

Exploiting the temporally resolved signal of phase-encoded data: The implemented 3D-PE-
SE and 3D-PE-TSE sequences permitted the reconstruction of a series of single point images
with varying T," weighting, due to the absence of a readout gradient during the acquisition
interval (Tacq). The successive points sampled during Tacq corresponded to the following
‘echo times’: TE(n)=TE+(n-0.5Nt-1)dt, with dt=0.125ms, Nt=64 (3D-PE-SE) and Nt=16
(3D-PE-TSE), n=1:Nt. These time points were exploited in an SNR analysis to either
retrospectively decrease the acquisition bandwidth by complex averaging the time points
centered around the echo top (n=33) or by spectrally resolving the images by taking the
fourier transformation of the time domain (26). Additionally, field offset maps (Av) were
reconstructed by fitting a linear model (Av = Ad/(2mAt)) to the unwrapped phase images of
eleven subsequent time points of the (CS-accelerated) 3D-PE-SE sequence centered around
the echo top (n=28:38). The field offset (Av) maps were masked using magnitude data for
visualization purposes. All phase-encoded magnitude images shown in this paper were
reconstructed from the echo top, which corresponds to the ‘true’ echo time.

SNR analysis: The SNR of the acquired 3D-SE, ms3D-SE, 3D-PE-SE and 3D-PE-TSE magnitude
images was determined using SNR = 0.665 Sroi/Oback, Where Sroiis the mean signal intensity
in a uniform region of the phantom and oback is the standard deviation in the background.
The background was visually inspected to avoid structured background noise before
determining the standard deviation. The standard deviation was divided by 0.655, due to
the Rician noise distribution in magnitude images (27). Additionally the SNR of 3D-PE-(T)SE
magnitude images reconstructed from 1, 2 and 4 time points, a single spectrally resolved
image and a sum-of-squares combination of all spectrally resolved images was determined.
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2.2.3 COMPRESSED SENSING AND SAMPLING PATTERN DESIGN

In this work undersampling of 3D PE-(T)SE data was performed either after data acquisition
using a fully sampled dataset (retrospective undersampling) or directly on the scanner by
acquiring a reduced number of k-space points (prospective undersampling) before CS
reconstruction. The retrospective study was performed with fully sampled 3D-PE-SE data to
determine an undersampling density with satisfactory performance, which was applied for
3D-PE-SE and 3D-PE-TSE in a prospective study to actually obtain decreased data acquisition
times.

Retrospective undersampling (with a factor of 2, 4, 6, 8 and 10) of the fully sampled 3D-PE-
SE images was done by randomly selecting samples on a Cartesian grid in k-space according
to a second order polynomial variable density probability function in all three phase
encoding dimensions, with a fully sampled center. Such a pattern is known to create
incoherent aliasing artifacts (23) which is a requirement for successful CS reconstruction.
The normalized mean square error (NMSE) and correlation coefficient (CC) were calculated
between the CS reconstructed and the fully sampled images as quantitative error measures
for the overall reconstruction quality (28):

Zm Zn( |Amn - anl)z
Ym ZnlBmn?

CC — ZmZn(Amzl_A)(an_é) - [22]
VCm EnAmn— A2 Xm n(Bmn— B)?)

NMSE =

where 4 is the reconstructed magnitude image, 4 is the mean of 4, B is the fully sampled
image and B is the mean of B. The NMSE provides an absolute error metric between the
reconstructed and the fully sampled data, while the CC gives an estimate of the correlation
between two images.

Sampling pattern design for CS accelerated 3D-PE-TSE: To obtain a 3D variable density
random undersampling pattern on a Cartesian grid for a 3D-PE-TSE sequence a dedicated
sampling pattern was designed. First, to obtain a 3D spherical sampling pattern with a
stepwise T2 weighting, the k-space coordinates were sorted in spherical layers with each
layer corresponding to a certain echo number and consisting of an equal number of points
(Figure 2.2). All sampling points in a certain layer are therefore sampled at the same ‘echo
time’ and have an equal T2 weighting. By applying this sampling scheme the T2 weighting is
spread out mainly in the kx and ky direction for a low kz direction and uniformly in kx, ky
and kz for isotropic matrices. Variable density undersampling patterns for CS-TSE
accelerated imaging were designed in a similar fashion. A side effect of the CS-TSE sampling
schemes are decreased thicknesses of the center echo layers and increased thicknesses of
the outer echo layers (Figure 2.2 bottom row) compared to the spherical TSE sampling
patterns (Figure 2.2 upper row), which is caused by the variable density sampling.
Effectively, this leads to an increased T2 weighting over k-space in the acquired data. The
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effective TE of the presented sampling patterns with an echo train length (ETL) of 10 is
determined by the sampling time of the first echo, known as a ‘low-high’ echo scheme.

Figure 2.2: The sampling patterns used in this work for fully sampled 3D-PE-TSE data with a spherical
shutter (top row) and CS accelerated 3D-PE-TSE (bottom row). The kx-ky and ky-kz plane through the
center of k-space are shown for acquisition matrices 128x128x16 (a), 96x96x32 (b) and 96x96x64 (c).
The order of each sampling point in the echo train is indicated by the index.

Image reconstruction: All CS reconstructions of undersampled data were performed using
an adaptation of the reconstruction algorithm made publicly available by Lustig (23). A non-
linear conjugate gradient solver was used to minimize Aw| | wm| | 1+AvTV(m), where | | Pw
m| |1 is the L1 norm regularization in the wavelet transform domain and TV(m) a total
variation regularization in the image domain with weighting factors Aw and Arv. The original
2D regularizations were replaced with a 3D wavelet (Daubechies 3) L1 norm regularization
(Aw) and a 3D total variation norm regularization (Arv) to reconstruct the 3D phase-encoded
data with three undersampled dimensions. The values of the parameters Aw and Arv were
empirically determined and set to 0.0037 and 0.0013 (weights 3:1). The magnitude of the
data was scaled between 0 and 1 before reconstruction by dividing the data through the
maximum magnitude value of the 3D dataset. The 3D wavelet transform was implemented
in C++ including parallel computation and compiled as .mex files to decrease the
reconstruction times in Matlab. Reconstruction times for a single time point of the 3D
dataset with 100 iterations was around 60 sec on average, depending on the acquisition
matrix, using an Intel Core i7 machine (2.93 GHz, 16GB RAM, Windows 7) with MATLAB
(Mathworks Inc, Natick, MA).
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2.2.4 GENERAL IMAGING PARAMETERS

All MR imaging experiments were performed on a 1.5T MR system (Achieva, Philips Medical
Systems, Best, The Netherlands), using either an eight element head coil (in vitro), a two
element surface coil and/or a 4.7-mm diameter micro-coil (in vivo). References to the
objects/subjects under investigation and accompanying MR imaging parameters as used in
this work are listed in Table 2.1. The most important variations in the setup and the
parameter settings between the experiments were as follows: In the phantom study, the
readout bandwidth was varied between 505 Hz/pixel and 1011 Hz/pixel for ms3D-SE. The
3D-SE, 3D-PE-SE and 3D-PE-TSE acquisitions were acquired using a single excitation, while a
multi-excitation scheme was used for the ms3D-SE acquisitions. In addition to a fully
sampled 3D-PE-SE acquisition, an undersampled dataset was acquired with the same
undersampling pattern as obtained from the retrospective CS study. The 3D-PE-TSE data
was acquired using a spherical shutter and a dedicated undersampling pattern (Figure 2.2a).
For the in vivo experiments, two different frequency encoding directions were used in
3D-TSE acquisitions to clearly show the effect of field inhomogeneities on the geometrical
accuracy in the readout direction. CS accelerated 3D-PE-TSE data was acquired for two
different acquisition matrices (Figure 2.2b,c) using the acceleration factor determined in the
phantom study.

A X-ray CT scan (Brilliance, Philips Medical Systems, Best, The Netherlands) of the phantom
was acquired as a gold standard. The CT scan was reformatted to the same slice thickness
as the MR images. X-ray CT imaging parameters included a FOV of 183x183 mm, matrix =
512x512, slice thickness = 1mm, gap 0.5 mm, collimation of 64x0.625 mm, pitch 0.671,
rotation time = 0.5s. X-ray tube voltage and current were 140 KV and 337 mA with mAs/slice
=250 mA.
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GEOMETRICALLY UNDISTORTED MRI IN THE PRESENCE OF FIELD INHOMOGENEITIES
2.3 RESULTS
2.3.1 PHASE-ENCODED IMAGING IN THE PRESENCE OF FIELD INHOMOGENEITIES

The effect of field inhomogeneities on the performance of spatial encoding of broadband
3D-SE, ms3D-SE and 3D-PE-SE sequences is demonstrated in Figure 2.3, with X-ray CT acting
as a gold standard. The 3D-SE image acquired with a 5 kHz excitation bandwidth (Figure
2.3a) clearly shows bending of the grid and signal-pile-up at locations with large field
inhomogeneities (Figure 2.3f), as indicated by arrows. The presence of off-resonances up to
2.5 kHz resulted in a maximal shift of 5 pixels against (-) or in (+) the readout gradient
direction, respectively, taking into account a readout bandwidth of 0.5 kHz/pixel (Eq 2.1).
Signal pile-up artifacts as well as geometrical distortions with respect to the grid were
significantly decreased in the ms3D-SE images (Figure 2.3b,c) where the maximum pixel
shift was +1.7 pixels for a readout bandwidth of 0.5 kHz/pixel (Figure 2.3b) and +0.85 pixels
for a readout bandwidth of 1 kHz/pixel (Figure 2.3c). By increasing the readout bandwidth
a factor 2, the SNR was decreased with a factor of ~+/2 (Table 2.2). Despite the sub-pixel
geometrical distortions in the ms3D-SE images, hyper-intensities were still visible at the
locations close the titanium object with the largest susceptibility induced field gradients,
which were absent in the 3D-PE-SE images (Figure 2.3d). Furthermore, the contour of the
implant in the latter images was nearly identical to the gold standard CT image (Figure 2.3e),
indicating that all but a fraction of off-resonance spins close to the implant were excited in
a single acquisition using a 5 kHz excitation bandwidth.

Figure 2.3: MRI and CT images of the titanium femoral stem of a hip implant. A 3D-SE image
(a, BWreag=0.5Hz/pixel), ms3D-SE images (b, BWread=0.5 kHz/pixel; ¢, BWreag=1 kHz/pixel), a 3D-PE-SE
image at the echo time point (d), a reformatted CT image (e) and a field offset map are shown (f). The
3D-SE (a) and 3D-PE-SE (d) images were obtained using the same broadband pulses. The bottom row
highlights the hyperintense voxels in the MRI images (a-d), hypointense voxels in the CT image (e) and
the voxels exceeding 1kHz off-resonance in the field offset map (e).
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An increase in SNR could be achieved for 3D-PE-(T)SE by exploiting multiple acquired time
points (Table 2.2) at the cost of increased T." weighting. This was visualized by complex
averaging of multiple points (Figure 2.4b,f), which led to signal loss near the implant, trading
SNR for accuracy of the implant delineation and vice versa. In a region of interest with
Av(x)=0 the SNR was increased a factor 3 for 3D-PE-SE (82 vs 250) data (Figure 2.4c-d) and
a factor 2 for 3D-PE-TSE (39 vs 79) data (Figure 2.4g-h) by spectrally resolving the images.
The 3D-PE-TSE data contained four times fewer time points when compared to 3D-PE-SE
(64 vs 16 time points) due to the trade-off between the minimum echo-spacing and the
number of acquired time points, resulting in a lower spectral resolution (500 Hz/bin vs 125
Hz/bin, Figure 2.4c,g). A sum-of-squares combination of the spectrally resolved images
(Figure 2.4d,h) was able to increase the SNR in the image with only visible additional T>"
weighting in regions with the strongest off-resonance effects, near the titanium implant.

BW8000Hz  BW 2000 Hz Spectral All Spectral

PE-SE
nt=64

Figure 2.4: Temporally (a-b, e-f) and spectrally (c-d, g-h) resolved 3D-PE-SE (a-d) and 3D-PE-TSE (e-h)
images reconstructed from the acquired signal. Magnitude images were obtained from the echo time
point (a,e), 4 symmetrically sampled and complex averaged time points sampled around the echo
(b,f), a single spectral bin of 125Hz (c) and 500 Hz (g) and a sum-of-squares combination of all spectral
bins (d,h). The SNR of each image was noted in Table 2.2.
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Table 2.2:
SNR estimates of magnitude images acquired in this work
Sequence BW (Hz/pixel) No. time points SNR Figure
3D-SE 505.7 - 30 -
3D-SE 1011.4 - 20 -
3D-mSE 505.7 - 29 2.3b
3D-mSE 1011.4 - 19 2.3c
3D-PE-SE 62.5 1 82 2.3d,2.4a
31.32 2 108 -
15.62 4 139 2.4b
3D-PE-TSEP 62.5 1 39 2.4e
31.32 2 47 -
15.6° 4 59 2.4f
Spectrally Frequency No. freq points SNRd
resolved image® (Hz/bin)
3D-PE-SE 125 1 250 2.4c
3D-PE-SE 125 64 244 2.4d
3D-PE-TSE 500 1 79 2.4g
3D-PE-TSE 500 16 82 2.4h

a) The acquisition BW was decreased retrospectively by complex averaging of individual time points.
b) A spherical shutter was used leading to a v/2 decrease in SNR

c) Spectrally resolved images were obtained by applying a fourier transform over all time points.

d) SNR values of the spectrally resolved images are determined in an on-resonance ROI.

2.3.2 COMPRESSED SENSING ACCELERATED PHASE-ENCODED IMAGING IN VITRO

The fully sampled 3D-PE-SE data of the phantom experiments was used to determine a
suitable acceleration factor for CS reconstruction by retrospective undersampling of all
three phase encoding dimensions. The retrospectively reconstructed images of the titanium
hip implant (Figure 2.5i) show that the geometrical accuracy of 3D-PE-SE was not affected
by the undersampling factor (Figure 2.5i,b-f). However, increasing the undersampling factor
led to increased blurring and loss of contrast in regions with low SNR (Figure 2.5i-ii, f). The
reconstructed field offset maps (Figure 2.5iii) yielded very similar results for the presented
undersampling factors (2-10) when compared to the field offset map obtained from the fully
sampled data (Figure 2.5iii,a). From the retrospectively reconstructed images and error
estimates (Table 2.3) it was inferred that an undersampling factor of six (Figure 2.5d) to
eight (Figure 2.5e) may be expected to yield geometrically accurate magnitude images with
acceptable loss of high frequency contrast when prospectively acquired.

The geometrical accuracy near the titanium implant in the fully sampled 3D-PE-SE image
(Figure 2.6a) was similar to the prospectively accelerated acquisitions using only CS
acceleration (Figure 2.6b), only TSE acceleration (Figure 2.6¢) and combined CS-TSE
acceleration (Figure 2.6d). The acquisition time was decreased a factor 6 (CS only), 20 (TSE),
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and 60 (CS-TSE) compared to the fully sampled data. Both CS as well as TSE in itself caused
blurring when qualitatively compared to fully sampled 3D-PE-SE, most likely related to
undersampling of high spatial frequencies in combination with the total variation constraint
in CS and to the T2 weighting over k-space in TSE. However, the CS-TSE (Figure 2.6d)
combination still results in a clear depiction of the grid lines and implant contour.

Sampled data:
100% 50% 25% 16.6% 12.5% 10%

Figure 2.5: Retrospective CS reconstructed magnitude 3D-PE-SE images (i), the absolute
reconstruction errors (ii, scaled x5) and CS reconstructed field offset maps (iii) are shown for
undersampling factors of 2, 4, 6, 8 and 10 (b-f). The decreasing sampling density can be observed in
the undersampling schemes for the middle z encoding (iv, kz = 0).

Table 2.3:

CS reconstruction errors of magnitude images in Figure 2.5
Data (%) NMSE CC Data (%) NMSE CC
50% 0.0012 0.997 12.5% 0.0057 0.983
25% 0.0025 0.992 10% 0.0126 0.976

16.6% 0.0048 0.986

NMSE = normalized mean square error
CC = correlation coefficient
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3D-PE-SE CS 3D-PE-SE 3D-PE-TSE CS 3D-PE-TSE
BWrf 5.0kHz BWrf 5.0kHz BWrf 2.9 kHz BWrf 2.9 kHz
7h 1h 22 min 7min

Figure 2.6: Coronal phase-encoded images of a titanium femoral stem of a hip implant (i), an enlarged
region of the upper row (ii) and the corresponding sampling patterns at kz=0 (iii). A fully sampled 3D-
PE-SE image (a), 6x prospective CS accelerated 3D-PE-SE image (b), a 3D-PE-TSE image with a spherical
shutter (c) and a CS accelerated 3D-PE-TSE image (d) are shown. The indicated rf bandwidth refers to
the bandwidth of the first refocusing pulse.

2.3.3 CS ACCELERATED 3D-PE-TSE IN Vivo

The feasibility of CS accelerated 3D-PE-TSE in vivo was demonstrated using a micro-coil
setup to confine the coil sensitivity to the region of the knee containing the titanium screws.
The placement of the micro-coil is indicated on 2D-TSE reference images (Figure 2.7a). The
3D-TSE acquisitions (Figure 2.7b,c) suffered from signal-pile up and geometrical distortions
in the frequency encoding direction, which are indicated by arrows (Figure 2.7i,b-c). When
comparing CS accelerated 3D-PE-TSE images (Figure 2.7d,e) to 3D-TSE images (Figure 2.7b,c)
it becomes clear that signal pile-up and geometrical distortions caused by titanium induced
off-resonance effects were successfully prevented. The CS-TSE acceleration decreased the
acquisition time a factor 60 compared to a fully sampled 3D-PE-SE acquisition resulting in
20 and 10 minute scan times with a through-plane resolution of 1.25 and 2.5mm.
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2D-TSE 3D-TSE 3D-TSE CS3D-PE-TSE  CS3D-PE-TSE
Reference z=1.25mm z=1.25mm z=1.25mm z=2.5mm

Gread b:‘ C Gread I d

Figure 2.7: In vivo images near a titanium screw of 3D-TSE (b-c) and CS accelerated 3D-PE-TSE (d-e)
sequences. The placement of the micro-coil is indicated on multi-slice TSE images (a i,iii). The 3D data
was reformatted to sagittal (i), coronal (ii) and transversal (iii) images. The frequency encoding
direction was changed between (b) and (c) and indicated at the bottom right of the images (b,c i-iii).
Arrows indicate discernible geometrical distortions or signal pile-ups. CS accelerated 3D-PE-TSE
images are shown for two different z encoding thicknesses (d,e).

2.4 Di1scuUsSION

In this work, CS accelerated 3D-PE-TSE was shown to obtain geometrically undistorted
images in the presence of titanium objects in less than 10 minutes, which is an acceptable
time frame for in vivo research purposes. The geometrical accuracy of fully sampled 3D-PE-
SE was preserved despite the factor 60 scan time decrease by combining CS and TSE
acceleration, albeit with some increase in blurring.

The 3D-PE-TSE sequence as proposed in this work was implemented on a clinical MR system
by adapting a 3D turbo spin-echo spectroscopic imaging (TSE-SI) sequence. Sl was used as a
starting point, due to the obvious similarities between the desired sequence and a TSE-SI
sequence, requiring minimal changes to data collection and spatial encoding. An advantage
of this implementation is the flexibility to acquire an arbitrary number of time points,
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resulting in a series of single point images. This property enabled reconstruction of
undistorted field offset maps and retrospective sampling bandwidth adaptation by complex
averaging of time points to retrospectively optimize the SNR. Moreover, when fitting the
time series of undistorted images to an appropriate multiparameter signal model, full
advantage can be taken of the spectroscopic nature of the proposed imaging method,
facilitating mapping of valuable tissue parameters including the proton density, water-fat
fractions and relaxation rates, depending on the need of the clinician and the applied signal
model (20,26,29-31).

In this work, the geometric properties of broadband 3D PE-TSE imaging were compared to
conventional and multispectral frequency encoded methods to qualitatively assess the
potential benefit of fully phase-encoded techniques on clinical MR systems. While the
multispectral frequency encoded images in this work significantly decreased the
geometrical distortions compared to conventional methods, both signal pile-up and signal
voids were still present near strong local gradients, which is to be expected when relying on
frequency encoding processes (16). The 3D-PE-TSE images were free of such distortions,
even when using high excitation bandwidths. This may prove to be beneficial when imaging
near cobalt chromium or stainless steel implants that are often used in hip, knee and
shoulder replacements. However, the susceptibility induced off-resonance effects caused
by these materials are significantly larger than titanium, requiring higher bandwidths (>15
kHz) than used in this work. Such a frequency range might be covered using low flip angle
broadband phase-encoded methods, such as in traditional SPI (19), or by the development
of a multispectral 3D-PE-TSE approach. In addition to remaining image distortions, the small
but unknown shift of the image center related to the choice of a reference frequency fo (26)
will remain present when using frequency encoded methods, which is of particular
importance for image guided therapies (2,32). In the 3D-PE-TSE sequence no distortions are
present by definition, potentially enabling the use of MRI as a stand-alone modality for
image guidance.

As a first step, the feasibility to apply CS for acquisition time reduction was assessed. The
point by point sampling of the entire k-space in 3D-PE-TSE allowed for significant CS
acceleration in three dimensions as was demonstrated for two different cases. The chosen
CS reconstruction parameters performed well for the data presented in this work, but
should be tested for specific cases to prevent loss of low contrast features. Further case
specific optimization can be potentially achieved by including pre-knowledge in the
sampling pattern design and image reconstruction. An interesting aspect of CS, as illustrated
in this work, is the fact that CS is flexible with respect to the coil setup, as can be observed
from the six-fold prospective acceleration using both a single and multi-element coil setup.
This kind of aggressive acceleration would be unfeasible when using parallel imaging (P1) in
combination with a small number of receive coils, since the number of coil elements and
their orientation determines the achievable acceleration factor (33,34). The use of
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low-element coil setups (i.e. micro-coils, surface coils) to limit the coil sensitivity profile and
consequently the imaging matrix can be particularly beneficial to reduce the acquisition
time of phase-encoded imaging, knowing that each point in k-space requires a separate
phase encoding step and consequently an additional repetition. By carefully positioning
surface coils the sensitivity profile of the receive coils can be limited to the volume of
interest, thereby decreasing the volume to be encoded and consequently the required
number of phase encoding steps to prevent aliasing.

The decrease in SNR associated with k-space undersampling may complicate successful CS
reconstruction. Fortunately, as opposed to frequency encoding, in phase-encoded imaging
it is possible to adjust the sampling time (1/BW) to increase the SNR without introducing
geometrical distortions. Note, however, that the maximum sampling time is limited by
intravoxel dephasing related to macroscopic field inhomogeneities. In this work, a
deliberate choice was made for the sampling rate to ensure a minimal effect of signal
dephasing during sampling of a single time point, while retaining sufficient SNR to combine
reduced field of view imaging with undersampling. By exploiting both aspects it was feasible
to obtain 3D-PE-TSE images of a titanium screw in vivo within 10 minutes with a reasonable
resolution. In case multiple coils are present, it may be expected that Pl and CS can be
combined to further accelerate the proposed method, since they are based on different
principles. However, additional acceleration of a CS-Pl combination is likely to be modest
(28).

In conclusion, this work has shown that it is feasible to use CS accelerated 3D-PE-TSE
imaging to obtain geometrically accurate MR images in the presence of strong field
inhomogeneities on a clinical MR system within a reasonable scan time.
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CHAPTER 3

MULTISPECTRAL 3D PHASE-ENCODED TURBO SPIN-ECHO FOR
IMAGING NEAR METAL: LIMITATIONS AND POSSIBILITIES

ABSTRACT

In this work the imaging performance of a multispectral fully phase-encoded turbo spin-echo
(ms3D-PE-TSE) sequence for imaging near metal was assessed based on the artifact reduction
capabilities, scan time efficiency and signal characterization properties.

For this purpose, ms3D-PE-TSE and ms3D-TSE sequences were implemented to obtain multispectral
images (+20 kHz) of a cobalt-chromium (CoCr) knee implant embedded in agarose. In addition, a knee
implant computer model was used to investigate the possibilities for scan time acceleration using
field-of-view (FOV) reduction for the individual off-resonance frequency bins. Experimental
confirmation was obtained for a +10 kHz frequency bin with and without compressed sensing
acceleration.

The obtained ms3D-PE-TSE images showed no susceptibility related artifacts, while ms3D-TSE images
suffered from hyper-intensity artifacts and signal voids. The limitations of ms3D-TSE were apparent in
the far off-resonance regions (10 - 20 kHz) located close to the implant. The scan time calculations
showed that ms3D-PE-TSE can be applied in a clinically relevant timeframe (~12min), when omitting
the three central frequency bins. The feasibility of the calculated acceleration factors was
demonstrated by decreasing the scan time for the +10 kHz frequency bin from ~10.9 min to ~3.5 min,
while also increasing the spatial resolution fourfold, by combining reduced FOV imaging and
compressed sensing. The temporally resolved signal of ms3D-PE-TSE proved to be useful to decrease
the intensity ripples after sum-of-squares reconstructions, increasing the signal-to-noise ratio and
detection of the echo-formation near metal implants.

The presented results suggest that the scan time limitations of ms3D-PE-TSE can be sufficiently
addressed when focusing on signal acquisitions in the direct vicinity of metal implants. Because these
regions cannot be measured with existing multispectral methods, the presented ms3D-PE-TSE method
may enable accurate detection of inflammation, (pseudo-)tumors or metallic debris in locations close
to the implant.

BASED ON: J.S. van Gorp, R. Nizak, J.G. Bouwman, D.F.B. Saris, P.R. Seevinck; Multispectral 3D phase-
encoded turbo spin-echo for imaging near metal: Limitations and possibilities (submitted for
publication)



CHAPTER 3
3.1 INTRODUCTION

Surgical orthopedic procedures, such as knee and hip replacements (1,2), have been steadily
increasing in recent years due to increasing life expectancy and improved clinical
capabilities. With the increasing number of metal implants, there is a growing need for
accurate post-operative imaging. Ideally, the soft-tissue contrast of MRl is exploited for the
detection of complications (3-8) (e.g. osteolysis, infection, implant loosening, pseudo-
tumors) (9,10) near metal implants.

To accurately perform post-operative MRI, multispectral turbo spin-echo (msTSE)
techniques (e.g. MAVRIC, SEMAC) have been developed for metal artifact reduction caused
by the paramagnetic nature of the implants (5,6,11). To a large extent these methods have
been successful in improving the diagnostic image quality surrounding metal implants.
However, in the case of extreme susceptibility induced field gradients, equal or larger than
the frequency encoding readout gradient, such techniques still result in signal hyper-
intensities and signal voids (12). In a recent study it was calculated that multispectral
techniques are fundamentally limited in regions close to the implants where metal induced
off-resonance offsets exceed +12 kHz, when applied as in the clinic (13).

To overcome these remaining fundamental limitations, fully phase-encoded techniques
have been suggested (14-16). These techniques result in geometrically undistorted images,
while also acquiring a densely sampled temporal signal decay curve that can be exploited
for detailed signal decay characterization. The main limitation of these sequences is the
inherently long acquisition time, requiring significant scan time acceleration before clinical
application is feasible. In recent studies, both parallel imaging (14) and compressed sensing
(15) have been combined with phase-encoded turbo spin-echo sequences to reduce the
scan time of phase-encoded MRI techniques under 10 minutes for a single measurement.
The peak Bi1 requirements in 3D phase-encoded turbo spin-echo (3D-PE-TSE) acquisitions,
however, limit the achievable refocusing bandwidth in a single acquisition to ~3 kHz after
bandwidth optimization (15). This results in incomplete signal excitation when imaging near
strong paramagnetic alloys (i.e. cobalt-chromium, stainless steel).

In order to obtain 3D-(PE-)TSE images from a larger frequency range than the achievable rf
refocusing bandwidth, multispectral excitation schemes are required (5,6). Methods that
utilize these multispectral excitation schemes, such as MAVRIC and SEMAC, cover the
desired frequency range by repeating the imaging experiment with different rf offset
frequencies. Coverage of the desired frequency range requires multiple 3D-PE-TSE
acquisitions and dedicated multispectral excitation schemes (5,17) that will significantly
increase the scan time.

To address scan time issues in ms3D-PE-TSE, both the number of required acquisitions as
the number of phase encoding steps in each acquisition should be considered. By optimizing
the refocusing bandwidth and the step size between rf pulses, it is possible to reduce the
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required number of acquisitions, while the scan time of the individual acquisitions can be
reduced by adjusting the field-of-view (FOV) based on the excited signal locations. In the
case of orthopedic implants the off-resonance signal is located close to the metal
components of the implant, allowing for FOV reduction without introducing aliasing
artifacts. Such time-saving FOV reductions have already been applied successfully for the
MAVRIC sequence in two phase-encoded dimensions (5), while a FOV reduction in three
dimensions might be possible for 3D phase-encoded imaging.

To assess the potential of multispectral 3D phase-encoded turbo spin-echo (ms3D-PE-TSE)
for clinical applications requires a better understanding of the artifact reduction capabilities
and scan time limitations. Currently, the frequency coverage of multispectral methods is
restricted to +8 - 12 kHz, because the extreme susceptibility gradients outside this range
prevent accurate spatial encoding with frequency-encoded methods. Phase-encoded
methods, however, are in principle unaffected by the extreme metal induced susceptibility
gradients at these frequencies. To compare the artifact reduction capabilities of
multispectral frequency-encoded and phase-encoded methods it is necessary to include
off-resonance frequency bins that are excited with rf offsets larger than £12 kHz.

In the study reported here, the primary goal was to identify if multispectral 3D phase-
encoded turbo-spin-echo (ms3D-PE-TSE) can add value to existing multispectral 3D-TSE
(ms3D-TSE) methods based on artifact reduction, scan times and signal characterization.
For this study, a cobalt-chromium (CoCr) knee implant phantom and a CoCr knee implant
computer model were used to study the imaging performance using a paramagnetic
material that is often encountered in orthopedic imaging. First, ms3D-TSE and ms3D-PE-TSE
sequences were implemented by designing multispectral excitation schemes using rf pulses
with the same shapes, allowing a fair comparison between both methods. Both sequences
were used to obtain multispectral images of the CoCr phantom from an extended frequency
range of +20 kHz for comparison of the artifact reduction capabilities. Second, the knee
implant computer model was used to calculate the susceptibility induced field shift from
the implant. The field shifts were used to determine the locations where the spatial
encoding process of frequency-encoded imaging is expected to be fundamentally limited
and to calculate the achievable FOV reduction factors in ms3D-PE-TSE. The calculated scan
time values were experimentally confirmed in a second experiment by using reduced FOV
imaging with and without additional compressed sensing (CS) acceleration (15,18). The
temporal signal of the phase-encoded techniques was exploited during data analysis (i.e.
SNR adjustments, adjusting T2" weighting), and for signal characterization in the presence
of the CoCr implant.
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3.2 METHODS
3.2.1 IMPLEMENTATION OF MULTISPECTRAL IMAGING SEQUENCES

To facilitate a fair comparison between multispectral frequency-encoded imaging and
multispectral phase-encoded imaging, ms3D-TSE and ms3D-PE-TSE sequences were
implemented using similar pulse shapes on a clinical MRI system. The slice selection
gradients were disabled in all sequences to exclude slice related artifacts in the data and
prevent mixing of slice distortions and frequency encoding related artifacts. The details of
the original 3D-PE-TSE sequence are described in (15).

To implement a multispectral excitation scheme with a uniform intensity profile over the
full multispectral frequency range it is necessary to first choose a pulse pair and then
determine the rf step size that result in the lowest intensity variation after combination of
all frequency bins. For ms3D-PE-TSE the time-efficiency is the most important aspect to take
into account when choosing the rf pulse pair. To maximize the time-efficiency of ms3D-PE-
TSE both a high rf bandwidth and short durations for the refocusing pulse are desired. In
light of these criteria we chose to combine a 2.016 ms sinc-gauss excitation pulse with a
0.3456 ms block refocusing pulse to obtain a truncated sinc frequency profile with a FWHM
of ~3 kHz (17). In case of ms3D-TSE 2.91 ms sinc-gauss and 0.5 ms block pulses were used
to decrease the rf bandwidth to ~2 kHz, limiting the maximum signal displacement to +1
pixel for a gradient strength of 1 kHz/pixel (according to x’- x = Avg(X) 27T/yGread).

After choosing the pulse-pair, the rf step sizes (Af) with the lowest intensity variations after
sum-of-squares combination were determined using 1D Bloch simulations (19). First, the
actual frequency profiles of the ms3D-TSE and ms3D-PE-TSE the pulse-pairs were simulated
for a [-20:0.02:20] kHz range with 100 ps time steps (code available on http://www-
mrsrl.stanford.edu/~brian/bloch/). Second, the signal response over the total frequency
range was determined by combining multiple rf frequency responses with a varying rf step
sizes Af of [1.0:0.01:3.0] kHz, followed by a sum-of-squares combination for each Af. The Af
values with the most uniform signal response were selected (Figure 3.1).

3.2.2 MAGNETIC FIELD SIMULATIONS

A 3D vectorized computer model of the femoral component of a knee implant (Smith &
Nephew, UK) was used to calculate the susceptibility induced field distribution at 1.5T and
3T (20,21). First, the 3D vector model was converted to a discrete susceptibility distribution
(dxcocrmo = 1300 ppm (22)) in a grid coordinate system (FOV = 128 mm?3, voxel = 0.253 mm3).
The expected field shift was calculated using efficient forward 3D field calculations. Based
on these calculations, all voxels with a calculated frequency value within the routinely
applied frequency range of +12 kHz were selected to detect the rf limited regions in current
ms3D-TSE methods (Figure 3.2).
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3.2.3 REDUCED FIELD-OF-VIEW IMAGING

The off-resonant frequency bins in the ms3D-PE-TSE acquisitions for near metal imaging
may often be acquired with a reduced FOV compared to on-resonant acquisitions, because
the off-resonance signal is located in proximity to the implant. To determine the scan time
reduction factor for a typical metal implant, such as used in this work, it is possible to exploit
magnetic field simulations, such as described earlier. To calculate the minimal required FOV
for each frequency bin, all voxels with a frequency value within the rf bandwidth (£2.56 kHz,
>1% rf frequency response) centered around the rf center frequencies (f = -21.4:3.1:421.4
kHz) were selected from the simulated field distributions. After selecting the voxels at a
specific frequency, a bounding box was determined that contained all signal, representing
the minimal required FOV to prevent aliasing. Based on the size of the box and a 2x2x2 mm
MR acquisition resolution it was possible to calculate the scan matrix and the number of
required repetitions (NxxNyxN:) for each specific off-resonance 3D-PE-TSE acquisition. The
FOV reduction factors (rFOV/FOV) were calculated for all phase-encoded dimensions, and
combined with earlier reported scan time reduction factors (14,15) to calculate the minimal
scan time per bin. The principle of rFOV imaging was visualized for three off-resonance bins
(f=-3.1 kHz, +3.1 kHz, +9.2 kHz) by projecting the signal within the specified rf BW over the
implant model (imoverlay code available on http://www.mathworks.com/matlabcentral/
fileexchange/42904-imoverlay).

3.2.4 EXPERIMENTAL SETUP

The femoral part of a CoCr knee implant (Smith & Nephew, UK) was embedded in 2%
agarose gel in a cylindrical container (radius = 5 cm , length = 10 cm). All imaging
experiments were performed on a 1.5T MRI system (Philips Achieva, Best, The Netherlands)
with an eight element knee coil.

In the first experiment, the goal was to compare the artifact reduction performance of
frequency-encoded and phase-encoded sequences for a £20 kHz frequency range. To this
end, ms3D-PE-TSE and ms3D-TSE images were acquired by stepping the rf frequencies with
2.5 kHz and 1.2 kHz to cover a frequency range of +20 kHz and +20.4 kHz, respectively. All
3D-PE-TSE acquisitions were performed with a 3D spherical k-space shutter in order to
reduce the acquisition time twofold. To minimize artifacts in the readout direction for
ms3D-TSE, the maximum frequency encoding strength was applied. The frequency bins
were acquired individually (appendix) before combining them into a single dataset with a
sum-of-squares reconstruction.

In a second experiment, the possibility for rFOV 3D-PE-TSE imaging was investigated. First,
on-resonance (0 kHz) and off-resonance 3D-TSE images (+10 kHz) were acquired for
planning of the rFOV acquisitions. Second, 3D-PE-TSE data was acquired at the +10 kHz
frequency with a reduced FOV (90x100x68 mm) but with an increased spatial resolution
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(1.25x1.56x2 mm) in a similar scan time as the full FOV experiment (FOV = 128x128x128
mm; voxel size 2x2x4 mm). To demonstrate the potential of k-space undersampling
strategies for scan time acceleration, CS was combined with rFOV to obtain an additional
factor 3 acceleration of the 3D-PE-TSE acquisition as described in (15). To enable qualitative
comparison between scans, the acquired 3D-PE-TSE data was reconstructed to the same
grid as the 3D-TSE data (dz =4 mm, FOV = 128x128x128 mm).

3.2.5 ACQUISITION PARAMETERS

Experiment 1:

mMs3D-TSE: BWread = 113 kHz (maximum), TE = 9ms, TR = 180ms, FOV = 128x128x128 mm,
voxel size = 1x2x4 mm, turbo factor = 10, fo = [-20.4:1.2:+20.4 kHz], 36 sec per bin, 21 min
in total.

ms3D-PE-TSE: BWacq= 32 kHz, nt = 64, TE =9 ms, TR = 100 ms, FOV = 128x128x128 mm,
voxel size = 2x2x4 mm, turbo factor = 10, fo = [-20:2.5:+20 kHz], 10 min 55 sec per bin,
3 h 9 minin total.

Experiment 2:

3D-TSE (2x): BWread = 113 kHz (maximum), TE = 9ms, TR = 180ms, FOV = 128x128x128 mm,
voxel size = 1x2x4 mm, turbo factor = 10, 36 sec per bin, fo = [0 kHz; +10 kHz].
rFOV3D-PE-TSE (2x): BWacg = 32 kHz, nt =32, TE =9 ms, TR = 100ms, FOV = 90x100x68 mm,
voxel size = 1.25x1.56x2 mm, turbo factor = 10, fo = +10 kHz, 10 min 55 sec with shutter only
and 3 min 38 sec with shutter and 3x CS acceleration.

3.2.6 TEMPORALLY RESOLVED SIGNAL IN PHASE-ENCODED IMAGING

Each 3D-PE-TSE dataset contains a series of single point images with varying T." weighting,
due to the absence of a readout gradient (16). The echo times obtained during the sampling
interval (Tacq) of the consecutive images are given by TE(n)=TE+(n-0.5N:-1)dt, with dt =
0.03125 ms, Nt=256, n=1:Ntusing a 32 kHz BW. In this work the echo time series was initially
used to retrospectively adjust the bandwidth by complex averaging of multiple time points.
Averaging of multiple time points increases the SNR of the individual bins, but also increases
the T2" weighting (15). In the reconstructed images this effect can result in signal voids at
locations with very short T." values, which is therefore often an undesired property.
However, if the overlap between bins is sub-optimal the T>" weighting might be used to our
advantage. By varying the T." weighting before sum-of-squares combination it is possible to
alter the bin overlap and potentially decrease variations in the overall image intensity after
sum-of-squares combination. Finally, the signal was used to investigate the effect of strong
susceptibility gradients on the temporal signal decay. The individual time points of the
temporally resolved signals were combined for all frequency bins in a single temporally
resolved signal using a sum-of-squares reconstruction. This was done on a pixel-by-pixel
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basis to obtain a 4D multispectral dataset with three spatially encoded dimensions and a
temporally resolved signal. The signal was used to visualize the influence of metal induced
gradients on the echo-formation.

3.3 RESULTS
3.3.1 RF PROFILES

Bloch simulations of the rf pulse pairs were performed to determine the rf step size (Af)
leading to the lowest intensity variation for a multispectral excitation scheme (Figure 3.1).
The simulations of the excitation (Figure 3.1a,f) and refocusing pulse-pair (Figure 3.1b,g) led
to a uniform truncated sinc frequency response profile as desired for multispectral imaging
(Figure 3.1c,h). After sweeping the Af step size and combining the individual bins with a
sum-of-squares reconstruction we found two Af settings with minimal signal intensity
variation. The lowest intensity ripples were observed for Af = 1.16 kHz in ms3D-TSE (Figure
3.1d) and Af = 1.74 kHz in ms3D-PE-TSE (Figure 3.1i), while a second near optimal setting
was found for 2.04 kHz (Figure 3.1e) and 3.06 kHz (Figure 3.1j), respectively. The two Af
values represent a trade-off between the required number of scans to excite the total
frequency range and the remaining intensity ripples in the final reconstructed sum-of-
squares image. Furthermore, the total signal amplitude of the sum-of-squares signal is
lower for the larger step sizes of 2.04 kHz (Figure 3.1e) and 3.06 kHz (Figure 3.1j), because
of the decreased overlap between individual frequency bins.

Figure 3.1: The simulated frequency responses for both multispectral 3D-TSE (a-e) and 3D-PE-TSE
excitation (a,f) and refocusing (b,g) pulses as implemented in this study. The effective refocusing pulse
profile of a single pulse pair was calculated (c,h) and used for sum-of-squares signal combination for
different step sizes (d-e, i-j).
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3.3.2 FIELD CALCULATIONS

The frequency changes induced by the femoral part of the knee prosthesis (Figure 3.2i) were
calculated for a field strength of 1.5T (Figure 3.2ii) and 3.0T (Figure 3.2iv). Images that
included only signal within £12 kHz were constructed to indicate the missing signal regions,
where ms3D-PE-TSE can add the most value (Figure 3.2iii,v). To improve the visual
assessment of all regions outside the £12 kHz range, 3D renderings were performed for the
implant (Figure 3.2di), the signal regions outside the +12 kHz range (Figure 3.2dii,iv) and the
combination of the two (Figure 3.2diii,v). It can be observed that these regions are all
located close to the implant, with substantial signal voids at a higher field strength of 3T.

Figure 3.2: A digital model of the femoral component of a knee implant was used to create a mask (i)
and calculate the field distribution induced at 1.5T (ii) and 3.0T (iv) (dx = 1300 ppm) in three imaging
planes (a-c). The regions where signal can be expected for a +12 kHz rf excitation range were
calculated (iii,v). 3D renderings of the implant are also shown (d), where the regions outside the rf
excitation range were colored blue (dB<-12kHz) and red (dB>+12kHz)(ii-d,iv-d).
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3.3.3 IMAGE ARTIFACT REDUCTION

The artifact reduction capabilities of ms3D-PE-TSE are demonstrated in Figures 3.3 and 3.4.
In Figure 3.3 it can be observed that the signal pile-up artifacts (hyper-intensities) in ms3D-
TSE (Figure 3.3a-b) were absent in ms3D-PE-TSE (Figure 3.3c-d). Broadening of the excited
frequency range in ms3D-TSE from +10 kHz (Figure 3.3a) to +20 kHz (Figure 3.3b) led to an
increase of these signal pile-up artifacts, while signal voids were still present in the vicinity
of the implant. The ms3D-PE-TSE images showed more intensity ripples that are most likely
related to sub-optimal overlap of the frequency bins (Figure 3.3c, BW = 32 kHz). This
phenomenon was decreased by complex averaging of six time points per frequency bin prior
to sum-of-squares combination (Figure 3.3d; BW = 5.3 kHz).

ms3D-TSE ms3D-PE-TSE
-10to +10 kHz -20to+20kHz  -20to +20 kHz, nt=1 -20 to +20 kHz, nt=6

Figure 3.3: ms3D-TSE (a-b) and ms3D-PE-TSE (c-d) images with the rf offset range varied between -10
to +10 kHz (a) and -20 to +20kHz (c-d). The ms3D-PE-TSE images were reconstructed using the central
time point at the echo (c) and 6 points symmetrically sampled around the echo (d).

The multispectral excitation range can be divided in far off-resonance regions, where
frequency encoding is fundamentally limited, and the frequency range that is routinely
excited with multispectral methods. The effect of fundamental limitations in frequency-
encoded imaging was observed after splitting the entire frequency range of -20 kHz to +20
kHz in three sub-ranges: below -10 kHz (Figure 3.4a,d), between #10 kHz (Figure 3.4b,e) and
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above +10 kHz (Figure 3.4c,f). In the far off-resonance ms3D-TSE images it was difficult to
distinguish hyper-intensity artifacts from correct spatially encoded signal (Figure 3.4a,c).
This can potentially obscure clinically relevant information or lead to misinterpretation of
the data when in vivo investigations are performed. These artifacts were observed at
multiple locations near the metal implant after 3D rendering of the far off-resonance ms3D-
TSE signal (Figure 3.4g,i). The ms3D-PE-TSE acquisitions did not show any hyper-intensity
artifacts in the images (Figure 3.4d-f) or 3D renderings (Figure 3.4j-1). The location of the
implant was easily detected with both sequences after 3D rendering of the signal void in

the central #10 kHz frequency range (Figure 3.4h,k).
-20to-10kHz -10to+10kHz +10to +20kHz

ms3D-TSE

ms3D-PE-TSE

signal signal void signal

ms3D-TSE §J ~ 6 ;
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ms3D-PE-TSE
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== : —-—-_-‘_’/
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Figure 3.4: Comparison of ms3D-TSE (a-c, g-i) and ms3D-PE-TSE (d-f, j-1) data for the off-resonance
regions -20 to -10 kHz (a,d), -10 to +10 kHz (b,e) and +10 to +20 kHz (c,f). The acquired signal for the
far off-resonance bins was rendered in 3D to visualize the imaging differences between both
sequences (-20 to -10 kHz, g,j, +10 to +20kHz, i,l). The signal void within the gel was rendered from
the -10 to +10 kHz region (h,k) to obtain a rough estimate of the implant.
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3.3.4 SCAN TIME REDUCTION

The possibilities for FOV reduction were visualized for rf excitation offsets of -3.1 kHz, 0 kHz,
+3.1 kHz and +9.2kHz (Figure 3.5a-d). The minimal FOV that was required to prevent aliasing
decreased with increasing rf excitation frequency offsets, with strong reductions in all three
dimensions for larger frequency offsets (Figure 3.5e, Table 3.1). The calculated FOV
reduction factors (rFOV/FOV) were mainly limited by the implant size for excitation
frequencies exceeding 6.1 kHz, and are therefore object specific. To acquire the total
frequency range of £20 kHz with ms3D-PE-TSE for the CoCr knee implant phantom would
still require 82.5 min when applying the calculated rFOV factors for each frequency bin. The
combination of rFOV imaging with k-space undersampling techniques (e.g. CS, SENSE)
(14,15) might decrease the total acquisition time further to 27.5 min. Unfortunately, these
scan times are still prohibitive for clinical use and require additional scan time reductions to
be practical. As an alternative to acquiring the total frequency range, it is possible to omit
the frequency bins where ms3D-TSE can be expected to efficiently capture signal. In doing
so the ms3D-PE-TSE sequence would only be used to acquire off-resonance regions where
fully phase-encoded imaging is the most beneficial. After omitting the three central bins
(-3.1 kHz, 0 kHz, +3.1 kHz) a factor 2.5x reduction in acquisition time can be expected for
ms3D-PE-TSE. Including this factor scan times of 35.7 min (without CS) or 11.9 min (with CS)
can be obtained, where the latter would be sufficient to enable in vivo investigations.

In a second phantom experiment, the scan time reduction factors of Table 3.1 were
confirmed for a frequency bin at +10 kHz. 3D-TSE images were acquired to perform planning
(Figure 3.6a-b) of the rFOV 3D-PE-TSE measurements. The applied rFOV is indicated by a
white box in Figure 3.6. In the off-resonance 3D-TSE image (Figure 3.6b), signal pile-up led
to hyper-intensities and a decreased number of signal containing voxels, despite the strong
readout BW of 113 kHz. No such artifacts were observed in the 16 kHz BW 3D-PE-TSE images
(Figure 3.6c,e). The SNR and the T." weighting of the 2 kHz BW images (Figure 3.6d,f)
increased compared to the 16 kHz BW reconstruction, however, at the cost of a slightly

Figure 3.5: The FOV planning is indicated in white for -3.1 kHz (a), 0 kHz (b), 3.1 kHz (c) and 9.2 kHz (d)
3D-PE-TSE acquisitions. Through plane projections were made of the signal (color coded) for the off-
resonance bins (a,c-d) to visualize all signal containing voxels in the 3D volume. In the on-resonance
bin (b) a single slice was shown, because all slices require full FOV encoding. The minimal FOV for each
rf offset frequency in table 3.1 was plotted in (e).
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diminishing area of signal visibility. The rFOV 3D-PE-TSE data was acquired without (Figure
3.6¢-d) and with CS acceleration (Figure 3.6e-f) to reduce the total scan time of 10 min 55
sec (Figure 3.6¢-d) to 3.5 min (Figure 3.6e-f), respectively. No large differences were
observed between the fully sampled (Figure 3.6¢-d) and CS accelerated 3D-PE-TSE images
in the high intensity regions (Figure 3.6e-f). In these experiments the rFOV factor was used
to increase the resolution of the images with a factor four to obtain voxel sizes of
1.25x1.56x2 mm, which was four times higher than in the full FOV acquisitions.

Figure 3.6: 3D-TSE acquisitions were performed with full FOV (a-b) for planning of the reduced FOV
3D-PE-TSE acquisitions (c-f) without (c-d) and with (e-f) CS acceleration. Different time points were
included in the reconstructions to obtain a 16 kHz (c,e) and 2 kHz (d,f) BW. The acquisition times of
3D-PE-TSE were 10 min 55 sec (c-d) and 3 min 38 sec (e-f), respectively. All images were reconstructed
with a 4 mm z partition thickness.

Table 3.1: FOV reduction for ms3D-PE-TSE

Excitation FOV with signal rFOV (%)" Time rFOV Time rFOV +

frequency present (mm)# (min)* 3x CS/SENSE

(kHz)~ (min)*
-21.4 75 x 60 x24 5% 1.1 0.4
-18.4 76 x 64 x 35 8% 1.8 0.6
-15.3 78 x 65 x 38 9% 2.0 0.7
-12.2 82 x 68 x 54 14% 3.1 1.0
-9.2 86 x 75 x 56 17% 3.7 1.2
-6.1 96 x 88 x 58 23% 5.1 1.7
-3.1 128 x 128 x 67 52% 11.3 3.8
0 128 x 128 x 128 100% 21.7 7.2
+3.1 103 x 100 x 128 63% 13.7 4.6
+6.1 73 x 68 x 69 21% 4.5 1.5
+9.2 70x62x76 16% 3.4 1.1
+12.2 70x60x 70 14% 3.0 1.0
+15.3 70 x59 x 67 13% 2.8 0.9
+18.4 70 x57 x 64 12% 2.7 0.9
+21.4 69 x 56 x 63 12% 2.5 0.8

~ The frequency offset as calculated from the Bloch simulations in Figure 3.2j was used for
the calculations.

# Voxels were selected within 5.12 kHz around the excitation frequency (99% of the effective
rf BW) based on the field distribution of a knee implant with dx = 1300.

* FOV reduction percentages and calculated scan times are based on a 2 x 2 x 2 mm voxel size,
a turbo factor of 10 per 100 ms, a 3D spherical shutter and a full FOV of 128x128x128 mm
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3.3.5 TEMPORAL SIGNAL IN MS3D-PE-TSE

The ms3D-PE-TSE sequence was also used to reconstruct a series of sum-of-squares images,
enabling analysis of the signal evolution in time. This property is unique to fully phase-
encoded imaging and might potentially be used to detect metallic wear of the implant by
measuring changes in T2". The influence of metal induced field inhomogeneities on the spin-
echo formation is demonstrated in Figure 3.7. The susceptibility induced field gradients in
the direct vicinity of the knee implant caused signal dephasing leading to fast T." decay,
which was clearly observed in voxels close to the knee implant (Figure 3.7a-b). The net sum-
of-squares magnitude signal decayed within +0.4 ms on both sides of the center of the echo.
The echo peak widened with increasing distance from the implant (Figure 3.7c). Peak
broadening was most likely caused by reduced intra-voxel dephasing related to
susceptibility induced gradients further away from the implant.

Echo formation

-1 0.5 0 0.5
a Time to echo (ms)

Echo formation Echo formation

-1 0.5 0 0.5 -1 0.5 0 0.5
C Time to echo (ms) d Time to echo (ms)

Figure 3.7: The ms3D-PE-TSE temporal signal curves of the voxels indicated in the image (a) are shown.
The position from the implant was varied by selecting voxels with an equal distance (b), linearly (c) or
diagonal (d) increasing distance. The temporal signal curves (labeled 1 to 5 in b-d) were stacked above
each other for visualization purposes.
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3.4 DISCUSSION

In this work, the artifact reduction performance, scan time limitations and temporal signal
characterization of ms3D-PE-TSE for imaging near metal were assessed in vitro. Below we
will elaborate on the potential applications and current scan time limitations of ms3D-PE-
TSE.

3.4.1 IMAGE ARTIFACT REDUCTION

The ms3D-PE-TSE sequence prevented image artifacts related to extreme susceptibility
gradients (12) across all frequency bins. The added value of phase-encoded imaging was
most pronounced in the far off-resonance regions (>+10kHz), which are currently not
acquired with frequency-encoded techniques, as these ranges are notoriously challenging
(12). Imaging these far off-resonance regions may be particularly useful for detection of
pseudo-tumors (23), bone marrow edema (24) or bone metastases (25) that can occur close
to the implant. In suspicious cases, phase-encoded imaging might be used to complement
existing multispectral frequency-encoded sequences to detect signal deviations in the
vicinity of the implant or to act as a gold standard to exclude hyper-intensity artifacts.

In addition to possibilities for anatomical imaging, the geometrically advantageous
properties of phase-encoded sequences (16) might be exploited for metal localization
studies. The post-operative location of orthopedic implants can then be determined relative
to either world coordinates or anatomical reference points, which can be useful to assess
the accuracy of surgical procedures.

3.4.2 SCAN TIME LIMITATIONS

In this work the possibilities for rFOV imaging were calculated for the femoral part of a knee
implant. The FOV reduction of the far off-resonant bins, where 3D-PE-TSE can be beneficial,
was limited by the size of the implant. In our case, the required FOV around the femoral
part of the implant was approximately ~6x6x6 cm, which is comparable to the size of the
femoral head of hip implants, or various orthopedic stainless steel screws. Therefore, similar
scan time acceleration factors as mentioned in this work can be expected for these
materials. To perform accurate and automated planning of rFOV ms3D-PE-TSE imaging on
a clinical system, it will be also be useful to determine the frequency content using fast
calibration scans (26).

Despite the high acceleration factors from turbo acceleration, k-space undersampling and
rFOV imaging, there are still substantial scan time limitations to overcome for ms3D-PE-TSE.
The main limitation to increase the frequency range in 3D-PE-TSE was the limited maximum
B1 that prevents large bandwidth refocusing pulses. Innovations that enable the acquisition
of an increased frequency range hold potential to significantly decrease the acquisition time
of multispectral phase-encoded acquisition schemes. Multiband excitation has been
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suggested to obtain multiple 3D-PE-TSE frequency bins in a single acquisition (27). The
combination of such pulses with rFOV imaging and k-space undersampling acceleration
might enable full ms3D-PE-TSE acquisitions in acceptable scan times. Additionally, the
characteristic spatial off-resonance distribution of the individual frequency bins might be
used to accelerate multispectral imaging (28) in a similar manner as done with coil
sensitivity profiles in parallel imaging.

In its current state, however, in vivo application of ms3D-PE-TSE is limited to imaging of the
off-resonance regions where multiple off-resonance bins can be obtained within ~10 min.
For the on-resonance bins that require a large FOV, it may be possible to reduce the FOV by
exploiting off-resonance suppression techniques (29), which have been explored recently
to perform fast 2D SEMAC acquisitions (30).

3.4.3 EXPLOITING THE TEMPORAL SIGNAL

The temporal signal of (ms)3D-PE-TSE is a unique property that can potentially be exploited
to optimize the sensitivity, perform undistorted frequency offset mapping, detect intra-
voxel gradients and perform T." mapping. Accurate field mapping near the implant, may for
example be useful in detecting paramagnetic particles from metal wear (31). Closer to the
implant, however, the induced gradients over a voxel are stronger, thereby increasing the
T," decay. In our work the acquisition window close to the implant was limited to ~1 ms,
thereby decreasing the detection sensitivity for small metallic particles close to the implant.
In these cases it might be beneficial to increase the spatial resolution to mitigate fast signal
decay due to intravoxel dephasing.

3.5 CONCLUSION

In this work we demonstrated the artifact reduction capabilities of ms3D-PE-TSE for regions
where frequency-encoded sequences are fundamentally limited. The combination of recent
scan time acceleration methods with rFOV phase-encoded imaging, enables MRI in the
direct vicinity of metal implants.
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APPENDIX
The sum-of-squares images in this work were reconstructed from 35 and 17 individual

frequency bins for ms3D-TSE and ms3D-PE-TSE, respectively. All individual frequency bins
are shown below for both methods.

ms30-TSE rf offset stepped with 1.2 kHz between scans from -20.4 to +20.4 kHz

-20.4 kHz
to
-10.8 kHz

9.6 kHz
to
0 kHz

1.2 kHz
to

10.8 kHz

10.8 kHz
to
20.4 kHz

ms3D-PE-TSE rf offset stepped with 2.5 kHz between scans from -20.0 to +20.0 kHz

-20 kHz
to
0 kHz

-2.5 kHz
to
20 kHz
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CHAPTER 4

MULTIPLE SINGLE-POINT IMAGING (MSPI) AS A TOOL FOR CAPTURING AND
CHARACTERIZING MR SIGNALS AND REPETITIVE SIGNAL DISTURBANCES WITH
HIGH TEMPORAL RESOLUTION: THE MRI SCANNER AS A HIGH-SPEED CAMERA

ABSTRACT

In this paper we aim to lay down and demonstrate the use of multiple single-point imaging (mSPI) as
a tool for capturing and characterizing steady-state MR signals and repetitive disturbances thereof
with high temporal resolution.

To achieve this goal, various 2D mSPI sequences were derived from the nearest standard 3D imaging
sequences by (i) replacing the excitation of a 3D slab by the excitation of a 2D slice orthogonal to the
read axis, (ii) setting the readout gradient to zero, and (iii) leaving out the inverse Fourier transform
in the read direction. The thus created mSPI sequences, albeit slow with regard to the spatial encoding
part, were shown to result into a series of densely spaced 2D single-point images in the time domain
enabling monitoring of the evolution of the magnetization with a high temporal resolution and
without interference from any encoding gradients.

The high-speed capabilities of mSPI were demonstrated by capturing and characterizing the free
induction decays and spin echoes of substances with long T>s (>30ms) and long and short T,"s
(4 - >30ms) and by monitoring the perturbation of the transverse magnetization by, respectively, a
titanium cylinder — representing a static disturbance -, a pulsed magnetic field gradient — representing
a stimulus inherent to a conventional MRI experiment —, and a pulsed electric current — representing
an external stimulus.

The results of the study indicate the potential of mSPI for assessing the evolution of the magnetization
and, when properly synchronized with the acquisition, repetitive disturbances thereof with a temporal
resolution that is ultimately limited by the bandwidth of the receiver, but in practice governed by the
SNR of the experiment and the magnitude of the disturbance. Potential applications of mSPI can be
envisaged in research areas that are concerned with MR signal behavior, MR system performance and
MR evaluation of magnetically evoked responses.

PuBLISHED As: C.).G. Bakker, J.S. van Gorp, J.J. Verwoerd, A.H. Westra, J.G. Bouwman, F. Zijlstra,
P.R. Seevinck; Multiple single-point imaging (mSPI) as a tool for capturing and characterizing MR
signals and repetitive signal disturbances with high temporal resolution: The MRI scanner as a
high-speed camera, Magnetic Resonance Imaging 2013, 31(7):1037-1043



CHAPTER 4
4.1 INTRODUCTION

Single-point imaging (SPI) is a scan technique in which only one point in k-space is acquired
after each excitation. As each point is acquired at a fixed time after the excitation pulse, the
effect from relaxation, chemical shifts, field inhomogeneities, diffusion, and other line-
broadening mechanisms is constant, and the phase increment between successive encoding
steps is entirely determined by the encoding gradients. As a consequence and in contrast
to conventional imaging, the technique is immune to the blurring, distortion and shift
artifacts normally invoked by field inhomogeneities, susceptibility deviations, and chemical
shifts.

SPI was originally developed with solid-state (micro)imaging applications in mind (1). Solids
are characterized by extremely broad lines and very short T, values and SPIl was proposed
for minimizing the effect of all line-broadening mechanisms while using modest gradient
strengths. Up to the present day, SPI has retained the character of a laboratory technique
and is typically only available on NMR spectrometers and not on clinical MRI systems.
Applications are mostly encountered in solid-state physics, materials research, chemical
engineering, food science, and related fields. In the realm of biomedicine, investigators have
always been frightened by the lengthy examination times associated with purely phase-
encoded techniques and applications of SPI have largely remained restricted to in vitro
examinations of solid and quasi-solid tissues and specimens, including bone, teeth,
cartilage, tendon, hair, and prosthetic materials (2-6).

Recently, initial experience with SPIin our group (7) made us aware of the fact that the usual
restriction of SPlI to solid tissues and short T2 materials is unnecessary and
counterproductive and that exactly the extension of SPI to the soft tissue regimen may open
up new perspectives, both with regard to biomedical applications and acceleration of the
technique. To appreciate this, it should be realized that the T. values of soft tissues are
usually in the order of tens of milliseconds, at least two orders of magnitude longer than
the sub-millisecond T values of solid materials. These longer Tas enable signal averaging
and allow for the generation of spin echoes, as compared to the mere use of the initial
amplitude of the FID in solid state imaging, and provide much flexibility in designing SPI
sequences. In addition, and most interestingly within the framework of the present study,
spatial encoding and data acquisition in SPI can be completely separated, and the relatively
long T2s create the possibility to acquire multiple single-point images (mSPI) with a very high
temporal resolution. The mSPI sequence, albeit slow with regard to the spatial encoding
part, thus offers the possibility to monitor the evolution of the (already spatially encoded)
MR signals and repeatable disturbances thereof with a very high temporal resolution and
without interference from any encoding gradients.

In the study reported here, we aim to demonstrate the high-speed (sub-millisecond)
capabilities of multiple single-point imaging (mSPI) by some simple phantom experiments.
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To achieve this goal, the required 2D mSPI sequences will be derived from the nearest
standard 3D sequences by some easily implementable adjustments. This approach is
attractive in that it provides direct access to the full imaging environment. The thus created
mSPI sequences will be shown to result into a series of densely spaced single-point images
in the time domain. The high-speed capabilities of mSPI will subsequently be demonstrated
by examining the free induction decays and spin echoes of substances with long T»s and
long and short T2"s and by monitoring the perturbation of the transverse magnetization by,
respectively, a titanium cylinder — representing a static disturbance -, a pulsed magnetic
field gradient — representing a stimulus inherent to a conventional MRI experiment —, and
a pulsed electric current — representing an external stimulus. The results will be shown to
indicate the potential of mSPI for assessing the evolution of the magnetization and
repetitive disturbances thereof with a temporal resolution that is ultimately limited by the
bandwidth of the receiver, but in practice governed by the SNR of the experiment and the
magnitude of the disturbance.

4.2 MATERIALS AND METHODS
4.2.1 SCAN TECHNIQUES

Imaging was done on a 1.5T clinical whole body system (Achieva, Philips Healthcare, The
Netherlands) with standard imaging capabilities using an eight-element phased array head
coil for signal reception. A sequence modification tool was made available by the
manufacturer. All employed 2D mSPI sequences were created by applying the following
modifications to the nearest standard 3D imaging sequences: i) selective excitation of a slab
perpendicular to the second phase encoding direction (p2z in Figure 4.1) was replaced by
selective excitation of a slice (s in Figure 4.1) perpendicular to the read direction (r in Figure
4.1), i) frequency encoding was disabled by setting the dephasing and rephasing lobe of the
readout gradient to zero, and iii) the inverse FT along the read direction was removed from
the 3D reconstruction. These modifications resulted into a set of equally spaced 2D single-
point images in the time domain, describing the evolution of the magnetization during
acquisition with a temporal resolution determined by the readout bandwidth: At=1/BW/read.
In Figure 4.1, the procedure is illustrated for the conversion of a conventional transversal
3D imaging sequence with readout along the vertical axis into a set of purely phase-encoded
coronal 2D single-point images. Sagittal and transversal 2D mSPI data sets were derived
from conventional 3D acquisitions in a similar way.

Experiments were done with single and multi-echo 2D mSPI sequences with a slice thickness
between 5 and 10 mm. An external trigger pulse with a proper delay was fed to the cardiac
triggering facility of the scanner when acquiring signals in the presence of a repetitive
external disturbance. The employed 2D mSPI sequences were derived from the nearest 3D
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spin-echo and 3D gradient echo-sequences which resulted into the following acquisition
parameters for the 2D mSPI sequences:

SQ1: 2D mSPI-SE: TR/TE=240ms/25ms, flip angle=90°, FOV=64’mm?, scan matrix=642,
BW'eadc=8000Hz, Ns=64, At=125us, Tacg=Ns *At =8.0ms, scan duration=16.4min.

SQ2: 2D mSPI-GE: TR/TE=240ms/18ms, flip angle=30°, FOV=1282mm?, scan matrix=642,
BWread=2732Hz, Ns=64, At=366us, Tacqg=Ns *At =23.5ms, scan duration=16.4min.

SQ3: 2D mSPI-mGE: TR/TE=240ms/4x10m:s, flip angle=30°, FOV=64’mm?, scan matrix=64?,
BWread=13888Hz, Ns=64, At=72us, Tacq=Ns *At =4.6ms, scan duration=16.4min.

The choice of a TR of 240 ms was dictated by the maximum cardiac trigger frequency of 250
beats per minute that is currently allowed on our system.

Gsll‘ s

—,,-/émep?

G
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Figure 4.1: Steps involved in the conversion of a conventional transversal 3D acquisition (left) into a
purely phase-encoded coronal 2D mSPI acquisition (right, dashed slice). In the latter, a series of N
time-resolved single-point images is obtained by reconstructing a separate image for each point of
the acquisition window. Gs, G, Gp1 and Gp; refer to the selection gradient, the read gradient, and the
first and second phase encoding gradients, respectively. Note the differences between the read and
selection gradients in both cases.

4.2.2 PHANTOMS

To demonstrate the capabilities of the 2D mSPI sequences, we used a series of test tubes
and some simple test objects. The test tubes contained a 2% agar gel with different
concentrations of paramagnetic particles, i.c., 0, 1, 2, 3, and 4 mg holmium-loaded
microspheres per cm?3. As described previously (8), such gels have a T1 of about 1500 ms, a
T, of about 33 ms, and a T" varying between 33 ms and about 3 ms, depending on the
concentration of the particles. The length of the tubes was 14 cm, the diameter 1.5 cm. The
test objects consisted of various cylinders with doped water (Ti=T2=T>"= 250 ms). The first
one was a coaxial cylinder with a height of 10 cm and a width of 5.7 cm and a 2.53 cm-
diameter titanium rod as the inner cylinder. This arrangement was used to study MR signals
in the presence of a static disturbance. The second cylinder had a height of 10 cm and a
width of 5.0 cm and was used for monitoring the disturbance of the MR signal by a gradient
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pulse — representing a stimulus inherent to MRI. A properly centered gradient pulse was
obtained by exploiting the read gradient of the original 3D sequence for this purpose.
Effectively, such a gradient acts as a projection dephaser across the slice (9). Successive
mSPl images may thus be expected to exhibit an amount of dephasing that is proportional
to the gradient strength and t'=t-TE. The third cylinder had a height and a diameter of 10
cm and was used for monitoring the repetitive disturbance of the MR signal by a pulsed
electric current — representing a stimulus external to MRI. For this purpose, an isolated 0.4
mm-diameter copper wire was suspended horizontally in the fluid and perpendicular to Bo.
The wire was connected to a current source providing a user-definable waveform and a
trigger signal. The latter was used to properly synchronize the disturbance with the signal
acquisition. Experiments were done with steady currents and block pulses and sinusoidal
pulses with amplitudes up to 15 mA, frequencies up to 1000 Hz, and durations up to 50 ms.
The delay between the trigger signal and the current pulse was 60 ms.

4.2.3 PROCESSING AND DISPLAY

Following on the mSPI acquisition, a complex image was reconstructed for each sample
point t = TE+mAt of the FID with 1 £ m £ Ns or each sample point of the spin echo with
—Ns/2 £ m < Ns/2, yielding a time resolved series of Ns complex images with temporal
resolution At = Tacg/Ns. Complex images were converted to real, imaginary, magnitude, and
phase maps for further analysis. To evaluate the effect of a disturbance on the MR signal,
the signal in the presence of the disturbance was compared to the signal in the absence of
the disturbance. For the case of a static field gradient and a pulsed gradient, the observed
modulation of the complex signal was evaluated against the sinc-shaped modulation that is
to be expected for a linear gradient across a voxel (10). For the case of a current pulse,
Ampere’s law was used to estimate the induced field disturbance AB.. For a point in a plane
perpendicular to an infinite wire along the x-axis this yields the following expression:

AB,(r,0,t) = ug 1(t) sin(0) /27 [4.1]

where I(t) represents the current along the x-axis, r the distance from the wire, and 6 the
angle with the z-axis. The theoretical value was compared to the observed field disturbance
as calculated by taking the time derivative of the measured phase maps using YAB = -3¢/0t.
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4.3 RESULTS

In the first experiment, mSPI (SQ1) was used to produce time-resolved images of the
evolution of the transversal magnetization in gels with a relatively long T2 and a T>" inversely
proportional to the concentration of holmium-loaded microspheres. Figure 4.2 shows the
magnitude of the observed spin-echo signals for one of the pixels in the resultant series of
SPI images for the blank sample and the sample with the shortest T,". The large difference
in the magnitude between both signals at the echo time TE is caused by irreversible signal
dephasing due to diffusion in the holmium sample, as has been observed before (8). Figure
4.2 clearly demonstrates the capability of mSPI to monitor the signal decay induced by a
paramagnetic agent with a temporal resolution that can only be achieved by interleaving
many acquisitions in conventional imaging (8,11). The figure also demonstrates a shift
between the time at which the echo maximum occurs and the nominal TE of 25 ms, a
phenomenon that has been described before and is well understood (see, e.g., 12).

Figure 4.2: Spin-echo curves of, respectively, a blank gel with T,"=T,=33ms (top) and a gel with 4
mg/ml holmium-loaded microspheres with T,"=3ms (bottom). The signals were sampled at Ns=64
intervals of At=0.125ms, centered at TE=25ms. Note the absence of refocusing in the blank gel and
the small leftward shift of the echo-peak with respect to TE in the holmium gel. The large difference
in the magnitude between both signals at the echo time TE is caused by diffusion losses in the holmium
sample.

In the second experiment, mSPI (SQ1) was used to closely examine the evolution of the
magnetization in the presence of a static field disturbance, in this case induced by a titanium
cylinder. Figure 4.3 shows the resultant phase map at t ’=t-TE = 3 ms and the sinc-shaped
evolution of the signal for a point near the cylinder. This signal behavior is typical for a linear
gradient across a voxel and indicates the adequacy of this approximation for a small voxel
at some distance from the perturber.
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Figure 4.3: Left panel: coronal 2D mSPI phase map at t’=t-TE=3ms of a 5.7-cm diameter coaxial cylinder
phantom with a 2.35-cm diameter titanium cylinder - indicated by the white circle - as the inner
cylinder. Right panel: sinc-modulation of the spin-echo curve for a point in the annular region, in this
case point (9,41). Signals were sampled at Ns=64 intervals of At=0.125ms, centered at TE=25m:s.

In the third experiment, mSPI (SQ3) with echoes at 10, 20, 30, and 40ms was used to
monitor the modulation of MR signals by a user-defined gradient pulse (‘G in Figure 4.4).
This is an example of an MR intrinsic disturbance whereas gradients are normally applied
for encoding purposes. In this case, the gradient operates as a projection dephaser across
the slice. Figure 4.4 shows the sinc-shaped modulation of the magnitude of the signal that
is known to be effectuated by such a projection dephaser (10). The strength of the gradient
that can be deduced from the number of lobes in the observed pattern and the known slice
thickness is 5.1 mT/m, which closely corresponds with the imposed gradient of 5.095 mT/m.
Figure 4.4 further shows the evolution of the signal during the successive acquisition
windows at 10, 20, 30 and 40ms for a voxel at the center and the edge of the slice,
respectively. While nice sinc-profiles and exponential signal decays are observed at the
center of the slice, profiles and decay curves at the edge appear to be severely distorted by
field inhomogeneities.

In the fourth experiment, mSPI (SQ2) was used to monitor the modulation of MR signals by
a user-defined electric current pulse synchronized with the acquisition. This is an example
of an external disturbance. Figure 4.5 shows the modulation of the magnitude of the free
induction decay by a synchronized current I(t) = losin(27tft) with f = 100 Hz and a span of
10 ms for a point near the current carrying wire. The figure further shows the differential
responses of, respectively, the phase P of the signal and the logarithm of |S]|. The latter
provides an indication of the evolution of the phase spread across the voxel, the former of
the average phase within the voxel. Evidently, mSPI will only be able to capture such
disturbances if they are large enough with respect to the noise. This was readily verified by
evaluating the disturbances at larger distances from the wire or by decreasing the current.
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Figure 4.4: Schematic of the phantom and the setup (top left) that were used for monitoring the
dephasing effect of a read gradient (‘G/) on the magnitude of the signal in a coronal 2D mSPI
acquisition with multiple echoes. Sampling was done at 10, 20, 30, and 40ms with Tacq=4.6ms, Ns=64,
and At=72us. The top right panel shows the evolution of the signal during the acquisition window at
10ms for a voxel at the center of the slice. The bottom panels show the evolution of the signal during
the acquisition windows at 10, 20, 30 and 40ms for a voxel at, respectively, the center (bottom left)
and the edge (bottom right) of the slice. Note the sinc-profiles and exponential signal decay at the
center of the slice and the inhomogeneity-degraded profiles and decay curve at the edge.

Figure 4.5: Schematic of the setup that was used for monitoring the modulation of the free induction
decay by a synchronized current I(t)=losin(27ft) with f=100Hz and a span of 10ms for a point near the
current carrying wire (top and bottom left). The signal was sampled at Ns=64 intervals of At=0.367m:s,
with Taq=23.5ms centered at TE=18ms. The bottom left panel shows the response of the magnitude
|S|] of the signal. The top right and bottom right panels show the differential responses of,
respectively, the phase P of the signal (top right) and the logarithm of |S| (bottom right). The latter
provides an indication of the evolution of the phase spread across the voxel, the former of the average
phase within the voxel.
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Figure 4.6 finally shows that the observed current-induced phase changes are in good
agreement with the values predicted by Ampere’s law (Eq 4.1) using A = —yAB.t. In this
experiment, the phase change was induced by switching between a positive and a negative
current of I = 12.5 mA along the x-axis.

Figure 4.6: Sagittal maps of the phase difference induced by a positive and a negative current of
1=12.5mA along the x-axis at t=6ms (top left) and at t=30ms (top right), respectively. The bottom left
panel shows a schematic of the z-component of the B-field along the y-axis for a current along the x-
axis. The bottom right panel shows a graph of the negative of the predicted and observed phase
difference along the y-axis at t=6ms. Note the minus sign of A¢ and the occurrence of phase aliasing
near the wire.

4.4 DISCUSSION

In this work, mSPI was proposed as a tool for monitoring the evolution of the transverse
magnetization and repetitive disturbances thereof in substances with a relatively long T.
Albeit a slow technique with regard to spatial encoding, mSPI was shown to provide a high
temporal resolution and to behave like a high-speed camera when properly synchronized
with the disturbance.

The use of mSPI for signal characterization and system monitoring purposes was made
possible by migrating from the realm of solid materials to the realm of soft tissues. In the
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former, T2 values are typically in the microsecond range so that, in order to minimize signal
loss, the initial amplitude of the FID has to be taken for the reconstruction of the — in this
case — single single-point image (SPI). This is in contrast to the much longer T2 values
typically encountered in soft tissues, which permit reconstruction of multiple single-point
images (mSPI), allow for signal averaging, enable acquisition of spin-echoes, and provide
much more flexibility in designing mSPI sequences. The migration from solid to soft tissues
thus makes life easier without introducing undesirable side effects.

The 2D mSPI sequences that were used in this study were created in the research mode of
a standard MR scanner by some straightforward modifications of the nearest conventional
3D spin echo and gradient echo sequences. This approach provided immediate access to
the full capabilities of the imaging environment. Besides, integration of mSPI into the
imaging environment appeared to be much easier and far less restrictive — at least on our
system and for the specific purpose of a high-speed camera - than incorporation of mSPI
into the spectroscopy environment, despite evident similarities between mSPI and a
spectroscopic imaging (SI) sequence. Here it should be emphasized that the intentions of
mSPI and S| are very different, leading to differences both with respect to the acquisition
part and the reconstruction and processing part. Sl, on the one hand, is directed at low-
concentration tissue metabolites like NAA, creatine and lactate. It usually features large
voxels and a large number of signal averages to obtain sufficient SNR and a long acquisition
window and a large number of samples to obtain sufficient spectral resolution. The long
repetition time that is typically used in Sl generally obviates the need of sophisticated
spoiling and refocusing measures. mSPI, on the other hand, is directed at imaging of the
bulk protons of water and fat and of disturbances of their signals with a high spatial and
temporal resolution. The acquisition window, the voxel size, the number of signal averages,
and the repetition time are, therefore, usually much smaller than in spectroscopic imaging.
The much smaller repetition times make spoiling and refocusing in mSPI an important
concern. This concern has usually been taken care of in the imaging environment. Finally, it
should be appreciated that the spectral content of the recorded signal in mSPI is not only
dependent on the excitation BW, but on the frequency content of the disturbance as well,
as is easily learned from the experiments with internal and external stimuli.

One of the attractive features of mSPI as compared to conventional imaging techniques is
the complete separation between the excitation-encoding part and the data acquisition
part of the sequence. This separation implies that, once the signal has been encoded, there
is freedom to interact with the MR signal during the acquisition window without affecting
the spatial encoding. The time available for such interactions is limited by T2 or T." and will
be dependent on the acquisition mode (FID, single echo, multi-echo, etc.). Another
attractive aspect of mSPI is the extremely high temporal resolution that can be achieved, at
least in principle. Theoretically the resolution is limited by the bandwidth of the receiver (3
MHz on our system), but in practice the limit will be determined by the SNR of the
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experiment, the magnitude and character of the disturbance, and the employed averaging
and filtering techniques.

With regard to potential applications of mSPI, the first area that comes to mind is related
to our experiments with the holmium-loaded microspheres. It is the use of mSPI as a gold
standard technique for the analysis and quantification of object-induced microscopic and
macroscopic field inhomogeneities. Examples of this application would be the detailed
characterization of the FIDs and spin-echo signals of tissues/ organs after the administration
of paramagnetically labeled contrast agents, drugs, and other substances. As shown by the
results for one of the holmium samples in Figure 4.2, mSPl is readily able to offer a temporal
resolution that previously could only be attained by interleaving many shifted mGE
sequences (8,11), and with all the additional benefits of SPI with regard to image quality.
Such detailed signal curves could be helpful in analyzing and characterizing the diffusion
regimes in which particle systems may reside, e.g., static dephasing or motional narrowing,
and in evaluating theories that have been proposed to describe such systems (12,13 and
references therein).

The second area of applications of mSPI that suggests itself is in the area of MRI
performance testing and quality assurance. As illustrated by the experiment with the
gradient pulse (Figure 4.3) and reported about in the literature (14), mSPI is an ideal tool
for characterizing the response of MR signals to stimuli inherent to MRI, including RF pulses
and gradient waveforms. mSPI can, for instance, be used to analyze the effects of eddy
currents on gradient waveforms or to examine the influence of background gradients on
the quality of spin-echoes and gradient echoes, which may be relevant to quantitative
relaxation studies.

The third area of applications of mSPI that can be envisaged is suggested by our experiment
with the pulsed electric current. It is the study of repetitive perturbations of MR signals by
external stimuli. An example of such an application would be the characterization of the
field disturbance invoked by transcranial magnetic stimulation (15). The ultimate challenge
here would of course be to capture the very weak and short-lived field disturbances invoked
by the TMS-induced neuronal currents (16).

With regard to the limitations of mSPI, lack of efficiency is the key issue. Since only one point
in k-space is acquired after each excitation, as compared to, e.g., 256 points when a readout
gradient is applied, mSPI tends to be about two orders of magnitude slower with respect to
spatial encoding than the corresponding standard imaging sequence. To put this dramatic
difference in proper perspective, however, it should be noted that the use of frequency
encoding instead of phase encoding is never free of charge, but always involves
compromises with respect to SNR and image quality. In addition, when multiple time points
with small echo spacing are required these frequency encoded sequences need to be
repeated a number of times with a slightly different TE, while mSPI yields this temporal
information in a single acquisition, therefore becoming significantly more efficient than for
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single time point experiments. A full discussion of the trade-offs that are involved is not a
trivial exercise at all and lies outside the scope of this paper. In the present study, a 2D setup
and small field-of-views and acquisition matrices were used to achieve adequate spatial
resolution, while avoiding excessive scan times and still be able to demonstrate essential
features. In future work we will try to push the limits by incorporating some of the
acceleration tools that we already discussed and partly demonstrated in previous work
(7,17,18), including multiple spin echo techniques, multipoint k-space mapping techniques,
parallel imaging techniques, and sparse sampling techniques (19-21). Finally it should be
realized that the slowness of mSPI and the necessity to synchronize the acquisition with a
repetitive signal disturbance both emerge from the spatial encoding part of the technique.
Real-time monitoring of single events and transient phenomena would, therefore, easily
come into reach when the acquisition would be restricted to a single volume. Such a
localized approach has in fact been demonstrated long ago for the detection of transient
enhancement of transverse relaxation in the brain following bolus administration of
contrast agents (22).

Reviewing our findings, we conclude that mSPI offers a powerful research tool for
investigating MR signals and repetitive disturbances thereof with high temporal resolution,
and that this research tool may evolve toward a more practical tool by fully exploiting
current developments with regard to scan time reduction.
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CHAPTER 5

BI-EXPONENTIAL TRANSVERSE RELAXATION MAPPING OF SODIUM
WITH HIGH TEMPORAL RESOLUTION USING 3D ULTRASHORT TE
SPECTROSCOPIC IMAGING AT 7T

ABSTRACT

In this work a time-efficient strategy for quantitative characterization of bi-exponential sodium (23Na)
signal decay, total sodium concentration (TSC) mapping and 2Na imaging was presented.

To achieve this goal, a 3D ultrashort TE spectroscopic imaging (UTE-SI) sequence was implemented on
a 7T scanner to characterize single quantum (SQ) 23Na signal behavior. Simulations were performed
to evaluate the influence of T," decay on image blurring for various k-space trajectories and to assess
the accuracy of bi-exponential fitting models. The feasibility of 3D-UTE-SI for T2"short, T2"long and TSC
mapping as well as for 22Na imaging was assessed in vitro and in vivo in the knees of two healthy
volunteers. Additionally, compressed sensing (CS) acceleration was explored for scan time reduction.
The 2Na decay curves were sampled with 32 kHz bandwidth and 0.3 ms TE with 3D-UTE-SI, enabling
reconstruction of 22Na images with minimal blurring and accurate characterization of bi-exponential
T>" decay. Quantitative T2"short, T2"iong @and TSC maps were in accordance with literature values.
3D-UTE-SI data in the knee were acquired in 24 min (full) and 12 min (2x CS) with 3x3x5 mm voxels.
The results of this study demonstrated that simultaneous characterization of bi-exponential 2Na
decay, mapping of TSC and high SNR 23Na imaging was feasible in acceptable scan times using
3D-UTE-SI.

BAseD ON: J.S. van Gorp, P.W. de Bruin, A.G. Webb, M.A. Viergever, P.R. Seevinck; Bi-exponential
transverse relaxation mapping of sodium with high temporal resolution using 3D ultrashort TE
spectroscopic imaging at 7T (submitted for publication)



CHAPTER 5
5.1 INTRODUCTION

Sodium (%3Na) plays an important function in physiological processes such as maintaining
homeostasis through osmotic and pH regulation and propagation of nerve and muscle
impulses (1). In many diseases (e.g. tumors, stroke, multiple sclerosis) the 2Na
concentration levels change, owing to altered cellular integrity in organs such as the brain
and heart (1-3) or structural changes in tissues such as cartilage (4,5). From an MR
point-of-view the low in vivo 22Na concentrations (10-300 mM) and MR sensitivity
(y23na/y1r~0.26) means that much longer scan times are required for high SNR 2*Na imaging
compared to H imaging.

In recent years, the signal-to-noise ratio (SNR) of 2Na MR detection has increased due to
the availability of high field human MRI scanners, which has stimulated the development of
novel acquisition strategies for quantitative single quantum (SQ) 2*Na imaging (6-9). In
previous work, it has been shown that determination of 2>Na fractions with free and
restricted mobility may be useful in identifying 2Na changes related to disease (4,10,11). In
SQ 22Na imaging the 23Na fraction with restricted mobility can be characterized by its
bi-exponential relaxation behavior with short (0.5 - 3.0 ms) and long T>" components
(10 - 65 ms). Detection of short T." components requires sequences with very short
echo-times, such as (ultra)short TE radial (6,7) and spiral imaging techniques (9,12). These
sequences apply relatively long frequency encoding gradients (up to 30 ms) to increase the
SNR efficiency at the cost of increased image blurring for short T." components and
sensitivity to off-resonance effects.

To be able to quantify both T." components in a relaxometry study it is necessary to acquire
images at multiple echo times. This requires either a decrease of the readout gradient
duration in combination with multi-echo acquisition strategies, which lowers the sensitivity,
or additional acquisitions with different TEs, which further increases the acquisition time.
In earlier work (12), a radial sequence with 0.15 ms TE was repeated with interleaved echo
times to obtain nine images with increasing echo times to detect bi-exponential decay in
cartilage. This resulted in scan times up to 40 minutes with an acquired resolution of
5.9x5.9x5.9 mm. In another recent study, a dual-TE imaging method was proposed (10) to
detect the 22Na fractions with free and restricted mobility in a significantly reduced scan
time by subtraction of long and short TE images. However, to accurately quantify the
bi-exponential T." decay in vivo, more than two time points on the decay curve are required.
A more flexible approach for transverse relaxation mapping is to use a fully phase-encoded
spectroscopic imaging (3D-SI) sequence. Since no readout gradient is used, a series of data
points with varying TEs can be acquired in a single acquisition with a high sampling
bandwidth (BW), eliminating the need for multiple repetitions with different TE values. As
such, this technique has also been dubbed the high-speed camera, enabling the detection
of high frequency signal changes in the temporal signal domain (13). The high BW sampling
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of the decay curve provides a tool for investigation of the assumptions implied in
bi-exponential signal decay models (i.e. perfect bi-exponential decay, free or fixed
amplitudes in the fitting model, inclusion of background noise). Additionally, the BW can be
adjusted retrospectively by complex averaging of multiple data points to optimize the
sensitivity of the analysis method based on the data (optimal sensitivity for Tacg™ T2 with
total sampling time/total acquisition time ~0.8 - 0.95) (14).

In regular 3D-SI the phase encoding is applied in incremental strengths, while the phase
encoding time is kept constant. It is also possible to keep the amplitude constant and to
increment the time, allowing a much shorter echo time to be achieved for data acquired at
the center of k-space, at the cost of some broadening of the point spread function (15,16).
A hybrid approach was used in this work: by combining 3D-SI with variable TE sampling (17),
a 3D-UTE-SI sequence with sub-ms TE is obtained, facilitating the detection of
bi-exponential 2Na decay and mapping of total sodium concentration (TSC). To investigate
the performance of 3D-(UTE-)SI, simulations were performed to isolate the image blurring
effect of T." decay during k-space sampling and investigate the accuracy of bi-exponential
T," fitting models. Subsequently, phantom studies were performed for experimental
validation of T2"short, T2'long and Mo mapping in freely moving #Na (H20) and ?*Na with
restricted mobility (agarose) as well as high resolution 2Na imaging with short TR. Finally,
3D-UTE-SI scans were acquired of the knees of two healthy volunteers to validate the
method in vivo and to perform TSC mapping (18). Additionally, compressed sensing (CS)
acceleration was explored to reduce the scan time.

5.2 THEORY
5.2.1 SAMPLING OF THE DECAY CURVE WITH SPECTROSCOPIC IMAGING

In 3D-SI the absence of a readout gradient results in the acquisition of a series of nt
temporally resolved images in a single repetition. The TE of each image is given by:

TE(n) =TEy+n* [5.1]

BW

with TEo the starting time of the acquisition window. The time series of images enables the
calculation of bi-exponential T." decay, which can be described by:

t t
" + A, exp <— " ) [5.2]
T2,short) T2,long

with A1 the amplitude of the short T." component of 22Na with restricted mobility, Az the

s(t) = A, exp <—

combined amplitudes of the long T," fraction of restricted and freely moving 2Na. Without
the presence of free 2Na, the amplitude ratio can be approximated by Ai/A> ~ 0.6/0.4
(19-21). If partial volume effects are present, resulting in a contribution of free 2>Na, the

fitted amplitudes may deviate from theoretically expected values (12).
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5.2.2 SENSITIVITY OF SPECTROSCOPIC IMAGING

The sensitivity () of 3D-Sl images reconstructed from the sampled time domain signal can
be described by (14):

-TE/T;
= A(TR,a) e [5.3]

 a JN.N,N, BW Ty,

with A(TR,a) the amplitude of the FID as a function of the repetition time (TR) and flip angle

(), a a proportionality constant depending on the sample and hardware, Nxy,. the number
of phase encoding steps in each spatial dimension, and Tiwt the total acquisition time.
Retrospective adaptation of the BW by complex averaging of time points can be used to
optimize  for a specific T2 value, which is a unique property of 3D-(UTE-)SI.

5.3 METHODS
5.3.1 SIMULATIONS

2D-SI measurements of a spherical object (radius 32 mm) were simulated using the JEMRIS
(22) package to obtain 3D datasets with one temporal and two spatial dimensions. The
effect of T," decay on image blurring during k-space traversal was investigated for SI,
UTE-SI, Cartesian, 4 shot spiral and single shot spiral k-space trajectories. Here we followed
a two-step approach. First, the exact time point of each k-coordinate was logged. Second,
the corresponding data point from the simulated 3D dataset was assigned to each k-space
coordinate. The BW (16 kHz) for each trajectory was equal. Potential reconstruction
differences caused by gridding steps were eliminated by this approach.

In a second set of simulations, the accuracy of a non-linear regression fitting model (Eq 5.2)
was investigated. Different amplitude setting were assessed, reflecting various models
applied in the literature (9,12,23): 1) fixed amplitudes (A1/A2 = 0.6/0.4, data not shown), 2)
free amplitudes and 3) amplitudes restricted to a ratio of Mo (A1=ashort and A2=1- ashort). The
fitting performance was evaluated for SNR ranging between 3-100 and BWs of 8, 4, 2, 1 and
0.5 kHz (Figure 5.3, selected data shown). The different BWs were used to manipulate the
relative contributions of the T2"short and T2 jong components at each time point and
investigate their influence on the fitting accuracy. Fitting statistics were obtained by
regarding all voxels within the 2D object as separate measurements (196 voxels were
included).

Simulation parameters: The simulated 2D object was assigned the relaxation properties of
patellar cartilage (T2"short = 0.5 ms, T2"jong = 11.4 ms, T1 = 20 ms), to mimic a particularly
challenging anatomy in terms of the very short T>" component (12). Both T>" components
were simulated separately to investigate their individual effects on image quality prior to
combining both components in a 0.6/0.4 ratio for evaluation of bi-exponential fitting.
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Simulation parameters included 16 kHz BW, number of time domain points (n:) = 1024,
spatial resolution 1x1 mm, TR = 100 ms, TE = 0.6 ms, a 0.01 ms duration 90° block pulse and
2 dummy scans. Different levels of white Gaussian noise were added to the real and
imaginary 2D-SI signal to obtain magnitude images with varying SNR values. To investigate
the effect of BW, values were adjusted retrospectively by complex averaging of multiple
time points.

5.3.2 MR EXPERIMENTS: PULSE SEQUENCE AND HARDWARE

All experiments were performed on a whole body 7T scanner (Philips, Best) using a custom-
house built quadrature 2Na birdcage coil combined with four *H-strip lines (24). A 3D-SI
sequence (Figure 5.1a,c) was implemented with full control over the 3D k-space sampling
pattern. The freedom to choose the sampling pattern was exploited for variable TE sampling
by filling k-space in multiple shells to obtain ultrashort TEs (Figure 5.1b,d). Sampling
patterns were designed to accommodate a 3D spherical shutter and variable density
sampling for CS acceleration.
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Figure 5.1: 3D-SI (a) and 3D-UTE-SI (b) sequences used for 22Na imaging with high sampling of the
decay curve at 7T. The minimum TE as a function of in one dimension of k-space is shown for both
sequences (c-d).
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5.3.3 EXPERIMENTAL SETUP

Phantom experiments: Two cylindrical phantoms (radius 50 mm, length = 50 mm) were
constructed. Phantom A consisted of a large outer cylinder containing 2% agarose gel (no
2Na), and within it six smaller tubes filled with the same gel and NaCl concentrations of 30,
40, 50, 70, 175 and 250 mM (Figure 5.4). 22Na images were obtained with a conventional 3D
gradient echo (3D-GRE, number of signal averages (NSA) 16) and a 3D-SI sequence (NSA 1)
in 5 min 49 s per scan to compare the sensitivity of a frequency- and phase-encoded
sequence with similar acquisition settings (see imaging parameters section).

Phantom B consisted of an outer cylinder of 4% agarose gel with 25mM NaCl, and within it
two series of five tubes with 4% agarose and 50, 100, 150, 200 and 250 mM NaCl and 1 tube
with 100 mM NacCl in H20 (Figure 5.5a). As an external reference for in vivo quantification
two sets of three tubes were used containing 75, 150 and 300 mM NaCl dissolved in H,0
and 2% agarose, respectively. The T1 values of Phantom B and the 2% reference tubes were
measured with a stack-of-spirals inversion recovery experiment for TSC relaxation
corrections and Ernst angle calculations (aemst=arccos(e™™)). The T1 map (Figure 5.5b) was
reconstructed from multiple inversion times using a non-linear regression model with
S = A(1-2eT"/T4+eTR/T1) 35 the input function (25).

To demonstrate the potential of 3D-SI data for bi-exponential signal characterization first a
relatively long TR of 133 ms was used to acquire a high number of temporal data points
(nt = 4096, BW = 32 kHz). In a second experiment, high resolution 3D-SI and 3D-UTE-SI data
(2x2x4 mm) were acquired to investigate the influence of variable TE sampling on the image
amplitude and the degree of spatial blurring. The large number of repetitions (NxxNyxN.) in
3D-(UTE-)SI prohibits imaging with a lower spatial resolution without decreasing the TR. To
acquire a 2x2x4 mm resolution within a reasonable time frame (<30 min), a TR of 22 ms was
used. Excitation was performed using the Ernst angle to obtain the optimal sensitivity at the
specified TR (14). Note that the decreased TR also introduced T: saturation, due to
incomplete Ti1 relaxation between repetitions.

In vivo experiments: The knees of healthy two volunteers were scanned. The study was in
accordance with the local IRB guidelines. First, a healthy 29-year old female was scanned in
two separate sessions to acquire 3D-UTE-SI and stack-of-spirals 2>Na data with 3x3x5 mm
resolution and 22 ms TR. The six reference tubes were positioned around the knee for TSC
mapping purposes. Additionally, 3D-UTE-SI data were acquired with a factor 2 CS
acceleration to reduce the acquisition time from 24 to 12 min. Second, a healthy 35-year
old male was scanned with a 2x CS accelerated 3D-SI sequence in ~21 min with an increased
TR of 40 ms to reduce Ti saturation that may improve assessment of T2" jong values.
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Imaging parameters: All 3D-(UTE-)SI data were acquired with BW = 32 kHz, NSA=1 and a
3D spherical shutter. Each scan session included the following preparation steps: localized
second order Boshimming, 2Na resonant frequency determination and pulse calibration.

Phantom A:

1) *H 3D-GRE, TR/TE = 22/2.79 ms, voxel size = 3x3x4 mm, FOV = 192x192x128 mm, flip
angle (FA) = 70°, readout bandwidth (BWread) = 19 kHz, total acquisition time (Tewot) =43 s

2) 22Na 3D-GRE, TR/TE = 22/2.79 ms, voxel size = 4x4x4 mm, FOV = 128x128x128 mm,
BW/read = 9.4 kHz, FA = 70°, NSA=16, T:0t=5 min 49 s

3) 3Na 3D-SI, TR/TE = 22/1.25 ms, voxel size = 4x4x4 mm, FOV = 128x128x128 mm,
nt =512, FA = 70° Ttot= 5min 49s

Phantom B:

1) Na stack-of-spirals inversion recovery, 6x6x8 mmvoxels, TR/TE = 100/0.97 ms, inversion
times (TI) 15:5:55 ms, readout duration 9 ms, 3 min per Tl, Tt = 27 min

2) #Na 3D-SI, TR/TE = 133/1.25 ms, voxel size = 4x4x4 mm, FOV = 128x128x128 mm,
FA =90°, nt = 4096, Ttot = 36 min

3) #Na 3D-SI, TR/TE = 22/1.98 ms, voxel size = 2x2x4 mm, FOV = 128x128x128 mm,
FA =579 n¢=512, Tiot = 24 min

4) 3Na 3D-UTE-SI, TR/TE = 22/0.29 ms, voxel size = 2x2x4 mm, FOV = 128x128x128 mm,
FA=57° nt= 512, Ttot = 24 min

Scan 4 was acquired in 6 separate k-space shells (Figure 5.1b,d) with the following matrix
sizes and TEs: ko with TE = 0.29 ms; 8x8x8 data matrix, TE = 0.56 ms; 16x16x16 data matrix,
TE = 0.75 ms; 32x32x32 data matrix TE = 1.15 ms; and 64x64x32 data matrix with TE = 1.98
ms. Receiver gain settings were kept constant between acquisitions.

Volunteer 1 (2 sessions):

1) *H multi-slice GRE, TR/TE = 300/3.8 ms, voxel size = 0.5x0.5x3 mm, FOV = 192x192x160
mm, BWread = 49 kHz, FA=40°, Tiot = 5min 48s

2) Na 3D-stack-of-spirals, TR/TE = 22/1 ms, readout duration 9 ms, BWread = 30 kHz,
3x3x5 mm voxels, FOV = 192x192x160 mm, FA = 70°, NSA=30, Tt = 5min 28s

3) 23Na 3D-UTE-SI, TR/TE = 22/0.29 ms, voxel size = 3x3x5 mm, FOV = 192x192x160 mm,
FA = 70° nt=1024, Ttot = 24 min

4) 3Na 3D-UTE-SI, repeat scan 3 with 2x CS acceleration, Ttot= 12 min

Volunteer 2:
1) 22Na 3D-SI, TR/TE = 40/1.5 ms, voxel size = 3x3x5 mm, FOV = 192x192x160 mm, FA = 65°,
nt = 1024, 2x CS, Tiot=20min 48 s
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5.3.4 BI-EXPONENTIAL T2" MAPPING PROCEDURE

To obtain T2" short, T2 long and Mo maps the magnitude signal was fitted with a constrained
least squares fitting model in Matlab (R2014b, MA, USA) with Eq 5.2 as the input function.
The amplitudes of T2" short and T2 jong, A1 and A respectively, were fitted as a fraction of Mo
(defined as A1=Ashort and A=1-Ashort). The fitting parameters were constrained with both T>"
components ranging between 3-50 ms in phantoms and 0.1-30 ms in vivo. Ashort and Aiong
were constrained to 0.5-0.7 and 0.3-0.5, respectively. Additional steps of the fitting
procedure included:

1. Resampling to the desired BW by complex averaging of multiple time points
Normalization of the magnitude signal between 0 and 1 before fitting
Noise value determination by dividing the mean in the background by 1.253 (26)
A minimal SNR>10 to perform fitting

vk W

Truncation of the data to include only signal with SNR>3 to minimize the influence

of Rician noise in the magnitude signal (23)

6. If (T2 long- T2" short) < 4 ms the signal was assumed to be mono-exponential and set
to zero.

7. T." maps were reconstructed after summation of three encodings in the slice
direction.

8. A spatial Gaussian filter was used before fitting the in vivo data.

5.3.5 TSC MAPPING PROCEDURE

To relate the amplitudes of the in vivo 2>Na images to absolute concentrations it is necessary
to construct a calibration curve from an external reference with a known concentration (18).
In our work, three 2% agarose tubes containing 75, 150 and 300 mM NaCl were used for
this purpose. An initial calibration curve was determined from the average amplitudes over
five slices in these tubes in the in vivo images. However, these amplitudes were weighted
according to their relaxation properties because a short TR and a non-zero TE were used.
Therefore, the amplitudes of the calibration curve were corrected for T: and T2 effects
using the spoiled steady state 2>Na signal model (18,25) according to:

_ M, (6,TE)(1 — e "™ cos(6))

sin(8) (1 — e~TR/T1)e~TE/T;

[5.4]

with M, ,,(68,TE) the measured ZNa signal intensity at a given TE and flip angle. The
transverse T," relaxation was corrected with a single correction factor that was determined
from the mean T2" shortand T2 jong relaxivity (1/T2") values. The T1 value of the reference tubes
was determined from the measured T1 map. After relaxation correction the calculated Mo
values of the 2% reference tubes were plotted as a function of concentration to obtain the
final calibration curve.
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Next, the in vivo 2*Na amplitudes were corrected for relaxation effects in a similar fashion
using the literature T1 value of cartilage at 7T (T: = 20 ms)(12) and the measured mean
relaxivity in the cartilage regions. The relaxation corrected in vivo 2Na amplitudes were
fitted to the calibration curve to calculate the sodium concentration in each voxel, thereby
obtaining TSC maps (Figure 5.8i). Note that the presented TSC maps are strictly only
applicable to the cartilage regions since the T: and T2" correction factors may be different
for other tissues. TSC maps were calculated using in vivo images with a 1 kHz BW.

5.3.6 DATA PROCESSING

The raw 4D k-space data were resampled to the desired BW by complex averaging of the
desired number of time points for each k-space coordinate. A Tukey filter with a width of
0.4 was used in each k-space dimension to reduce ringing, while minimally affecting the T>"
decay values (27). After k-space filtering a Fourier transformation was applied in each k-
space dimension to obtain temporally resolved images. The variable TE acquisitions were
scaled based on the value of ko that was acquired separately for all shells. The individual k-
space shells were zero-filled to the same matrix size before summation.

5.3.7 CS RECONSTRUCTION

A non-linear conjugate gradient solver (28) was used to minimize Aw| | Ppw m| | 1+ArvTV(m)
using a 3D wavelet (Daubechies 6) L1 norm regularization and a 3D total variation norm
regularization (Arv) to reconstruct 3D-SI data with three undersampled dimensions. All
available time points were complex averaged before reconstruction to obtain a single 3D
dataset.

5.4 RESULTS
5.4.1 SIMULATIONS

The simulations of different k-space trajectories (Figure 5.2) demonstrated a large variation
in image blurring (point-spread function broadening) related to T:" signal decay during
k-space traversal. These blurring effects were larger for longer k-space trajectories (Figure
5.2c-e) and shorter T>" values (Figure 5.2 bottom row). A conventional S| sequence with
ultra-short TE and a minimal delay between acquisitions of different k-space points
minimizes the k-space weighting (Figure 5.2a). In practice, the shortest achievable TE is
limited by the gradient rise and switching times, requiring longer phase encoding gradients
for larger k values. Variable phase encoding times in the 2D-UTE-SI trajectory allowed
shorter TE values to be used (Figure 5.1d), leading to reduced blurring (Figure 5.2b). In the
Cartesian (Figure 5.2c) and spiral trajectories (Figure 5.2d-e) blurring was clearly apparent
for the short T2 value.
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S UTE-SI Cartesian Spiral (4) Spiral (1)

Figure 5.2: 2D-SI simulations of a sphere with 11.4 ms T," (top rows) and 0.5 ms T," (bottom rows)
with a 16 kHz BW. The temporal signal information was used to reconstruct UTE-SI sampling (b),
Cartesian sampling (c) and spiral sampling with 4 shots (d) or a single shot (e) to demonstrate the
effect of T," decay on the spatial resolution for both components excluding effects from
reconstruction.

The accuracy of the bi-exponential T." fitting procedure applied to the simulated 2D-SI data
are shown in Figure 5.3 as a function of SNR. The model with fixed amplitudes led to
increased error estimations in the fitted T>" values compared with the other two settings
(free amplitudes, ratio approach) and was therefore discarded (data not shown). The fitting
models with freely fitted amplitudes (Figure 5.3a-c) and amplitudes defined as a ratio of Mo
(Figure 5.3d-f) showed no major differences in the overall performance for BWs of 2 - 16
kHz (Figure 5.3a-b, d-e). In general the fitting accuracy improved across all BWs when
increasing the SNR. However, when evaluating the effects of retrospective BW adaptation
on fitting accuracy, differences were observed for BWs lower than 2 kHz (Figure 5.3 ¢,f). In
these cases the standard deviation of the estimated T."short vValues increased, showing
decreased fitting accuracy for this component. Especially, in the SNR region of 10 - 20:1 the
model with freely chosen amplitudes showed higher standard deviations than the ratio
model. Therefore, all fitting procedures in this work were performed with the amplitude
ratio setting. Additionally, the BW was restricted to 2 kHz for the in vivo fitting procedure.

96



BI-EXPONENTIAL TRANSVERSE RELAXATION MAPPING OF SODIUM

Quantitatively, the ratio model resulted in mean T2"short values with maximum offsets of
+0.03 to +0.06 ms for all BWs with SNR>20:1. For SNR values of 10-20:1 this offset increased
to +0.1 to +0.25 ms for BWs between 1 and 8 kHz, showing decreased accuracy at lower
SNR (Figure 5.3b-c, e-f). The mean T2" jong values were determined accurately within +0.16
to +0.36 ms for SNR>20:1 and within +0.4 to +1.4 ms for SNR 10-20:1. The determined
standard deviations showed a similar trend as the mean values, with decreasing variation
in the fitted values for higher SNR.

Bi-exponential T, fitting results after retrospective adaptation of sampling width
T.; values obtained with unconstrained amplitudes A__ and Am;

BW = 16 kHz BW = 2 kHz BW = 1 kHz
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Figure 5.3: T," estimates obtained from the simulated 2D-SI data using unconstrained amplitudes (a-
c) or defined as a ratio from My (d-f) in the bi-exponential fitting model. The SNR was varied from 10-
100 and the effect of retrospective BW adjustments (b-c, e-f) on the fitting accuracy are shown.

5.4.2 PHANTOM EXPERIMENTS

3D-GRE and 3D-SI images of Phantom A are shown in Figure 5.4. The temporal signal
information in the 3D-SI data was used to retrospectively adjust the sampling BW, to
significantly increase the SNR (Figure 5.4d-e). After averaging the entire complex-valued
16 ms acquisition window (BW = 62.5 Hz), an increase in SNR was observed, however, at
the cost of a decrease in signal at the edges of some tubes, most likely caused by T>"
dephasing during the acquisition interval.
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Figure 5.4: Phantom containing 2% agar and six tubes with varying concentrations of NaCl measured
at the H frequency (a) and 22Na (b-e) frequency with a 3D-GRE sequence (a,b) and a 3D-SI sequence
with different BWs after complex averaging of the data (c-e). The top row show reconstructed 2Na
images and the bottom row show the intensity profile at the dashed line in b-e.

Phantom B (Figure 5.5a) was used to examine the quantitative capabilities of 3D-SI. The
measured T values (Figure 5.5b) in the high concentration *Na tubes were determined to
be 38.2+0.7 ms for 2% agar (R?=0.99+0.003), 37.1+0.3 ms for 4% agar (R?=0.99+0.001) and
70.2+1.1 ms in H20 (R?=0.98+0.08). The 3D-SI data were used to reconstruct increased SNR
BNa images (Figure 5.5c) and densely sampled decay curves (Figure 5.5e-h). The
bi-exponential behavior of the Na signal was clearly demonstrated by the non-linear
behavior in the log magnitude plot (Figure 5.5g) and quantitatively confirmed in the fitting
procedure (Figure 5.5h). Voxel-wise fitting of the data allowed the reconstruction of Mo
(Figure 5.5d), T2"short (Figure 5.5i) and T2"jong (Figure 5.5j) maps. Amplitude ratios of
0.63/0.37 (Figure 5.5g-h) were obtained, which were close to the theoretical approximation
of 0.6/0.4 (20,21). In the high 2>Na concentrations of phantom B the T2", short Values were
found to be 8.6+1.1 ms and T2 jong values were found to be 40.1+4.4 ms.

The implementation of the 3D-UTE-SI sequence decreased the minimum TE from 1.98 ms
(Figure 5.6b) to 0.3 ms (Figure 5.6a). This led to SNR gain as demonstrated by the increased
intensity of the 3D-UTE-SI image throughout the phantom (Figure 5.6c). The effect of the
variable TE weighting in k-space was illustrated by comparing images with similar TE = 1.98
ms from both the 3D-UTE-SI (Figure 5.6d) and 3D-SI (Figure 5.6€). At the same TE, the overall
signal intensity did not show large differences, whereas blurring was visible at the borders
of the 22Na tubes as expected (Figure 5.6f).
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Figure 5.5: Schematic drawing of the phantom with 22Na and agar concentrations (a), a T; map (b),
3D-Sl image with BW = 1 kHz (c) and reconstructed Mo maps (d) with the average Mo determined from
4 slices throughout the phantom (e). The 3D-SI decay curves from the 22Na tubes (f) demonstrated the
bi-exponential relaxation behavior of 22Na in agarose gels (f-h) and the mono-exponential decay in
H,0 (center tube). All individual decay signals were fitted with a bi-exponential decay model to obtain
T2" short (1), T2", tong (j) @and Moshort (k) and Mo ong (1) maps. Note that voxels where no bi-exponential
decay was detected were set to zero.

30-UTE-SI 3D-5I Difference
TE 0.59ms TE 1.98 ms =

SNR gain

Effect
acquisition
weighting

Figure 5.6: 3D-UTE-SI images reconstructed at the shortest TE (a), and at the TE (d) equal to the
conventional Sl image (b,e). The difference between the sequences (c,f) is shown to illustrate the gain
in SNR due to decreased T," decay (top row) and the loss in resolution due to additional T, weighting
in k-space (bottom row). The differences images are scaled between -10% and 10% of the maximum
3D-Sl signal.
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5.4.3 IN VIvo 22NA IMAGING

'H (Figure 5.7a) and Na images (Figure 5.7b-e) of the knee were acquired to compare 3D-
stack-of-spirals (Figure 5.7b) and 3D-UTE-SI (Figure 5.7c-e) sequences. The spiral trajectory
(Figure 5.7b) was able to depict the cartilage regions, but suffered from increased image
blurring effects as compared with the 3D-UTE-SI images (Figure 5.7c-e). Similarly to the
phantom experiments, the SNR was increased by retrospectively decreasing the BW of 22Na
3D-UTE-SI images in vivo (Figure 5.7d-e).

'HT,w GRE BNa Stack-of-Spirals ~ *Na 3D-UTE-5I #Na 3D-UTE-SI “Na 3D-UTE-sI
BW=30 kHz N5A=30 BW =1kHz BW = 0.125 kHz BW = 0.0625 kHz

Figure 5.7: In vivo 1H (a) and 22Na images (b-e) acquired with spiral (b) and 3D-UTE-SI (c-e) sequences
reconstructed in all planes. The BW was retrospectively adjusted in the UTE-SI data to resemble the
same SNR as in the spiral sequence (c) or the maximum achievable sensitivity (d-e). The spiral data
was acquired in a separate scan session, due to scan time restrictions.

The 3D-UTE-SI data from the indicated region in the patellar cartilage (Figure 5.8a) was
evaluated to detect bi-exponential signal behavior in vivo. In a mono-exponential fitting
procedure (R? = 0.989) a clear deviation between the fit and the initial part of the decay
curve was observed (Figure 5.8b), which was absent when applying a bi-exponential fit
(R?=0.994, Figure 5.8c). The T," maps highlight the voxels with apparent bi-exponential 2>Na
behavior (Figure 5.8d-g) with T2" short values of 0.2-1.0 ms and T2 jong values of 13-30 ms. The
Mo values in the fit were not the same for all voxels, suggesting the presence of partial
volume effects. A calibration curve (Figure 5.8h) was used to obtain TSC maps (Figure 5.8i)
after a correction for cartilage relaxation parameters. The calculated TSCvalues in cartilage
ranged between 150 and 290 mM.
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Figure 5.8: Fitting results of the in vivo 3D-UTE-SI 22Na data (b-g) and TSC maps (i) reconstructed from
the 3D-UTE-SI data. A ROl in cartilage is defined in (a) and the signal fitted with a mono- (b) or bi-
exponential decay model (c). The reconstructed T," maps (d-e) and amplitude ratios (g-h) from the bi-
exponential fitting model are also shown for a transversal and coronal slice after voxel-wise fitting.
TSC maps were obtained (i) from the calibration curve (h). The concentration axis is only valid for the
cartilage regions, due to the relaxation weighting correction.

101



CHAPTER 5

The potential for scan time reduction of 3D-UTE-SI was illustrated in Figure 5.9, showing
images acquired without (Figure 5.9a) and with (Figure 5.9b) CS acceleration in the same
volunteer. In a second volunteer time savings due to CS acceleration were exploited to
increase TR without increasing total scan time (Figure 5.9c), which reduces the degree of
Ti-weighting. The reconstruction performance and level of anatomical detail was similar for
all three scans.

UTE-SI shutter only UTE-SI shutter & 2x CS Sl shutter & 2xCS
TR=22ms, acq time 24min TR=22ms, acq time 12min TR=40ms, acq time 21min

Figure 5.9: 3D-UTE-SI data acquired without (a) and with a factor 2 compressed sensing acceleration
(b). CS acceleration was used to increase the TR, which is unfeasible for the non-accelerated 3D-SI
acquisition with similar resolution, due to scan time restrictions (c). All images shown were
reconstructed from an 8 ms acquisition window (BW = 0.125 kHz).

5.5 DiscussION

In this work, the shorter TE values enabled by 3D-UTE-SI were exploited for detection of
bi-exponential 2*Na decay, TSC mapping and high SNR 22Na imaging in vivo. Even with these
improvements, the inherently low sensitivity of 2>Na requires careful interpretation of the
data. The individual applications presented in this work are discussed below.

5.5.1 SIGNAL DECAY CHARACTERIZATION ACCURACY

Our simulation studies showed that it is possible to reduce the BW to 2 kHz to improve the
SNR without compromising the bi-exponential fitting accuracy. A sufficiently high sampling
BW proved to be crucial for T>" short detection in the knee, since the fast decaying signal can
only be captured at the initial sampling points. However, for 2>Na studies in which the T>"
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values are more accessible, such as in our phantom studies or the brain, a lower BW might
not compromise bi-exponential T" fitting capabilities.

Experimentally, the well-known bi-exponential relaxation behavior of 2>Na was shown in
agarose and cartilage. The T, values determined in the phantom study were in agreement
with earlier reported values (9). The T2 short values in cartilage of 0.2-1.0 ms were
somewhat lower compared to previous reported results (12), while the T>" values found in
the patellar cartilage region were in line with literature values. A potential confounding
factor that might influence T>" quantification is non-physiological signal dephasing, caused
for example by macroscopic field inhomogeneities. However, in the presented in vivo data
these off-resonance effects were in the order of ~20 Hz per pixel in cartilage, which is
insufficient to significantly impact the determined T2 short Values.

Another possible confounding factor is the influence of partial volume effects that can cause
a mixture of multiple 22Na compartments with different relaxation behavior, such as
synovial fluid and cartilage. Partial volume effects may alter the ratio between T2 short and
T>" long, thereby hampering accurate bi-exponential fitting. Although the voxel size in this
work was relatively small (3x3x5 mm) for a relaxometric study, it is likely that partial volume
effects were present, based on anatomical knowledge of the cartilage regions in the knee.

5.5.2 TSC MAPPING ACCURACY

The TSC values in cartilage as found in this work ranged between 150 - 290 mM, which was
largely in line with reported literature values in healthy volunteers of 259 + 59 mM in
patellar cartilage (5). Despite these apparent accurate TSC values, care has to be taken when
interpreting TSC maps obtained with a short TR and non-zero TE method. Such an approach
requires relaxation corrections that are based on several assumptions which, if not
accurate, will lead to errors. In this work, for example, the in vivo relaxation correction was
performed with literature T1 values of 20 ms (12), which may be different for anatomic
regions and between subjects. Additionally, the T2"short values of cartilage may have a
significant impact on the estimated Mo values. The challenging bi-exponential fitting
procedure transfers estimation errors in the T." determination to the TSC mapping
procedure, potentially impacting the calculated TSC values. Finally, as already elaborated
on, the influence of partial volume effects in cartilage imaging can lead to contributions of
synovial fluid in the measured sodium images, influencing the determined sodium
concentrations in cartilage.

5.5.3 22NA IMAGING QUALITY

In the 3D-(UTE-)SI sequences, the time efficiency was ~0.8 (Tsampiing/ TR), Which was in line
with state-of-the-art 22Na imaging techniques (9,10). The acquired *Na images showed
relatively minor blurring compared with other sequences studied, due to the significantly
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reduced T." modulation over k-space. It should be noted, however, that for the non-
Cartesian sequences no state-of-the-art k-space trajectory calibrations or off-resonance
correction schemes were applied besides the standard reconstruction algorithms present
on our system. Therefore, off-resonance induced blurring effects, when present, may be
reduced for these sequences if state-of-the-art corrections were to be applied (9).

In this context, an additional advantage of phase-encoded sequences that was not exploited
in this work, is the insensitivity of this type of spatial encoding to off-resonance related
geometrical distortions (29). Off-resonance effects caused for example by imperfect
shimming, the presence of air cavities in the brain or orthopedic metal objects result in
geometrical distortions in the frequency encoding direction. Phase-encoded images,
however, remain geometrically undistorted as long as the same phase encoding gradient
time is used throughout k-space, which is done automatically in 3D-SI. Note that the 3D-
UTE-SI technique as presented in this work, using different TE values for different k-space
shells, is susceptible to these type of geometrical artifacts, although much less so than for
long readout spiral sequences.

5.5.4 SCAN TIME ACCELERATION

CS acceleration was explored to improve the flexibility of our phase-encoded 2*Na imaging
protocol with respect to acquisition time. The point-by-point sampling of 3D phase-encoded
methods is perfectly suited for CS acceleration because the 3D sampling pattern can be
chosen freely, a facet which was exploited to obtain a variable density sampling pattern.
This approach can be further optimized to improve the reconstruction performance (30).
Note however that we only performed CS reconstructions for a single high SNR 3D-dataset.
For T." quantification purposes dedicated model based CS reconstructions may be
preferable to directly reconstruct T>" maps from the 4D data (31). In the case of multiple
coil setups a combination of CS and parallel imaging would be an option to further improve
the reconstruction quality or acquisition speed (32).

5.6 CONCLUSION

3D-(UTE-)SI has been demonstrated to be a time-efficient, flexible and quantitative Na MR
imaging strategy facilitating detailed characterization of the multi-exponential 2>Na signal
decay related to different 22Na compartments in biological tissues as well as TSC mapping.
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CHAPTER 6

19F MIRSI OF CAPECITABINE IN THE LIVER AT 7T USING BROADBAND
TRANSMIT-RECEIVE ANTENNAS AND DUAL-BAND RF PULSES

ABSTRACT

Capecitabine (Cap) is an often prescribed chemotherapeutic agent, successfully used to cure some
patients from cancer or reduce tumor burden for palliative care. However, the efficacy of the drug is
limited, it is not known in advance who will respond to the drug and it can come with severe toxicity.
19F MR spectroscopy (MRS) and spectroscopic imaging (MRSI) have been used to non-invasively study
Cap metabolism in vivo to find a marker for personalized treatment. In vivo detection, however, was
hampered by low concentrations and the use of RF surface coils limiting spatial coverage. In this work
the use of a 7T MR system with radiative multi-channel transmit-receive antennas was investigated
with the aim of maximizing sensitivity and spatial coverage of °F detection protocols. The antennas
were broadband-optimized to facilitate both the H (298 MHz) and the 1°F (280 MHz) frequency for
accurate shimming, imaging and signal combination. B;* simulations, phantom and noise
measurements showed that more than 90% of the theoretical maximum sensitivity could be obtained
when using B;* and By information obtained at the 1H frequency for optimizing B;* and B;" at the 19F
frequency. Furthermore, to overcome the limits in maximum available RF power, while assuring
simultaneous excitation of all detectable conversion products of Cap, a dual-band RF pulse was
designed and evaluated. Finally, °F MRS(l) measurements were performed to detect 1°F metabolites
in vitro and in vivo. In two patients at 10h (patient 1) and 1h (patient 2) after Cap intake 1°F metabolites
were detected in the liver and the surrounding organs illustrating the potential of the setup for in vivo
detection of metabolic rates and drug distribution in the body.

PUBLISHED As: J.S. van Gorp, P.R. Seevinck, A. Andreychenko, A.J.E. Raaijmakers, P.R. Luijten, M.A.
Viergever, M. Koopman, V.0O. Boer, D.W.J. Klomp; 1°F MRSI of capecitabine in the liver at 7T using
broadband transmit-receive antennas and dual-band RF pulses, NMR in Biomedicine 2015, 28(11):
1433-1442



CHAPTER 6
6.1 INTRODUCTION

Chemotherapeutic drugs are often prescribed for cancer treatment despite an
unpredictable treatment outcome for the patient, undesired side-effects and high
treatment cost. Ideally, the use of these drugs as well as their treatment regime should be
adjustable based on the measured efficacy early during treatment to maximize quality of
life, particularly in non-responding patients. However, currently no information is available
how to accurately predict treatment outcome during the early treatment stages.
Biomarkers that have been suggested to predict the toxicity and efficacy of
chemotherapeutic agents are 1) drug trapping in the tumor and 2) the metabolic conversion
rate (1-3). Therefore, it would be of great interest to measure these parameters in the
human body early during treatment to further investigate their predictive value and to
possibly guide treatment regimes. To achieve this goal *°F MR spectroscopy (MRS) and MR
spectroscopic imaging (MRSI) have been exploited in the last decades for in vivo monitoring
of drug metabolism and determination of the spatial distribution of F-containing anti-
cancer agents (1-11). Despite the low °F concentrations present in vivo following
treatment, *°F MRS(I) has a very high specificity due to the absence of endogenous *°F
metabolites in the human body.

A chemotherapeutic drug that has been studied often with **F MRS(l) is 5-fluorouracil
(5-FU) (1-6,8-10), which has been used in the treatment of solid tumors, head and neck,
colorectal and breast cancer. Intravenous administration of 5-FU is often performed
through continuous infusion or bolus injection, which gives a short time-frame in which drug
metabolism can be monitored before 5-FU is fully converted through its metabolic
pathways. 5-FU is activated through anabolic conversion into fluorine containing
ribonucleotides or deoxyribonucleotides, which can be incorporated into DNA and RNA (12)
leading to the anti-tumoral activity of 5-FU (13). In the catabolic pathway 5-FU is degraded
by the enzyme dihydropyrimidine dehydrogenase into a-fluoro-ureido-propionic acid
(FUPA), a-fluoro-B-alanine (FBAL) and their acid conjugates (8-10,12), clearing 5-FU from
the liver and tumor. Increased catabolism in the tumor has been related to decreased
efficacy of the drug (12) and is related to systemic toxicity (14). The catabolic pathway is
responsible for ~80% of 5-FU conversion in the liver (15) and can be monitored using *°F
MRS(1). In previous studies, the 5-FU retention and metabolism have been suggested as the
primary factors for clinical efficacy in various tumor types (1-3,6). However, in patients with
metastasized colon carcinoma the 5-FU half-life doesn’t appear to be a predictive °F MRS
parameter for clinical response (10), while other °F parameters showed correlation with
the clinical response (5,9). One study found a relation between the maximum 5-FU levels in
liver metastases >20cm? and the response to treatment in a group of six patients (5). In
another study, a correlation was found between the clinical response and the measured
maximum concentration of 5-FU catabolites in larger tumors (>35 cm?3), which was not
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found in smaller tumors (<26 cm?3)(9). The variations in clinical outcome for different tumor
sizes were hypothesized to be caused by partial volume effects of healthy liver tissue in the
sensitive volume of the surface coil (9) or differences in vasculature between tumors (10)
and requires further research.

In recent years the pro-drug capecitabine (Cap) has been prescribed instead of 5-FU,
because of its lower side-effects and easy oral administration. Unfortunately, oral
administration increases the difficulty of *°F MRSI detection due to the lower concentrations
present and the gradual conversion of Cap into 5’-deoxy-5-fluorocytidine (5’DFCR),
5’deoxy-5-fluorouridine (5‘DFUR), the active component 5-FU and its catabolites FUPA,
FBAL and their acid conjugates (Figure 6.1). Two earlier published pilot studies at 1.5 and 3T
have demonstrated that it was feasible to detect Cap and its catabolites in patients (7,11),
while no significant amounts of 5-FU were detected. This may be due to a relatively short
presence of 5-FU, due to fast conversion from 5'DFUR to 5-FU to FUPA and FBAL. To further
investigate the relation between clinical response rates and different tumor sizes when
giving the current therapy it will be helpful to measure Cap and as many catabolites as
possible with spatially localized MRSI at a high sensitivity. Additionally, inclusion of T1 values
of the individual metabolites might enable determination of the total fluorine content in
different voxels in MRSI data. This information may be used determine in- or outflow of *°F
in the tumor over time.

capecitabine (Cap, 6ppm)

5’-deoxy-5-fluorocytidine (5’DFCR, ~4ppm)

5’-deoxy-5-fluorouridine (5°’DFUR, ~3.4ppm)

-

S-fluorouracil (5-FU, Oppm)

-

a-fluoro-pB-ureidopropionic acid (FUPA,~-17ppm)

-

a-fluoro-p-alanine (FBAL, ~-19ppm)

-

FBAL-acid conjugates (~-17ppm)

Figure 6.1: Catabolic pathway of capecitabine in vivo. Only previously reported metabolites in MRS(l)
studies are shown with their respective chemical shift position in ppm.
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In the previous Cap studies, a surface coil was used to detect Cap with high sensitivity in the
liver. However, the sensitivity of surface coils is highest close to the coil but decreases
rapidly when the distance from the coil increases, leading to a lower sensitivity in liver
regions further away from the coil with very limited sensitivity in regions outside of the liver.
Additionally, the obtainable RF pulse bandwidth at 3T was limited to 10 ppm in a previous
study (11) requiring separate acquisitions to detect Cap (+6ppm) and FUPA/FBAL (-19ppm)
frequencies. Despite promising initial results the challenging conditions (i.e. low
concentrations, limited spatial coverage, limited rf bandwidth and timing of scans after drug
intake) have hampered further research in humans (10).

The objective of the present study was to increase spatial coverage and sensitivity for
detection of Cap and its catabolites in the liver, by introducing three improvements in the
technical setup as compared with previous studies. First, a high field 7T MR scanner is
utilized to maximize the SNR (SNRxBo). Second, a single surface coil was replaced with a
dedicated eight-element radiative transmit-receive antenna array (16) to increase spatial
coverage for assessment of the spatiotemporal 1°F distribution in- and outside the liver. By
using an array of broadband antennas that generate similar B1* and B1™ fields for 'H and *°F
it is possible to accurately perform B1 shimming and signal combination at the H frequency,
ensuring accurate Bi* shimming and signal combination for optimal °F detection.
Additionally, *H reference spectra can be acquired to quantify the '°F signals as metabolite
concentrations per unit of water (17). Third, dual-band rf pulses were implemented to
overcome excitation issues related to the limited available B:* field. Such pulses may enable
simultaneous excitation of Cap, 5'DFCR, 5'DFUR (~3-7 ppm), FUPA, FBAL, and FBAL-acid
conjugates (~16-20 ppm). This is especially useful for simultaneous assessment of the
kinetics of all substrates in the body.

The study was organized as follows: First, B1* simulations, rf pulse simulations and phantom
experiments were performed to validate the developed experimental setup and to
maximize °F sensitivity using 'H imaging data. Second, the setup was tested in a clinically
relevant situation. To this end, two patients with liver metastases were scanned using pulse-
acquire spectroscopy and spectroscopic imaging at 10 hours (patient 1) and 1 hour (patient
2) after Cap intake to detect Cap and its breakdown products in vivo.

6.2 METHODS
6.2.1 TECHNICAL SETUP

All experiments were performed on a 7T MR system (Philips, Best, The Netherlands)
equipped with a broadband eight element radiative antenna (16)(Figures 6.2a-c, MRcails,
Drunen, The Netherlands) that was able to transmit and receive at both the 'H and the *°F
frequency. Simulations of the B:* fields of the eight individual coil elements were performed
with SEMCAD (Zurich, Switzerland) at the '°F (280 MHz) frequency and the H (298 MHz)
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frequency to investigate the difference in transmit and receive efficiency between the two
frequencies before combining the elements. To homogenize the Bi* field in the liver the
phase and amplitude settings for the individual Bi* fields were calculated to achieve
constructive interference in the liver and minimize the amount of destructive interference
after summation of the complex fields (Figure 6.3). The calculated phase and amplitude
settings were calculated for the 298 MHz frequency and applied to the simulated 280 MHz
fields to reflect the MR protocol where all preparation steps have to be performed at the
'H frequency due to the very limited amount of signal at the °F frequency. In addition,
potential power losses in the transmit-receive switches were investigated using S12
measurements at both 280 MHz and 298 MHz (Figures 6.2d-e, Table 6.1). Finally, the
bandwidth of the antenna was verified by measuring the S parameters of the loaded
antenna array at both frequencies.

Figure 6.2: The 8 channel transmit-receive radiative antennas used in this study with the
corresponding S12 parameters for each channel measured at 280 and 298 MHz are presented. A single
antenna (a), all eight channels (b), the antenna positioning on the patient (c), the receiver gain (d) and
the loss in transmit efficiency (e) for each channel are shown.
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Figure 6.3: B;* simulations for the eight channel transmit-receive radiative antennas used in this study.
The individual and combined elements are shown for proton (left) and fluorine (right) frequencies.
The combined B;*fields were optimized for the liver at the proton frequency.
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Table 6.1: B; and B,* differences of the individual antennas at the proton
and fluorine frequencies

Receiver gain Loss in transmit switch
(voltage ratio) (voltage ratio)
Channel 280MHz 298MHz Difference 280MHz 298MHz Difference

1 21.13 21.13 0.0% 0.95 0.94 5.1%
2 19.05 18.41 3.4% 0.95 0.95 4.5%
3 20.42 18.20 10.9% 0.95 0.95 4.7%
4 20.42 19.95 2.3% 0.95 0.95 4.8%
5 18.84 17.78 5.6% 0.95 0.94 5.1%
6 20.42 17.58 13.9% 0.95 0.94 5.0%
7 21.63 19.05 11.9% 0.95 0.94 5.2%
8 19.05 17.18 9.8% 0.95 0.94 5.1%

Voltage ratio calculated from dB values in Figure 6.2 according to V2/V1 = 109/20,

6.2.2 PULSE DESIGN

To simultaneously excite Cap and its metabolites a dual-band RF pulse was designed with
the Shinnar-Le Roux (SLR) algorithm in Matpulse (18) and implemented on the scanner
(Figure 6.4a). The pulses were designed with the following parameters: 2.504 ms duration,
3.95 kHz (~14 ppm) separation between the edges of two spectral bins with 2.5 kHz FWHM
(3.95+2*0.5*2.5 = 6.45 kHz ~ 23 ppm from center to center), 1% passband and rejection
band ripple and a flip angle of 20°. By positioning the center RF frequency at -1.82 kHz (-6.5
ppm) simultaneous excitation from the spectral regions 0.56 — 2.24 kHz (2 - 8 ppm, i.e. Cap,
5’'DFCR and 5’'DFUR) and -4.2 — -5.89 kHz (-15 - -21 ppm, i.e. FBAL, FUPA, conj. bile lipids)
can be achieved. To experimentally confirm the simulated excitation profile multiple FIDs
were acquired from a 0.38M 5-FU phantom with the fo ranging between -6.16 and 6.16 kHz
(~-22 — 22ppm) with 0.56 kHz (~2 ppm) steps.

6.2.3 EXPERIMENTAL SETUP

Phantom experiments were performed to assess the performance of the proposed setup
by observing how well the field information of a high SNR MR signal, in this case a ~25 mM
19F stock solution as described below, can be used to increase the coil-combination
sensitivity. To this end, we positioned a small cylindrical tube containing a fluorine
compound (25 ml) in the center of an anthropomorphic phantom (40x20x25 cm) mimicking
the cross-section of a human upper body. The phantom was filled with ethylene glycol and
35 g/l NaCl to obtain permittivity and conductivity values of 34 S/m and 0.4 S/m, which
represent the average tissue properties in the human abdomen (19).
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Figure 6.4: Dual-band pulse (a), simulated magnitude excitation profile (b), experimentally measured
profile (c) and in vivo spectrum acquired with the dual-band pulse at 82 min after Cap ingestion (d).
The simulated pulse profile is shown with a dotted line in the spectrum. The MRS spectrum in (d) was
reconstructed from the highlighted coil elements in Figure 6.6 and acquired with TR=100 ms, TE= 0.46
ms, FA= 300.

All eight transceiver elements were wrapped around the phantom to contribute
substantially to the Bi1* and B field in the tubes. A 24.9 mM Cap (Xeloda, Roche) stock
solution was made by dissolving 563 mg of a pulverized tablet (447 mg Cap) in distilled
water. Similarly a 24.5 mM FBAL (Sigma-Aldrich, St Louis, MO, USA) stock solution was made
by dissolving 132 mg FBAL in 50 mL distilled water. Both stock solutions were diluted to
obtain 25 mL of 10 mM, 8.5 mM, 5 mM and 1 mM Cap or FBAL solutions. The 8.5 mM
solution contained both 8.5 mM Cap and FBAL. Nine cylindrical 25 mL tubes with 2.5 cm
diameter were filled with one of the solutions before placing them one by one in the center
of the anthropomorphic phantom. Each FBAL and Cap tube was scanned individually (Figure
6.5a-c) to assess the sensitivity for the combined coil elements (Figures 6.5d-e). For the
highest concentration of 25 mM three measurements were performed with varying flip
angles in the center of the phantom (3, 13 and 53°) to determine the value with the highest
amplitude. The T1was estimated using a variable flip angle T1 estimation approach (20). The
T," was estimated from a mono-exponential fit of the time signal with Mo*exp(-TR/T2")
measured with the highest flip angle. Bo and B: shimming at the location of the fluorine
phantom were performed at the H frequency before switching to the *°F frequency. For
the phantom experiments non-localized pulse-acquire spectroscopy scans were acquired in
3.5 min per scan with TR/TE=100/0.28 ms, NSA=2048, FA=53° 512 samples and 8000 Hz
sampling rate, and the data were stored for each coil element.
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Next, two patients with metastases in the liver were scanned after approval of our Medical
Ethical Committee and written informed consent. The half-life of Cap was 51 min and the
half-life of FBAL was 3h 13.8 min (Roche, Basel, Switzerland). To detect Cap in vivo we aimed
to minimize the time between drug intake and *°F measurements in one patient where the
scan was performed 1h after drug intake. In another patient we wanted to ensure the full
conversion of Cap to investigate if we were able to detect FBAL or FUPA metabolites in the
liver and other organs. The patient was scanned 10h after drug intake. Both patients
received 2000 mg of Cap.

Four elements were placed anteriorly and four posteriorly, covering the abdomen of the
patients (Figures 6.2a-c). Non-localized pulse-acquire spectroscopy scans were performed
in 3.5 min per scan with TR=100 ms, NSA=2048, 0.26 ms block pulses with nominal flip angle
of 40° (TE=0.28 ms), 0.52 ms block pulses with nominal flip angle of 80° (TE=0.41 ms) or a
2.50 ms dual-band pulse with nominal flip angle of 30° (TE=0.46 ms) were used with 512
samples and 8000 Hz sampling rate. 3D MR spectroscopic imaging (MRSI) data were
acquired in 10.7 min for °F (NSA=16) and in 40 sec for *H (NSA=1). Other acquisition
parameters included: Matrix 8x8x8, voxel size 40x40x40 mm, TR/TE=100/0.66 ms, 512
samples, 8000 Hz sampling rate, 0.52 ms block pulse with nominal flip angle of 80°.

The scan preparation at the proton frequency in both patients included the following scans:
1) Survey, 2) multi-slice gradient-echo images used for the calibration of the Bi fields using
a home-build B1 shimtool. The B1 shim region was manually defined in this tool, which
calculated the RF phase and amplitude settings for the transmit array to homogenize the
signal intensity in the defined region. The effect of the calculated pulse settings on the
intensity of the magnitude images was visualized before passing these settings to the
scanner, 3) survey after RF shimming, 4) Bo maps used for linear image based
Bo shimming on a user defined region (21).

In patient 1 (scanned 10h after Cap intake) the following scans were performed after the
scan preparation: 1) °F MRS at the FBAL frequency, 2) °F MRSI at the FBAL frequency, 3)
19F MRS at the 5-FU frequency, 4) H20 MRSI, 5) T:W Turbo Field-Echo (TFE) Dixon.

In patient 2 (scanned 1h after Cap intake) the following set of scans was performed after
scan preparation: 1) *°F MRS at the FBAL frequency, 2) *°F MRS with a single element, 3)*°F
MRS at the Cap frequency with flip angle 40°, 4) *°F MRS at the Cap frequency with flip
angle 80° 5) **F MRS with 30° dual-band pulse to excite the Cap and FBAL frequencies
simultaneously, 6) *F MRSI at the Cap frequency, 7) H.0 MRSI, 8) *F MRS at the Cap
frequency.

6.2.4 DATA PROCESSING

A dc correction was performed by nulling the central spike in the raw spectra before
applying a gaussian apodization filter and zerofilling in the time domain. The three spatial
dimensions of the spectroscopic imaging data were cosine-filtered to reduce ringing
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artifacts and zero-filled in kx and ky. The raw data were corrected to match the x,y,z
orientation of the scanner coordinates before creating an overlay of the anatomical image
and the MRSI data in 3DiCSI (22). To ensure correct peak assignment in the MRSI data the
chemical shifts of the fluorine spectra were corrected by setting the corresponding water
resonance to 4.7 ppm, and using the ratio of gyromagnetic ratios (y1sr/y11=0.94) to correct
for the chemical shift reference on a voxel-by-voxel basis. In patient 1, a global fo offset was
detected, which was corrected for the full CSI dataset based on the well-known FBAL
chemical shift value of 19 ppm in the liver. Additionally, a peak threshold was applied at the
99.5% confidence interval (SNR>2.8) for both the SNR determined using the gaussian noise
distribution in the real signal and the rician noise distribution in the magnitude signal. The
standard deviation used to calculate the confidence interval was determined in a spectral
region outside of the rf excitation range. As an additional quality control the ratio between
the real and magnitude standard deviations was determined since they are related
according to Omagnitude = 0.655*0real (23).

In all datasets the data from individual coil elements were combined by complex averaging
of all elements after correction of the phase offset between coils and after weighting of the
signals according to their local sensitivity. To correct for the phase and weight the signals in
the '°F data, the phases and amplitudes of the initial point in the measured FIDs of a high
SNR MR signal (~25 mM stock solution in the phantom experiments and the H20 spectra in
the in vivo measurements) for each coil element were used to correct the corresponding *°F
signal. For the MRSI experiments the corrections were performed on a voxel-by-voxel basis
in the image domain. Note that at the chosen TR of 100 ms a significant T1 saturation effect
exists for the H signal. When combining the coil elements the underlying assumption is that
the amplitude and phase differences between coil elements are dominated by the coil
sensitivity in a voxel and positioning of the coils relative to each other while the T1 saturation
effect is relatively constant in the liver.

6.3 RESULTS

The performance results of the individual and combined coil elements at the *H (298 MHz)
and °F frequencies (280 MHz) demonstrated that the proposed setup can be used to
perform shimming at the H frequency before switching to the °F frequency (Figures 6.2-
6.4, Table 6.1). The results of the S12 measurements (Figures 6.2d-e, Table 6.1) of each
antenna showed only a 5% difference in receiver gain between 280 MHz and 298 MHz for
channels 1-5, while the differences were within 10-14% for channels 6-8. The transmit
efficiency demonstrated a loss of only 5% in the transmit-receive switches with a maximum
difference of 0.7% between the channels at 280 MHz and 298 MHz.

Simulations of the B:* fields (Figure 6.3) showed the similarity of the B:* field patterns at
280 MHz and 298 MHz. If the amplitude weighting and phasing in combining the fields of
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the antennas at 280 MHz was based on the 298 MHz data, a difference of ~10% was
observed in B1* when compared with the maximum attainable B1".

In the phantom experiments the coils were placed on the body phantom (Figure 6.5a) in a
similar position as in the patient measurements (Figure 6.2c). The SNR of the Cap (Figure
6.5b,d) and FBAL (Figure 6.5c,e) solutions was determined after combination of all coil
elements with no corrections, a phase correction and a phase correction with amplitude
weighting determined on the basis of the highest °F concentration. The SNR linearly
correlated to the concentration for all methods, which was expected as only the spin density
increased with concentration. However, the SNR and the slope of the curve increased after
applying the phase correction and amplitude weighting, which enabled detection of the 1
mM Cap signal. The measured chemical shift of the Cap (5.5 ppm) and FBAL solutions
(20 ppm) were very close to earlier reported peak positions in vivo (7,8). The T1 value of
Cap in vitro was estimated to be ~410 ms with a T>" of ~5 ms.

A dual-frequency pulse (Figure 6.4) was designed to excite both the Cap and FBAL regions
(Figure 6.4b) in a single experiment to allow simultaneous measurements of the metabolites
involved in the conversion of Cap to 5-FU (2 - 8 ppm) and the metabolites formed after
conversion of 5-FU (-15 - -21 ppm). The simulated (Figure 6.4b) and experimentally
measured (Figure 6.4c) frequency response profiles showed that both regions were
sufficiently broad to be able to uniformly excite other previously reported °F metabolites
such as FUPA (-17 ppm) and 5°DFCR/5'DFUR (3 - 4 ppm)(7).

In vivo experiments were performed following the phantom experiments. To that end, the
coil elements were positioned around the body (Figure 6.6) to detect in vivo *°F signals in
the body after ingestion of 2000 mg Cap tablets. Resonances were clearly detected at the
chemical shift position corresponding to the Cap (6 ppm, Figures 6.6 - 6.8) and FBAL
frequencies (-17 - -19 ppm, Figures 6.7 - 6.8) reported in the literature (7,11) and in the
performed phantom experiments. Application of the dual-band pulse 82 min after Cap
ingestion enabled simultaneous detection of Cap and FBAL (Figure 6.4d) in vivo.

Inspection of the individual spectra acquired starting at 1h (patient 2) after Cap ingestion
(Figure 6.7) clearly showed the conversion of Cap (6 ppm) into FBAL (-19 ppm),
corresponding to the catabolic pathway of Cap (Figure 6.1) (24). In these spectra, both
single-band and dual-band pulses were used sequentially over time. Cap signal was still
detected 82 minutes after the drug intake at 6ppm, while there was also a broad resonance
of FBAL detected at -19 ppm. The dual-band pulse provided information about both the Cap
and FBAL peaks, giving an additional time-point at the Cap frequency. In the patient scanned
10h after Cap intake a large peak was still detectable at -16.7 ppm, corresponding to the
chemical shift position of FUPA and FBAL conjugates (7), after complete metabolic
conversion of Cap.
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Figure 6.5: The body phantom setup with the B; shimming region (indicated by the hexagon) and the
19F solutions highlighted in the center (a). Cap (b) and FBAL (c) spectra from the measured
concentrations are shown with a plot of the measured SNR vs concentration for both Cap (d) and FBAL
(e) after combining all coil elements without corrections, with a phase correction and with a phase
correction plus amplitude weighting.
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Y TP TRAORY. TR

MRS parameters: TR=100 ms, TE=0.28 ms, FA=40°

Figure 6.6: Spectra of the separate coil elements at the capecitabine frequency. Coil elements with
clear 1°F capecitabine signal are highlighted.

The in vivo distribution of °F metabolites at the FBAL (patient 1) and Cap (patient 2)
frequency was obtained from the MRSI data (Figure 6.8). At 85-96 min after ingestion
(patient 2) Cap (6 ppm) and 5’DFUR (4 ppm) resonances were detected, while at 10h after
Cap ingestion FBAL and its conjugates were detected in the liver (patient 1). In addition to
peaks in the liver we also observed a small signal in the stomach in patient 2, as based on a
99.5% confidence interval. In this and all other displayed spectra the ratio of Omagnitude/Oreal
was 0.60-0.65 (theoretical value 0.655), supporting the use of the peak threshold for signal
detection. The signal in the stomach could still be detected despite the non-optimized B1*
shim and low coil sensitivity in that area. In patient 1 signals were also observed in the
kidney and spleen, where the coil sensitivity was high and no significant Bo offsets were
detected. For patient 1 we identified peaks between -15.5 to -20 ppm at multiple spatial
locations, which may correspond to FUPA, FBAL-acid conjugates or/and FBAL. The non-
water suppressed spectra measured at the H20 frequency (Figure 6.8) were used to correct
for peak shifting due to Bo offsets in the °F spectra. The linewidths of the magnitude H.0
spectra in the liver with the same apodization as the °F spectra after coil combination were
120 - 200 Hz in patient 1 (10h after Cap intake) and 90 - 120 Hz in patient 2 (1h after Cap
intake), which were comparable to the linewidths of the measured *°F spectra (Figures
6.6 - 6.8).
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Figure 6.7: Timeline of the experiments with the resulting spectra of both patients. Measurements
were performed at the Cap (left) or FBAL (right) frequency with a single-band pulse or at both
frequencies using a dual-band pulse.
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Figure 6.8: MRSI results of the two patients measured 1h and 10h after drug intake at the Cap (1h)
and FBAL (10h) frequency. Anatomical images with an overlay of the measured H,0 spectra with
similar processing as 1°F are displayed as well as a 1°F spectra overlay for regions of interest and
selected individual 1°F spectra. The dotted line in the spectra indicates a 99.5% confidence interval
(SNR=2.8) for the rician noise distribution. The chemical shift of the individual 1°F spectra was
corrected for Bg offsets using the H,O spectra.
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6.4 DISCUSSION

In this study we have demonstrated that Cap and its metabolites can be detected by utilizing
a high field 7T MR system equipped with broadband radiative antennas. The presented
setup was able to detect 1 mM of cap in a volume of 25 ml at the center of an
anthropomorphic phantom by exploiting the phase and amplitude settings of a high SNR
NMR signal measured with similar settings, such as 'H. From these measurements it became
clear that it is crucial to correct for phase offsets and use amplitude weightings to prevent
loss of sensitivity when combining data of individual coil elements. This is important in view
of the low SNR caused by low drug and metabolite concentrations in the body. The high
field strength in combination with multiple coil elements enabled a full examination of the
liver, kidneys and stomach using °F MRSI. Moreover, after administration of Cap, we could
observe the clearance of this compound in the liver, as well as conversion to the products
FBAL, FUPA, and conjugated FBAL.

In our study, we chose to optimize the transmit field over the liver, rather than optimizing
the uniformity throughout the coil sensitivity area. This resulted in black bands in the
anatomical MRI, which was acquired with the same coil, transmit amplitudes and phase
settings as used in the spectroscopy scans. While more uniformity over the body is feasible,
it comes at the cost of efficiency, which is undesirable because of the high spectral
dispersion of the °F metabolites. Stronger RF amplifiers than the 1kW RF amplifier used in
this study are likely to aid in improving the transmit field homogeneity in the future.
Additionally, other groups have demonstrated the successful implementation of a higher
number of transmit channels that might improve the B: field further (25,26), while multi-
dimensional RF pulses can be exploited to compensate for the non-uniform B fields to
obtain uniform flip angles (27-29).

Changes in metabolic rates were detected qualitatively, which opens up possibilities for
patient studies to accurately determine the spatiotemporal drug distribution, metabolic
conversion rates and in vivo concentrations. The dual-band rf pulse appears to be especially
useful for this purpose as it was able to simultaneously excite both Cap and the frequency
region containing FBAL and its conjugates, which increases the temporal resolution of the
experiments. A limitation of our current implementation is the lack of simultaneous
detection of 5-FU (Oppm), due to the limited available bandwidth. While it is uncertain
whether the concentration of 5-FU would allow detection by MRI at all, a multiband
excitation as described in the PINS sequence (30) might resolve this bandwidth problem. In
this study the dual-band pulses were applied in non-localized MRS acquisitions to
demonstrate the feasibility with sufficient SNR. Similar as for non-localized MRS, these
pulses can be applied for 3D MRSI acquisitions as well in order to increase the temporal
resolution at the Cap and FBAL frequency or increase the number of signal averages to
increase the SNR per unit time.
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In this work, 3D MRSI with a large field-of-view was chosen for spatial localization to prevent
signals from outside the liver to fold in to the region of interest. This might enable detection
of metabolic alterations between metastases and liver tissue. However, alternative spatial
decoding using the sensitivity profiles of the multi-channel setup might be used to
distinguish signals from the liver and surrounding tissues without using MRSI, similarly as
demonstrated recently in the human brain (31). Since the sensitivity profiles of the antennas
can be easily obtained for each subject, this approach appears to be suitable to further
maximize SNR for metabolism studies.

So far we included only two patients to demonstrate the feasibility of *°F body MRSI at 7T.
Accordingly, many questions regarding reproducibility, optimal timing and optimal imaging
parameters remain unanswered. Nonetheless, we were already able to report many
unanticipated findings as the presence of FBAL, FUPA and conj FBAL in the kidney and the
spleen and a small Cap signal in the stomach. Furthermore, the chemical shift positions of
FUPA, FBAL-acid conjugates and FBAL resonances were slightly shifted between voxels
compared to the previously reported values of 17 and 19 ppm (7). Careful analyses of the
surrounding voxels demonstrated that the resonances did not originate from voxel bleeding
or ghosting. While the water scan was obtained from the same voxels and thus provides an
accurate means to set the offset in the 1°F spectra, subtle patient motion may have occurred
and could have altered the local magnetic field. However, the linewidth obtained at 7T in
the voxel in the liver is narrow, and suggests a much better spectral resolution than
observed in earlier studies obtained at 1.5T. The spectral resolution obtained in our study
from the relatively small voxel at 7T seems even better than obtained in animal studies at
higher field strengths. This may be due to the fact that susceptibility effects within the
subject (i.e. within the voxel) are less pronounced in human subjects than in animals, due
to the presence of air boundaries combined with the relatively small size of the animals.
Finally it may be that the acidity of the biological tissue alters the chemical shift of the
component (7,32).

The SNR of °F MRSI can be further improved. First of all, in vivo T1 information of the
detected metabolites could provide a more accurate Ernst angle that would improve SNR
per unit time. The Ernst angle was estimated to be ~40°for a TR of 100 ms in the phantom
setup. Effectively a~50° angle was achieved in the center of the phantom which was near
optimal with respect to T1, while the acquisition window was quite long regarding the short
T, value of 5 ms. Decreasing the TR in combination with a lower flip angle might therefore
be an option to improve the sensitivity in the future in addition to determining the T1 values
in vivo at 7T. Second, navigator techniques and gating may be used that will decrease the
linewidth of the resonances (33). Third, H decoupling may be applied to decrease the
linewidth (34) and thereby increase the peak height of the FBAL resonance. Still, even
without these optimizations, we could see chemotherapeutic drug and conversion products
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in various organs located in the left and right hypochondriac and epigastric regions in the
abdomen in our spectroscopic data acquired at 7T.

In this work, the application of °F MRS(l) for detecting Cap compounds was demonstrated.
While we have selected patients with metastasized colon carcinoma, Cap is also used
combined with lapatinib or sorafenib for the treatment of breast cancer (35-37) or with
gemcitabine and sorafenib for the treatment of renal cell carcinoma (38). Further research
on the metabolic conversion of such treatments might provide additional information to
predict treatment outcomes or reduce toxicity in patients.

In conclusion, it is feasible to detect Cap and FBAL in patients at 7T using radiative antennas
and dual-band rf pulses with a spatial coverage that extends beyond the liver. This paves
the way to non-invasively study the spatiotemporal chemotherapy distribution and its
chemical conversion in patients.
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CHAPTER 7
7.1 GENERAL DISCUSSION

MRI is a versatile diagnostic imaging modality that can be used for non-invasive imaging of
the human body. To obtain medical images that correctly represent the human anatomy,
MRI requires a homogeneous main magnetic field (Bo) and linear magnetic field gradients
(Gxy,2) for spatial encoding. In practice, however, these conditions are not fulfilled, due to
differences in the resonance frequency (i.e. chemical shift, endogenous susceptibility
differences), foreign paramagnetic objects (i.e. orthopedic implants, surgical clips), or
magnet and gradient imperfections. In current MRI sequences, the presence of these field
inhomogeneities causes geometrical distortions, signal voids and signal hyper-intensities in
the reconstructed medical images.

To obtain a MRI technique that is insensitive to field inhomogeneities, one can choose to
replace the frequency encoding gradients with phase encoding gradients to obtain fully
phase-encoded MRI techniques. In fully phase-encoded MRI, all data points contributing to
a single image are acquired at a constant time after rf excitation. This results in an equal
contribution of the off-resonance induced phase contributions that therefore does not
interfere with the spatially dependent phase shift induced by the spatial encoding gradients.
The major disadvantage of fully phase-encoded methods are the lengthy scan times that
have prevented adaptation in the clinic. In pre-clinical and solid-state imaging, however,
phase-encoded sequences have been used more frequently, as the favorable imaging
properties of phase-encoded MRI prevail over reducing scan time. Among others, phase-
encoded sequences can be designed to obtain geometrical undistorted imaging, enable
accurate signal decay characterization, or perform imaging of solid state materials.

In this thesis, phase-encoded MRI was exploited for 1) geometrically undistorted imaging
near metal (Chapter 2 - 3), 2) signal characterization of repetitive disturbances (Chapter 4)
and 3) MR investigations of non-proton nuclei (Chapter 5 - 6). Although these topics have a
very different study focus, they all benefit from the favorable geometrical properties or the
unique temporal signal sampling of phase-encoded MRI. The sequences presented in this
thesis showed unprecedented spatial encoding accuracy in the presence of off-resonance,
high scan efficiency (sensitivity per unit time) and flexibility for multiple TE sampling.
However, the long acquisition times raise questions about the clinical viability. Therefore,
the use of phase-encoded sequences in clinical practice are often restricted to applications
suffering from low sensitivity or substantial image artifacts, in which the unique properties
outweigh the long acquisition times.

In the following sections the applicability of phase-encoded MRI will be discussed for clinical
MRI in the presence of 1) endogenous field inhomogeneities (e.g. air-tissue interfaces,
water-fat shift), 2) field inhomogeneities induced by foreign objects (e.g. metal implants,
needles), 3) signal characterization in the temporal (e.g. T." mapping, repetitive
disturbances) and 4) spectral domain (e.g. MR spectroscopy).
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7.2 CHEMICAL SHIFT AND SUSCEPTIBILITY OF TISSUE

In the presence of modest off-resonance effects (e.g. water-fat shift, air-tissue interfaces)
frequency encoded techniques can generally be optimized such that chemical shift artifacts,
geometrical distortions and T" related signal loss are minimized to an acceptable level for
clinical application. The most common and easiest way to reduce artifacts can be achieved
by increasing the strength of the readout gradient (e.g. use a high bandwidth). More
advanced methods often apply a combination of strong readout gradients, correction
algorithms, reconstruction schemes and pulse sequence modifications. IDEAL (1), for
example, combines the acquisition of multiple echoes with an iterative reconstruction
scheme to obtain separate water and fat images with optimal noise performance in the
presence of Bo inhomogeneities. Other methods such as MARS (2) exploit spin-echo
acquisitions with optimized image parameters and view-angle tilting (VAT). Additionally,
off-resonance correction schemes based on field maps have been explored in the literature
to retrospectively correct for field disturbances (3). Despite the limited added value of
phase-encoded MRI with respect to resolving imaging artifacts in situations with modest
off-resonance effects, the high temporal resolution of phase-encoded sequences remains a
unique property, which has been utilized extensively in the field of MR spectroscopy (4).

7.3 METAL INDUCED SUSCEPTIBILITY GRADIENTS

In the case of the multi-kHz off-resonance effects, such as induced by metal objects, more
advanced techniques are required to reduce imaging artifacts to an acceptable level. The
current state-of-the-art techniques for near metal imaging have been able to decrease
geometrical distortions and signal voids in the acquired images significantly by applying
multispectral excitation schemes (5,6). These sequences yield satisfactory clinical image
quality for most clinical research questions, therefore remaining the method of choice for
standard clinical investigations. In regions very close to the metal implants, however, it is
not possible to capture signal with frequency encoded techniques, due to the presence of
extreme static field gradients (7).

In the presence of these extreme static field gradients one can resort to phase-encoded
methods to capture signal in regions where frequency encoded methods are fundamentally
limited. For these situations we developed a 3D phase-encoded turbo-spin echo (3D-PE-
TSE) sequence that can potentially enable detection of (pseudo-)tumors, inflammation and
metal wear close the implants (8). The method allows sampling of the decay curve on both
sides of a spin echo and is flexible with respect to the choice of TE. The temporally sampled
decay curve might be useful for T." mapping and detection of metallic wear (9) that has been
communicated a concern for metal-on-metal implants by the U.S. Food and Drug
Administration (FDA) (10). The main advantages of our approach compared to the more
traditional 3D single point imaging (SPI) techniques, which only provides a single
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undistorted image, (11) are full sampling of the signal decay curve and improved flexibility
with respect to sensitivity and T(") contrast that is often desired in clinical investigations.
The broadband SPI techniques, however, are much faster and can cover a much larger
frequency range in a single repetition, due to the application of low flip angle excitation
pulses (12).

In this thesis the scan times of phase-encoded MRI were addressed with compressed
sensing reconstruction techniques, turbo acceleration and reduced field-of-view imaging
for off-resonance acquisitions (Chapters 2 - 3). The combination of these different
acceleration methods led to dramatically reduced acquisition times and acceptable spatial
resolution in regions near metal implants where current state-of-the-art methods are
fundamentally limited. To obtain a practical compromise between imaging speed and image
quality in the future, a hybrid imaging method can be envisioned. Such a method would
contain a combination of frequency and a phase-encoded acquisitions to cover the desired
frequency range. The implementation of such a hybrid method would require additional
corrections to accurately reconstruct a single dataset without signal intensity differences or
misalignment of the image center between individual phase and frequency encoded
acquisitions. To quickly get an estimate of the required number of frequency and/or phase-
encoded acquisitions it will be useful to apply fast calibration scans before performing time
demanding multispectral scans (13).

In addition to the scan time acceleration methods reported in this thesis, there a number
of current technological developments that appear to be complementary to our work.
Multiband rf pulses, for example, might increase the achievable rf bandwidth of 3D-PE-TSE
by acquiring multiple frequency bins in a single acquisition (14). Another possibility to
improve the acquisition times and flexibility of 3D-PE-TSE imaging are the use of
off-resonance suppression techniques (15) that are currently being explored for fast
multispectral frequency encoded imaging techniques (16). Additional modest scan time
improvements might be achieved by further optimizing the gradient waveforms and
amplitudes to increase the turbo factor in a single repetition.

Although phase-encoded imaging completely resolves artifacts due to geometrical
distortions, other artifacts that are present in multispectral TSE techniques can still occur.
Imperfect overlap of spectral bin profiles can cause a ripple-like artifact that can be reduced
by altering the step size between the rf pulses. Furthermore, it has been shown that the B:
homogeneity is also affected in the presence of metal for field strengths of 3T or higher (17).
These variations are caused by finite element summations of the RF pulses, however to our
knowledge no RF compensations schemes have been developed to account for these
variations. Finally, the contribution of the FID signal arising from the refocusing pulses may
cause additional variations of the signal intensity in multispectral imaging (8).
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7.4 SIGNAL CHARACTERIZATION IN THE TEMPORAL DOMAIN

The MR signal evolution in time directly following an rf excitation pulse (the Free induction
decay (FID)) enables quantification of the T, decay constant. In the presence of off-
resonance effects, including macroscopic field inhomogeneities and dia- or paramagnetic
particles, the T," is affected, making accurate quantification challenging. To determine the
T," relaxation rate it is necessary to obtain images at multiple TE points that can be fitted
with a signal model. In situations with modest T-" values, such as induced by the presence
of air or low concentrations of small paramagnetic particles, multi-echo gradient echo
techniques are very efficient. The minimal TE and the number of echoes that can be
obtained in a single acquisition are limited, however, by the duration of the frequency
readout gradient. Depending on the required sensitivity, these gradients can vary between
1 - 3 ms in conventional proton imaging and up to 30 ms for sensitivity optimized sodium
imaging. To accurately assess T." values shorter than the readout gradient duration it is
necessary to repeat the experiment multiple times with a slightly altered TE (18). This leads
to a dramatic increase in acquisition time, while acquisition and analysis become more
troublesome.

In these cases phase-encoded MR methods can be considered as an alternative. The
temporal signal in phase-encoded methods can be sampled with a high frequency, which
can be further exploited to reconstruct images at any TE value within the data acquisition
window. This property was investigated for sampling of the T." decay curve with high
temporal resolution as well as characterization of repetitive disturbances of the MR signal
(Chapter 4). In both cases the MRI scanner can be seen to act as a high speed camera, which
can observe signal behavior in great detail as long as it is synchronized with the MR
acquisition. In this thesis it was demonstrated that this approach holds potential for
accurate signal characterization, MR system performance evaluation purposes and
detection of current induced repetitive disturbances. The excellent signal characterization
properties render the approach a gold standard methodology for in vitro and in vivo signal
characterization.

These exploratory investigations led us to investigate the challenging situation of
bi-exponential transverse signal decay of sodium (Chapter 5). The signal decay behavior of
sodium reflects the overall mobility of sodium, holding information about the free and
restricted sodium compartments that have been related to underlying disease (19,20).
Sodium has a single dominant resonance frequency in biological tissue (21) that prevents
strong chemical shift modulations in the temporal signal, which makes modelling of the
signal decay curve in the temporal domain relatively straightforward. To accurately quantify
the T2" values of sodium, both sub-ms TE values, sufficient SNR and multiple TE values are
required. In this specific situation we found that phase-encoded sequences can actually be
an efficient method for simultaneous T>" mapping, high sensitivity imaging and total sodium
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concentration mapping. In this thesis a proof-of-concept was demonstrated using a 3D
ultra-short TE spectroscopic imaging (3D-UTE-SI) sequence in cartilage. In principle this
technique can also be applied for sodium signal characterization studies in other anatomic
regions. Potential diseases where total sodium concentrations and bi-exponential decay are
believed to be powerful biomarkers are osteoarthritis (22,23), myocardial infarction (24,25)
and breast cancer (26). If T2" mapping is not required other methods might be preferable as
they can obtain higher spatial resolutions (27). Alternatively, interleaved proton-sodium
imaging can be used to efficiently use all available scan time for both proton and sodium
imaging, when performing traditional sodium investigations (28).

Despite the recent developments of fast and efficient sodium imaging techniques there are
still some issues to overcome before clinical adaptation of quantitative sodium techniques
is feasible. An important requirement for clinical evaluation of quantitative sodium
measurements is a consensus on the acquisition and quantification procedures to allow
comparison between different studies. Furthermore, it is still unclear what parameters hold
the most predictive value as a biomarker (i.e. absolute sodium concentrations, imaging
contrast, bound sodium fractions). These issues are an ongoing debate in the community,
which is currently being addressed through the identification of problem areas (27,29,30)
and cross-validation with other imaging modalities (20).

Other areas outside of sodium imaging that benefit from the temporally resolved signal of
phase-encoded imaging have been reported in the literature. Turbo-SPI, for example, has
been used to perform T2 mapping of high concentrations of superparamagnetic iron oxide
particles on animal MR systems (31). In clinical situations, similar paramagnetic particles
can be encountered in specific radiotherapy treatments (e.g. Holmium microspheres) (32),
or in studies of iron overload in the liver (33). These T>" mapping studies have a high
resemblance to the study in this thesis that was aimed at detection of bi-exponential signal
characterization of sodium (Chapter 5). The major difference is that the short decay
constants are determined by the local T2’ decay instead of T2. As T2’ decay can be refocused
using spin-echo techniques, the 3D-PE-TSE and 2D-mSPI sequences (Chapter 2 - 4) are
potentially better suited for T2 assessment than 3D-(UTE)-SI sequences (Chapter 5).

7.5 SIGNAL CHARACTERIZATION IN THE SPECTRAL DOMAIN

The analysis of the temporally resolved signal of phase-encoded sequences is often
performed in the spectral domain when data of multiple low concentration metabolites
with different chemical shifts is acquired. In doing so we move from the realm of MRIto MR
spectroscopy (MRS). The spectrally resolved signal has the highest SNR and can resolve
small changes in the resonance frequency related to variations between the chemical
environments of biological molecules. Frequency encoded techniques are often not very
useful for imaging of low concentration metabolites, because many signal averages are
required to obtain sufficient SNR, while substantial chemical shift artifacts can occur.
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In this work the spectrally resolved signal was exploited to perform chemotherapy
monitoring using fluorine (**F) MRS and MRSI (Chapter 6). Fluorine is a hon-native element
in the human body, in contrast to sodium, that can be introduced in the body by
chemotherapeutic treatments. Currently, 2D or volumetric proton measurements are used
in the clinical workflow to provide a measure for tumor response to chemotherapeutic
treatment (34). These volumetric measurements are often unable to separate responding
from non-responding patients, leading to unnecessary toxicity effects and increased
treatment costs.

The chemotherapeutic pro-drug capecitabine was investigated in this thesis, because it is
an often prescribed cytostatic drug with a known mechanism of action. Capecitabine is
converted in the body into the well-studied chemotherapeutic drug fluorouracil (5-FU) that
is responsible for the antitumor effect. Unfortunately, MR detection of capecitabine with
existing protocols is challenging, because of gradual conversion after oral administration
and the low concentrations in vivo. The setup that was developed in this thesis enabled
direct measurements of capecitabine metabolism and retention rates in the tumor (35-37)
that might aid drug efficacy assessment in the future. In the current stage, however,
additional clinical evidence is required to determine what parameters (i.e. concentration,
retention rates, half-life, tumor size) hold the most predictive value and further investigate
the reproducibility of the MR protocol.

In analogy to capecitabine, there are other fluorine containing drugs that can be
investigated with the developed setup, such as anti-fungal drugs (38), anti-depressants (39)
and other anti-cancer drugs (40). In applications where fluorine is mainly used as a marker
for cell tracking (41) conventional MRI techniques will suffice, because multiple equivalent
fluorine atoms result in a high sensitivity and a single peak can be selected to prevent
chemical shift artifacts.

7.6 OTHER APPLICATIONS OF PHASE-ENCODED IMAGING

Traditionally, single-point imaging (11) and variations thereof, such as SPRITE (42) and
PETRA (43) have been used for imaging of solid materials, which can have T, values in the
order of 10-20 ps. Such sequences switch on gradients in all direction before rf excitation
and acquire a single point directly after excitation, while the gradients are still on. In these
sequences, the phase encoding gradients also act as a slice selection gradient that limits the
flexibility with respect to reduced field of view encoding. In recent years, a combination of
the original SPI techniques with a frequency encoding readout (44) has been developed for
imaging of structures with very short T. values on a clinical MRI system. Potential
applications have been reported for bone (45) and dental imaging (46). The spatial encoding
gradients of the sequences mentioned in this section act more like frequency encoding
gradients, because the gradients are switched on during the acquisition window. This has
resulted in efficient imaging techniques with limited applications for signal characterization.
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7.7 OUTLOOK

In this thesis, all phase-encoded sequences were validated in phantoms, volunteers or
patients. More elaborate patient studies will be required to evaluate the clinical value of
phase-encoded MRI in the fields of orthopedics and oncology. However, the initial results
appear to be promising with robust performance of the sequences. Most of the developed
sequences in this thesis were prototypes and require further work to provide the flexibility
of full product sequences as provided by MRI vendors. Nowadays vendors are opening their
reconstruction frameworks for research purposes, thereby paving the way to perform
in-house development of clinically applicable sequences and protocols. In the case of
non-proton investigations the hardware is often custom-build, which makes experimental
design more labor intensive and less flexible than desired. Therefore it will be essential to
convince vendors and clinicians with clinical evidence before broad adaptation of these
techniques can be expected. Altogether we expect that phase-encoded imaging sequences
will remain the method of choice for biochemical investigations with the potential to
complement existing metal artifact reduction techniques in orthopedic imaging.
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SUMMARY

Magnetic resonance imaging (MRI) is a versatile diagnostic modality that has earned its
place in clinical practice all over the world. MRI delivers excellent soft-tissue contrast that
can be utilized to detect disease and measure physiological properties in a non-invasive
manner. The MRI signal originates mainly from protons belonging to either water or fat,
which are abundant in the human body. The amplitude and phase of the proton MR signal
reflect disease related changes in biological tissue, such as changing water content after cell
death, altered vasculature in tumors or iron overload in liver disease.

To perform diagnostic measurements with a MRI scanner, first a relation between the signal
and the underlying anatomy has to be introduced. This spatial dependence of the MR signal
is introduced using linear gradients. The spatially encoded signals can then be transformed
into medical images with a mathematical operation (Fourier transformation). As long as the
main magnetic field is homogeneous this methodology leads to accurate localization of the
MR signal, resulting in MR images with high diagnostic quality. In cases of inhomogeneous
magnetic fields, the spatial encoding process is affected, resulting in severe image artifacts
and altered MR signal behavior. Potential sources of these so-called off-resonance effects
are local changes in the main magnetic field, differences in magnetic susceptibility of
tissues, chemical shift differences and the presence of paramagnetic materials.

In this thesis, the aim was to develop MRI techniques that can be exploited for geometrically
undistorted imaging (Part 1) and signal characterization (Part Il) in the presence of off-
resonance effects. The appearance of off-resonance induced image artifacts depends on
the interaction between the spatial encoding gradients and the off-resonance fields. The
resulting artifacts can therefore be manipulated by changing the order, timing and strength
of the spatial encoding gradients. In the spatial encoding process, a distinction can be made
between three types of spatial encoding gradients: 1) gradients that are activated
simultaneously with data acquisition (frequency encoding), 2) gradients that are applied
before data acquisition (phase encoding) and 3) gradients that are applied during
radiofrequency (rf) excitation pulse (slice selection).

Of the three types of spatial encoding, frequency encoding and slice selection are the most
efficient, as they can encode an entire spatial dimension and reduce the encoding volume
from 3D to 2D, respectively. Currently, frequency and slice encoding are a part of most
clinical MRI sequences, because the time per patient is limited and fast sequences are more
cost efficient. Unfortunately, both frequency and slice encoding are susceptible to off-
resonance effects that can cause geometrical distortions, signal voids and signal
hyperintensities. These artifacts do not accurately reflect anatomical information in the
reconstructed images and can reduce the diagnostic quality significantly.
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A clinical example can be found in the field of orthopedics where metal implants are
encountered after knee or hip arthroplasty, which severely degrade the image quality in
post-operative imaging. In such cases, fully phase-encoded MRI techniques can be
considered as they do not suffer from geometrical distortions, because the process of
spatial encoding and data acquisition are separated. Despite the unprecedented image
quality, these fully phase-encoded MRI sequences do require substantial longer acquisition
times. This is a problem that has to be addressed before clinical application might be
feasible.

In addition to the image quality, the MRI signal decay (e.g. T2, T." relaxation) is also
influenced by the presence of off-resonance effects. In contrast to the unwanted effects of
off-resonance effects on the image quality, detection of changes in the MRI signal behavior
can hold valuable diagnostic or therapeutic information, such as the concentration of
paramagnetic particles in tissue (i.e. iron deposits, brachytherapy seeds, Holmium
microspheres). In the case of large concentrations, however, this can lead to very fast signal
decay that is hard to quantify with conventional MRI methods. To accurately detect these
high concentrations it is necessary to measure multiple points in time that can be analyzed
to determine the T." relaxation time. In frequency encoded MRI sequences this can be
difficult, because the duration of the readout gradient is often multiple milliseconds while
the signal decay can be much faster. To obtain a large number of time points with very short
time steps for quantification of T2 it is possible to separate the spatial encoding gradients
from the data acquisition window, as is done in phase encoding.

In this thesis the aim was to exploit the unique properties of phase-encoded MRI sequences
to address unmet medical needs in orthopedic and oncological imaging. In the first part of
this thesis the metal induced image distortions near orthopedic implants were investigated.
In clinical practice, these image distortions can lead to inaccurate diagnosis or obscure
clinically relevant information, such as the detection of implant loosening, (pseudo-)
tumors, inflammation or metallic wear. To prevent these artifacts we proposed the use of
fully phase-encoded MRI sequences, albeit at the cost of significantly lengthened scan
times.

In Chapter 2 a first step was made towards clinically acceptable acquisition times for fully
phase-encoded MRI near orthopedic implants. For this purpose a 3D phase-encoded turbo-
spin-echo (3D-PE-TSE) sequence was combined with compressed sensing (CS), an iterative
reconstruction scheme that exploits redundancy in the MRl methodology. The proposed
method decreased the original acquisition time of 3D-PE-SE by a factor of 60, enabling the
acquisition of geometrically undistorted 3D in vivo data within 10 minutes.

In these experiments a phantom containing a titanium implant was used to evaluate the
potential of fully phase-encoded MRI for artifact reduction. Despite the strong susceptibility
induced gradients near titanium it was possible to obtain geometrically accurate images and
detect signal close to the implant in a single acquisition. In this experiment the majority of
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the signal was excited by maximizing the radiofrequency (rf) bandwidth (~3 kHz). In the case
of larger field-offsets, such as caused by cobalt-chromium or stainless steel implants, it was
necessary to perform multiple acquisitions with different frequency offsets to capture all
signal. In the current state-of-the-art MRI sequences for imaging near metal, a multispectral
excitation scheme is applied to reduce image distortions in the presence of field
inhomogeneities. While these sequences have been demonstrated to significantly reduce
image distortions, they still suffer from image artifacts close to orthopedic implants due to
fundamental limitations related to the spatial encoding process.

In Chapter 3 both multispectral frequency encoded 3D-TSE and phase-encoded 3D-PE-TSE
sequences were implemented to compare the imaging performance (i.e. artifact reduction,
scan time, signal characterization) for a large frequency range of 40 kHz. The methods were
compared in a phantom study using a cobalt-chromium knee implant that is representative
of the strong paramagnetic materials encountered in post-operative orthopedic imaging.
The results showed that the (multispectral) 3D-PE-TSE sequence was able to prevent hyper-
intensity artifacts and signal voids near the cobalt-chromium implant that were still present
in multispectral 3D-TSE images. For a 10 kHz off-resonance acquisition it was possible to
reduce the scan time of 3D-PE-TSE to ~3.5 min by combining reduced field of view imaging
and k-space undersampling. The presented results demonstrated the feasibility of
multispectral 3D-PE-TSE to selectively image the regions close to the orthopedic implants
within a reasonable timeframe.

In the second part of this thesis, the temporal and spectral properties of phase-encoded
sequences were exploited to study MR signal behavior. In Chapter 4, an exploratory study
was performed to investigate the possibilities for MR signal characterization with phase-
encoded MRI sequences. For this purpose, a 3D frequency encoded sequence was adapted
to a 2D phase-encoded sequence with an additional dimension containing the MR signal
evolution through time. Instead of using the signal evolution to study the frequency
content, as is done in spectroscopic imaging, it was utilized to study repetitive disturbances
of the MR signal. The 2D multiple single-point imaging (mSPl) method was used to
characterize T>" decay, gradient induced signal perturbations and current induced phase
differences. Potential applications of the presented method include accurate T>" mapping,
system performance evaluation and detection of the induced phase by external stimuli,
such as induced by transcranial magnetic stimulation.

The T." mapping capabilities were further exploited for signal characterization of sodium
(3Na), which plays an important physiological role in the human body (i.e. maintaining cell
integrity and propagation of nerve impulses). Altered sodium concentrations and signal
behavior are thought to be biomarkers for early disease detection, such as early onset of
osteoarthritis and tumor formation. Quantitative parameters that can be measured with
MRI are the total sodium concentration and the bi-exponential T>" relaxation. These
parameters have been related to a compromised biological structure and cellular integrity.
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Unfortunately, it is difficult to accurately quantify the sodium T, values with conventional
methods (e.g. multi gradient-echo), due to the low MR sensitivity of sodium and the
presence of a very short T, component (~0.5 - 3.0 ms). To accurately determine the T,
values with frequency encoded techniques, numerous signal averages and additional data
points in time are required, which both significantly increase the scan time.

In Chapter 5 a flexible phase-encoded method was implemented to perform sodium
imaging, mapping of sodium concentrations and bi-exponential T." measurements in a
single acquisition. Both conventional and ultra-short echo time (UTE) 3D phase-encoded
methods were implemented and evaluated in vitro and in vivo. This enabled accurate
mapping of the bi-exponential signal behavior in vivo, with higher effective spatial
resolution than reported previously for frequency encoded methods. The presented
methods proved to be time-efficient for the specific case of sodium relaxation mapping, due
to the excellent sensitivity properties of phase-encoded imaging in combination with sub-
millisecond sampling of the decay curve.

Instead of analysis in the temporal domain it is also possible to study the frequency content
of the MR signal to detect biological changes on the molecular level. In the field of MR
spectroscopy (MRS) this property has been explored extensively to obtain information
about metabolism, brain biochemistry, muscle function and many other applications
focused on naturally abundant molecules in the body. An exception can be found in the field
of fluorine (*°F) MRS that has no natural occurrence in the human body, but can be
introduced in the form of pharmaceutical drugs or molecular markers. This makes fluorine
MRS a very specific method for non-invasive monitoring of drug metabolism and drug
distribution. Ideally, these parameters can be used as markers for drug efficacy assessment
to improve the predictive strength of current methodologies. The main goal of this line of
work is to decrease toxicity effects for non-responding patients and reduce treatment costs.
However, in its current stage it is challenging to perform robust fluorine experiments,
because of the extremely low concentrations after drug intake (mM range) in combination
with specific hardware requirements.

In Chapter 6, a new setup was presented to measure the metabolism and distribution of
the chemotherapeutic pro-drug capecitabine in the liver and surrounding organs. In this
chapter three potential improvements for in vivo capecitabine detection were investigated.
First, a high field 7T MR scanner with a 3D phase-encoded sequence was used to increase
the sensitivity of fluorine detection. Second, an eight-channel transmit-receive antenna was
utilized to increase the spatial coverage from a part of the liver to full coverage of the liver
and surrounding organs. Third, a dual-band rf pulse was designed to simultaneously
measure the drug and its metabolites for metabolism studies. The described setup was able
to detect capecitabine in the liver and stomach and its breakdown products in the liver,
kidneys and spleen. These findings significantly increase the possibilities for fluorine
detection of capecitabine that was previously only feasible in a sub-section of the liver.
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SUMMARY

The chapters in this thesis illustrate the versatility of phase-encoded MRI sequences and the
broad applicability in many MRI research areas. Phase-encoded MRI proved to be a robust
alternative for frequency-encoded methods in the presence of field inhomogeneities
(Chapter 2 - 3), MR signal characterization (Chapter 4 - 6) and low sensitivity (Chapter 5 - 6).
The future perspectives for development and application of phase-encoded sequences
were discussed in Chapter 7. Although the reported results in this thesis are mostly
technical in nature and require additional clinical validation in patient groups, they were
promising and are useful as a stepping stone for future work.

Based on the methodology and results presented in this thesis, phase-encoded MRI appears
to be a viable strategy for geometrically undistorted imaging near metal implants and signal
characterization of nuclei (**Na, 1°F) with a low MR sensitivity.
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Magnetic resonance imaging (MRI) is een veelzijdige diagnostische modaliteit die
wereldwijd een vaste plek heeft veroverd in de kliniek. MRI staat bekend om zijn excellente
contrast van zacht biologisch weefsel dat gebruikt wordt om ziektes en fysiologische
veranderingen te detecteren op een non-invasieve manier. Het MRI signaal bestaat
voornamelijk uit water en vet dat in grote mate aanwezig is in het menselijke lichaam. De
amplitude en fase van het MR signaal reflecteren veranderingen in biologisch weefsel die
gerelateerd zijn aan ziekte, zoals veranderende waterconcentraties na celdood,
aanpassingen in de bloedvaten bij tumoren of hoge ijzerconcentraties in leverziektes.

Om diagnostische metingen te kunnen maken met een MRI scanner moet er eerst een
relatie gelegd worden tussen het MR signaal en de onderliggende anatomie. Deze spatiéle
afhankelijkheid van het MR signaal wordt geintroduceerd door middel van lineaire
gradiénten. De spatieel gecodeerde signalen kunnen daarna gereconstrueerd worden als
medische beelden door middel van een mathematische operatie (Fourier transformatie).
Als het magnetische veld van de MRI scanner homogeen is zal deze methode leiden tot
accurate lokalisatie van het MR signaal wat resulteert in beelden met een hoge
diagnostische kwaliteit. In het geval van inhomogene magneetvelden zal het spatiéle
coderingsproces aangetast worden, waardoor ernstige beeldartefacten kunnen ontstaan en
de signaaleigenschappen veranderen. Potentiéle oorzaken van deze veldinhomogeniteiten
zijn lokale veranderingen in het magnetische veld, verschillen in de magnetische
susceptibiliteit van weefsels, effecten van de biochemische omgeving, en de aanwezigheid
van paramagnetische materialen.

In dit proefschrift was het doel om MRI technieken te ontwikkelen die gebruikt kunnen
worden voor geometrische onverstoorde beeldvorming (Deel 1) en signaalkarakterisering
(Deel 2) in de aanwezigheid van veldinhomogeniteiten. De manier waarop beeldartefacten
zich manifesteren in de aanwezigheid van veldinhomogeniteiten hangt af van de interactie
tussen de spatiéle coderingsgradiénten en de inhomogene magnetische velden. De
beeldartefacten kunnen dan ook gemanipuleerd worden door de volgorde, timing en
sterkte van de spatiéle coderingsgradiénten aan te passen. In dit proces kan een
onderscheidt gemaakt worden tussen drie types spatiéle coderingsgradiénten:
1) gradiénten die tegelijk met de data acquisitie aangezet worden (frequentiecodering),
2) gradiénten die aangezet worden voordat de data wordt gemeten (fasecodering) en
3) gradiénten die aangezet worden tijdens de radiofrequentie (rf) excitatiepuls (slice
selectie).
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Van de drie types spatiéle codering zijn frequentiecodering en slice selectie het efficiéntste,
omdat deze respectievelijk een gehele spatiéle dimensie kan coderen en het te coderen
volume kan verkleinen van 3D naar 2D. Op dit moment bevat het merendeel van klinische
MRI sequenties zowel frequentiecoderingsgradiénten als slice selectiegradiénten vanwege
de beperkte beschikbare tijd per patiént en de hogere kosteneffectiviteit. Helaas zijn zowel
de frequentiecodering als slice selectie gradiénten gevoelig voor verstoringen van het
magnetische veld wat kan resulteren in geometrische vervormingen, signaalverlies en
signaalhyperintensiteit in de gereconstrueerde beelden. Aangezien deze artefacten geen
weerspiegeling zijn van de onderliggende anatomie kunnen ze de diagnostische kwaliteit
sterk verminderen. Een klinisch voorbeeld dient zich aan in de orthopedische beeldvorming
waar metalen implantaten gebruikt worden in knie- en heupartroplastiek wat betrouwbare
postoperatieve beeldvorming in de weg staat. In dergelijke situaties kunnen volledig
fasegecodeerde MRI technieken overwogen worden. Deze technieken hebben geen last van
geometrische vervormingen en signaalophopingen in de buurt van veldinhomogeniteiten,
omdat het spatiéle coderingsproces en de data acquisitie gescheiden zijn. Ondanks de
ongeévenaarde beeldkwaliteit vereisen deze volledig fasegecodeerde technieken wel een
veel langere scantijd. Dit is een belangrijke beperking die geadresseerd moet worden
voordat deze technieken geschikt zijn voor klinische toepassingen.

Naast de beeldkwaliteit wordt het MRI signaalverval (e.g. T2, T2" relaxatie) ook beinvioedt
door de aanwezigheid van veldinhomogeniteiten. In tegenstelling tot de ongewenste
effecten van veldinhomogeniteiten op de beeldkwaliteit kan het effect op het signaalverval
benut worden om waardevolle diagnostische of therapeutische informatie te verkrijgen,
zoals concentratiebepaling van paramagnetische deeltjes (i.e. ijzerdepots, brachytherapie
zaden, Holmium microsferen). Voor hoge concentraties paramagnetische deeltjes kan dit
echter zorgen voor een zeer snel signaalverval waardoor het lastig is om tot een accurate
kwantificatie te komen met conventionele MRl methodes. Om hoge concentraties accuraat
te kunnen detecteren moeten meerdere datapunten in de tijd gemeten worden waaruit de
zogenaamde T,  relaxatietijden bepaald kunnen worden. Dit kan lastig zijn met
frequentiegecodeerde technieken vanwege de relatief lange frequentiecoderingsgradiént
die enkele milliseconden kan duren, terwijl de T." vele malen korter kan zijn. Door de
spatiéle coderingsgradiénten te scheiden van de data acquisitie, zoals in fasegecodeerde
MRI sequenties, kan een grote hoeveelheid tijdspunten gemeten worden met binnen een
kort tijdsinterval waardoor T." kwantificatie van snel signaalverval mogelijk wordt.

In dit proefschrift zijn de unieke eigenschappen van fasegecodeerde MRI onderzocht voor
toepassingen in voornamelijk de orthopedische en oncologische beeldvorming. In het
eerste deel van dit proefschrift werden de mogelijkheden voor beeldvorming in de buurt
van orthopedische implantaten onderzocht. Indien frequentiegecodeerde MRI beelden
gemaakt worden in de buurt van deze metalen implantaten ontstaan er verschillende
beeldartefacten die gerelateerd zijn aan vervormingen van het magnetische veld. Dit leidt
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tot beeldvervormingen, signaalhyperintensiteit en signaalverlies in de buurt van het
implantaat. In het ergste geval kan dit leiden tot verkeerde diagnose of het missen van
klinisch relevante informatie, zoals de detectie van (pseudo-)tumoren, ontstekingen,
loslaten en slijtage van het implantaat. Om deze artefacten te voorkomen zijn volledige
fasegecodeerde sequenties onderzocht, ondanks de vele malen hogere scantijd.

In Hoofdstuk 2 werd er een eerste stap gemaakt naar klinisch haalbare scantijden voor
fasegecodeerde beeldvorming in de buurt van orthopedische implantaten. Hiervoor werd
een 3D fasegecodeerde turbo spin-echo (3D-PE-TSE) sequentie gecombineerd met
Compressed Sensing (CS). CS is een iteratief reconstructieschema dat gebruik maakt van
redundantie in de MRI methodologie. De combinatie van deze methodes verlaagde de
scantijd van 3D-PE-SE een factor 60 waardoor een geometrische onverstoorde in vivo
dataset gemeten kon worden in minder dan 10 minuten.

In deze experimenten werd een titanium implantaat gebruikt om de artefact reducerende
eigenschappen van volledig fasegecodeerde MRI te bestuderen. Ondanks de sterke
susceptibiliteitsgradiénten in de buurt van titanium was het mogelijk om geometrisch
onvervormde beelden te maken en het signaal in de buurt van het implantaat te detecteren
in een enkele meting. Het merendeel van het signaal kon geéxciteerd worden door de
radiofrequentie (rf) bandbreedte te maximaliseren (~3 kHz). In het geval van grotere
veldinhomogeniteiten, zoals veroorzaakt door kobalt-chroom of roestvrij stalen
implantaten, zijn meerdere metingen op verschillende frequenties noodzakelijk om al het
signaal te detecteren. De huidige state-of-the-art MRI methodes voor beeldvorming in de
buurt van metaal maken gebruik van multispectrale excitatieschema’s om geometrische
vervormingen, signaalhyperintensiteit en signaalverlies te verminderen. Ondanks sterk
verminderde artefacten bij het gebruik van deze technieken blijven fundamentele limitaties
bestaan voor het verminderen van artefacten in de buurt van metalen implantaten. In deze
regio’s zou een multispectrale fasegecodeerde techniek een oplossing kunnen bieden.

In Hoofdstuk 3 werden multispectrale frequentiegecodeerde 3D-TSE en fasegecodeerde
3D-PE-TSE sequenties geimplementeerd om prestaties van de beeldvorming te vergelijken
(artefacten, scantijd, signaalkarakterisering) voor een groot frequentiebereik van 40 kHz.
De methodes werden gevalideerd met een knie-implantaat van kobalt-chroom, een sterk
paramagnetisch materiaal dat regelmatig voorkomt in postoperatieve orthopedische
beeldvorming. De resultaten lieten zien dat multispectrale 3D-PE-TSE gebruikt kon worden
om hyper-intensiteitsartefacten en signaalverlies te voorkomen in de aanwezigheid van
extreme susceptibiliteitgradiénten in de buurt van het implantaat, terwijl deze artefacten
wel aanwezig waren in multispectrale 3D-TSE beelden. Voor een meting met een +10 kHz rf
offset was het mogelijk om signaal in de buurt van het implantaat te meten in ~3.5 minuten
met voldoende spatiéle resolutie, dankzij een combinatie van een kleiner meetvolume
(reduced field of view imaging) en iteratieve reconstructietechnieken (CS). De resultaten in
dit hoofdstuk lieten zien dat het mogelijk is om artefactvrije MRI beelden te verkrijgen in de
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buurt van orthopedische implantaten met multispectrale 3D-PE-TSE technieken binnen een
redelijk tijdsbestek.

In het tweede deel van dit proefschrift werden de unieke temporele en spectrale
eigenschappen van fasegecodeerde sequenties gebruikt om MR signaalgedrag te
bestuderen. In Hoofdstuk 4 werd er een pilotstudie uitgevoerd om de mogelijkheden van
signaalkarakterisering met fasegecodeerde beeldvorming te onderzoeken. Hiervoor werd
een 3D frequentie gecodeerde techniek aangepast naar een 2D fasegecodeerde techniek
met een extra dimensie waarin de MR signaalevolutie in de tijd werd gemeten. In plaats van
de signaalevolutie te gebruiken om de frequentie inhoud te bestuderen, zoals in
spectroscopische onderzoeken, werd het gebruikt om herhaalde verstoringen van het MR
signaal in kaart te brengen. De 2D multiple single-point imaging (mSPI) methode werd
gebruikt om T," verval, gradiént geinduceerde signaalverstoringen en stroom geinduceerde
faseontwikkelingen te detecteren. Mogelijke toepassingsgebieden van deze methode zijn
accurate T, mapping, evaluatie van systeemprestaties en het meten van faseveranderingen
door externe stimuli, zoals geinduceerd door transcraniéle magnetische stimulatie.

De mogelijkheden voor T." mapping werden verder benut voor signaalkarakterisering van
natrium (**Na), dat een belangrijke fysiologische rol speelt in het menselijk lichaam (bijv.
het in stand houden van de celintegriteit en het doorgeven van zenuwimpulsen). Hierbij
worden veranderende natriumconcentraties en signaalgedrag gebruikt voor vroege
detectie van ziekte, zoals een vroeg stadium van osteoartritis en het ontstaan van
tumorcellen. Kwantitatieve parameters die bepaald kunnen worden met MRI zijn de
natriumconcentratie en bi-exponentiele T," waardes. Deze parameters zijn gerelateerd aan
zowel de biologische structuur als de celintegriteit. Helaas is accurate kwantificatie van
beide natrium T." waardes erg lastig met conventionele methodes (e.g. multi gradiént-
echo) vanwege de lage gevoeligheid voor natriummetingen en de aanwezigheid van een erg
korte T>" component (~0.5 - 3.0 ms). Voor accurate T, mapping met frequentiegecodeerde
technieken zijn meerdere signaalmiddelingen en meerdere datapunten in de tijd nodig wat
de scantijd sterk verhoogd.

In Hoofdstuk 5 werd een flexibele fasegecodeerde methode onderzocht voor natrium
imaging, het bepalen van natriumconcentraties en detectie van bi-exponentieel T,'
signaalverval. Hiervoor werden conventionele en ultrakorte TE 3D fasegecodeerde
methodes geimplementeerd en geévalueerd in vitro en in vivo. Uit de resultaten bleek dat
het mogelijk was om het bi-exponentiéle signaalgedrag accuraat te karakteriseren in vivo
waarbij een hogere spatiéle resolutie behaald werd dan in eerdere onderzoeken. De
gebruikte methodes bleken tijdsefficiént te zijn in het specifieke geval van natrium
relaxatiemetingen, dankzij de voordelige gevoeligheidseigenschappen in combinatie met de
sub-milliseconde bemonstering van de signaalcurve.

Naast analyse in het temporele domein kan de frequentie inhoud van het MR signaal
gebruikt worden om biologische veranderingen op moleculair niveau te detecteren. In het
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veld van MR spectroscopie (MRS) wordt op deze manier informatie verkregen over
metabolisme, de biochemische samenstelling van het brein, spierfunctie en andere
natuurlijk voorkomende moleculen in het lichaam. Een uitzondering hierop zijn fluor (**F)
MRS metingen. Fluor komt niet van nature voor in het lichaam, maar kan geintroduceerd
worden door medicijnen of moleculaire markers. Dit maakt fluor MRS geschikt voor
non-invasieve monitoring van medicijnmetabolisme en medicijndistributie in het lichaam.
Idealiter zouden deze parameters gebruikt kunnen worden om de effectiviteit van
medicijnen te bepalen. Het voornaamste doel van de huidige onderzoekslijn is het
reduceren van toxiciteitseffecten bij patiénten die niet op de therapie reageren, waardoor
ook de hoge behandelkosten verlaagd kunnen worden. In het huidige stadium is het echter
moeilijk om robuuste fluormetingen uit te voeren, vanwege de lage concentraties na
medicijninname (mM range) in combinatie met specifieke hardware benodigdheden.

In Hoofdstuk 6 werd een nieuwe setup gepresenteerd om het metabolisme en de distributie
van de chemotherapeutische pro-drug capecitabine te meten in de lever en omliggende
organen. In dit hoofdstuk werden drie verbeteringen onderzocht voor in vivo capecitabine
detectie. Ten eerste werd een hoog veld 7T MR scanner gebruikt om de gevoeligheid van
fluordetectie te verhogen. Ten tweede werd een zend-ontvangstspoel met acht elementen
gebruikt om het spatiéle bereik te vergroten naar de hele lever en omliggende organen. Ten
derde werd een dual-band rf puls ontworpen om simultaan capecitabine en zijn
afbraakproducten te kunnen detecteren voor metabolismestudies. De beschreven setup
was in staat om zowel capecitabine te detecteren in de lever en maag als ook de
afbraakproducten in de lever, nieren en milt. Deze bevindingen vergroten de
toepasbaarheid van fluordetectie substantieel aangezien voorheen alleen een sub-sectie
van de lever bestudeerd kon worden in een enkele meting.

De verschillende hoofdstukken in dit proefschrift laten de brede toepasbaarheid van
fasegecodeerde technieken zien in verschillende MRI onderzoeksvelden. Fasegecodeerde
MRI technieken blijken een robuust alternatief te zijn voor frequentiegecodeerde methodes
in de aanwezigheid van veldinhomogeniteiten (Hoofdstuk 2-3), MR signaalkarakterisering
(Hoofdstuk 4-6) en lage MR gevoeligheid (Hoofdstuk 5-6). De toekomstige mogelijkheden
van fasegecodeerde MRI sequenties zijn besproken in Hoofdstuk 7. De gerapporteerde
resultaten in dit proefschrift zijn voornamelijk technisch van aard en vereisen additionele
klinische validatie in patiéntpopulaties. Ondanks deze beperking zijn de gerapporteerde
resultaten veelbelovend en bruikbaar als basis voor toekomstige studies.

Gebaseerd op de methodes en resultaten in dit proefschrift lijkt fasegecodeerde MRI een
levensvatbare strategie te zijn voor geometrische onverstoorde beeldvorming in de buurt
van metalen implantaten en signaalkarakterisering van nuclei (¥Na, °F) met een lage MR
gevoeligheid.
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sfeer, je creatieve natriummetingen en experimentele know-how hebben een mooie
samenwerking opgeleverd. Hopelijk krijgt deze nog een mooi vervolg de komende jaren.

Razmara, bedankt voor alle orthopedische materialen, klinische vraagstellingen en gezellige
scansessies. Hopelijk leiden onze eerste bevindingen uiteindelijk tot klinisch toepasbare
producten.

Waarde collega’s en mede-promovendi, promoveren is natuurlijk een serieuze
aangelegenheid met vele mores, tradities en eigenaardigheden. Gelukkig kon ik dit proces
met al zijn ups en downs uitvoerig bespreken tijdens vele diners, borrels, conferenties,
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sinterklaasvieringen, Ardennen weekenden, emergency meetings in de koffiekamer, of met
een stuk taart na een gepubliceerd artikel. Hier zitten vele gedenkwaardige momenten bij
waarvoor ik iedereen bij het ISl en in het UMC Utrecht wil bedanken, waaronder een aantal
personen in het bijzonder:

Mijn paranimfen, Job en Miekee. Job, je interesse in andere personen en het willen creéren
van een goede sfeer op de afdeling was altijd erg welkom. Het was mooi om met je te
brainstormen over nieuwe futuristische ideeén, die zo nu en dan te herleiden waren tot het
werk van wetenschappers die hun tijd blijkbaar ver vooruit waren. Daarnaast wil ik je
natuurlijk ook nog heel erg bedanken voor al je hulp met Matlab, data processing,
wiskundige onderbouwingen en de mooie borrels buiten werktijd! Miekee, heel erg
bedankt voor alle gezelligheid en goede gesprekken gedurende het promotietraject. Ik
waardeer je eerlijkheid en je vrolijke expressieve karakter, het werkt erg aanstekelijk! 1k
voel me vereerd dat jullie aan mijn zijde willen staan tijdens de verdediging!

Yinghe, thank you for being such a nice and understanding roommate. It must be hard to
work with two loud Dutch guys in one room. Thank you for always being so helpful
whenever | was stressing out about something minor. Hopefully you’ll have less distractions
now so you can finish your own dissertation.

Frank, bedankt voor je hulp met het bedenken van gerichte oplossingen als ik weer eens in
de knoop zat met het maken van de benodigde patches. Succes met de laatste loodjes!

ISMRM conferentiegenoten, het was elk jaar een hoogtepunt om met jullie uitstapjes over
de hele wereld te mogen maken. Naast de inhoudelijke discussies heb ik erg genoten van
de vele netwerkborrels tot in de late uurtjes en de early morning sessions die daarop
volgden.

Naast de bijdrage van alle collega’s zijn er natuurlijk nog vele anderen die een belangrijke
rol spelen in mijn leven en daardoor ook bij het tot stand komen van dit proefschrift. Dankzij
hen heb ik voldoende ontspanning, relativering en focus kunnen houden om dit proefschrift
tot een goed einde te brengen.

Lieve pap, mam en Wil, ik vind het geweldig dat jullie mij altijd steunen bij mijn keuzes in
het leven. Tot de dag van vandaag helpt mij dit om kansen te signaleren en ten volle te
benutten. Het is een geweldige luxe om een veilige basis te hebben, waardoor ik altijd de
rust en ruimte heb om weloverwogen beslissingen te maken. Dank jullie wel voor alle
vrijheid en mogelijkheden, dit proefschrift is voor jullie.

En als laatste, maar zeker niet de minste: Gerline, lief, we did it! Dit proefschrift was er niet
gekomen als jij er niet was geweest om mij te steunen gedurende het hele traject. Naast de
emotionele ondersteuning heb je ook erg veel bijgedragen als mantelzorger, proefpersoon
en testlezer. Je bent geweldig! Ik kan mij geen groter geluk wensen dan samen met jou het
leven te mogen beleven.
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