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Chapter 1

INTRODUCTION

1.1 Clinical Motivation

Minimally-invasive thermal therapies, such as focused ultrasound, laser, microwave, and
Radiofrequency (RF) ablation, are a viable alternative to more invasive surgical procedures.
These interventional techniques can be used treat everything from cancer [1] to epilepsy [2],
and can even be used for immunotherapy [3] and drug delivery [4]. These novel treatment
mechanisms are set to change the standard of medical care from lengthy, invasive procedures
to therapies that can selectively target and treat an area of interest while minimizing damage
to healthy tissues. The selectivity provided by minimally-invasive options not only improves
patient outcomes, but reduces recovery times and medical costs. Interventional techniques
are widely available in a research setting, but current clinical practice has been slow to adopt
these promising modalities. For thermal therapies, which are the focus of this dissertation,
this slow percolation of technology into the clinic is due in part to a lack of robust, spatially-
resolved temperature monitoring during treatment as well as a lack of studies demonstrating
safety and efficacy over the wide variety of application areas.

Minimally-invasive thermal procedures are currently applied percutaneously under imag-
ing guidance, often with X-ray Fluoroscopy, Computed Tomography (CT), ultrasound (US),
or optical and electromagnetic tracking. However, these modalities only supply anatomical
localization, may expose patients to harmful ionizing radiation (as is the case with CT), and
offer a limited view of heat development and tissue changes during treatment. Some ablative
systems intended for interventional use incorporate thermocouples into the ablation needle,
but this provides only a single point measurement near the probe. Accurate, spatially-
resolved temperature mapping is critical in order to assess the delivered thermal dose [5]

and prevent unwanted damage to healthy tissue. Ultrasound imaging can provide tempera-



ture information through measuring changes in the speed of sound, attenuation coefficient,
and backscattering [6]. However, US thermometry is limited in sensitivity, resolution, and
imaging depth. Magnetic resonance imaging (MRI) can provide high resolution anatomical
images with unparalleled tissue contrast in a real-time manner using non-ionizing radiation,
irrespective of tissue geometry and slice orientation. Many MRI parameters also exhibit a
sensitivity to temperature. These changes can be quantified from the acquired images dy-
namically during imaging, providing the necessary spatially-resolved temperature maps in
real-time. Temperature mapping with MRI was first explored in the 1980s [7] and many
MR Thermometry techniques have been developed for clinical use. However, currently most
of these methods are limited to specific use cases in water-based tissues, such as brain or
muscle, and fail in more difficult treatment scenarios such as in fatty breast tissues, during
motion, and in the presence of time-varying magnetic fields. Additionally, the probes used
for RF and microwave ablation (two of the most commonly used modalities) are often made
from metallic materials that interfere with the MRI signal and create erroneous tempera-
ture maps. These sources of error are common in many treatment scenarios and must be
addressed before MR-guidance of therapies in adipose tissues and near metal probes can be
implemented.

The surgical devices used to perform minimally invasive thermal treatments are also
undergoing rapid development. Conventional devices such as RF, microwave, and laser abla-
tors require direct contact with the target tissue, which necessitates surgical access to target.
The ablator must be inserted into the body percutaneously and may need to be reinserted
multiple times to fully treat the desired volume of tissue. While the tissue damage caused
by these incisions is small compared to that of open surgery, they could increase the risk
of tumor seeding along the insertion path unless ablation of the insertion path is performed
[8]. Focused ultrasound (FUS) is a therapeutic modality that has garnered interest due to
its ability to heat tissues noninvasively from outside the body without damaging intervening

healthy tissues. Coupled with MRI guidance, FUS can be used to induce bioeffects at a



specific location within the body, enabling a completely incision-less surgery. However, with
the exception of a few applications, MR-guided focused ultrasound (MRgFUS) is still in the
early stages of clinical development. More studies are needed to prove safety, efficacy, and
mechanisms. In such a rapidly-developing field, experiments can be slow to progress due to
the complexity, high cost, and a lack of well-validated, accessible systems for repeatability
studies. A standardized entry-level pre-clinical MRgFUS system is needed to aid in the

exploration of the impact of FUS therapy.

1.2 Dissertation Synopsis

In order to advance MRI-guided minimally-invasive therapies, this dissertation tackles these

two specific barriers to progress:

1. Temperature errors in artifact-prone regions due to the presence of adipose tissue and

metallic needles

2. The high cost and limited access to experimental pre-clinical MR-guided Focused Ul-

trasound systems

This includes the development of novel MR thermometry methods to perform online
correction of temperature mapping errors in fatty tissues, pulse sequence development to
recover image signal and temperature precision near metallic probes, and the design and

validation of a custom MR-guided focused ultrasound system for preclinical studies.

Chapter 3 details a novel temperature mapping algorithm that enables proton resonant
frequency-shift (PRF'S) thermometry in the presence of adipose tissue. This algorithm com-
bines model-based water/fat separation with model-based penalized-likelihood temperature
estimation to account for the signals from both water and fat in real-time to overcome the
computational and model limitations of existing methods. The method collects a baseline

library of pre-treatment images over a range of motion states, performs water /fat separation
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on those images, and then incorporates the separated baseline water and fat images into a
heating image model, avoiding the need to perform water/fat separation on each heating
image. Clinical implementation of this method would allow for robust treatment guidance in
fatty tissues such as breast and liver and encourage further dual-constrast MR thermometry

pulse sequence development.

Chapter 4 describes an MR imaging simulator that calculates images near metallic ab-
lation probes and performs offline optimization of a novel multiple echo Z-shimmed pulse
sequence. The simulator and optimized sequence recovers image signal and temperature pre-
cision near metallic ablation probes for guidance of thermal therapies. This work overcomes
limitations of existing near-metal imaging approaches by using conventional gradient echo
PRFS thermometry techniques and enabling pulse sequence optimization to be performed
prior to imaging a patient on the scanner. This method will enable thermal guidance of
ablative treatments using metallic probes in delicate environments where high temperature
precision is needed near a probe, such as during hippocampal ablation for epilepsy manage-

ment.

Chapter 5 covers the design, development, and validation of an open-source, small-
animal MR~guided focused ultrasound system. This system was designed to perform closed-
loop controlled hyperthermic sonication on murine models of cancer. The system consists
of a low-cost machined plexiglass thermotherapy table, capable of holding an ultrasound
transducer at isocenter within a small-bore MRI system, and a modular software distribution.
The software provides real-time visualization of heating in the target tissues and closed-loop
feedback to control the level of heating for an extended period of time. It was provided
open-source to the focused ultrasound community as a start-up system to aid researchers in

developing their own systems and application areas.



Chapter 2

BACKGROUND

2.1 MR Thermometry

2.1.1 MR Image Formation

MRI is a non-ionizing imaging modality that can provide high-resolution images of tissues
in any orientation within the body. To form images, an object or patient is placed within
the bore of a strong, static magnetic field. This causes protons within the subject to align
with the magnetic field along the longitudinal axis, causing a bulk magnetization in the
direction of the magnetic field. RF pulses are applied perpendicular to the magnetic field
at the Larmor frequency which tips the protons away from the longitudinal axis towards
the transverse plane. The protons will precess at the Larmor frequency as they relax back
to their low energy state, inducing an electrical current in receiver coils placed around the
subject which is measured and recorded. The relaxation of protons back to the longitudinal
axis will differ depending on the local magnetic environment and the sequence of RF pulses
and magnetic fields that are applied. This rate of relaxation can be described by the time
constants T and Tg9 which describe the magnetization relaxation rates in the longitudinal
and transverse planes, respectively.

To localize these electrical signals to a spatial location, gradient coils are used to apply
linear magnetic fields within the magnet. The application of these gradients induces spatially-
dependent frequency and phase shifts in the collected signal which are recorded in k-space, or
frequency space. The signal from the RF coil is recorded as gradients are applied to traverse
through k-space. Once filled, the k-space data is Fourier transformed to the spatial domain
to generate an image of the object.

Since the invention of MRI in the 1970s, it has grown from a purely anatomic and



structural imaging modality to an adaptable tool capable of real-time functional measures
and quantification. MRI’s sensitivity to changes in temperature and ability to map them

spatially on anatomical images in real-time has led to the field of MR Thermometry.

2.1.2 Temperature-sensitive MRI parameters

Many MR parameters have a dependence on temperature including the longitudinal and
transverse relaxation rates (T and T3), the apparent diffusion coefficient (ADC), the magne-
tization transfer rate (MT), the proton density (PD), and the proton resonant frequency-shift
(PRFS). Both the MT and PD are rarely used for temperature mapping due to limited sensi-
tivity while the ADC, relaxation rates, and the PRF'S all have high sensitivity to the PRFS.
The ADC has good sensitivity to temperature but requires long scan times and can be con-
founded by non-linearities that occur when tissue properties change, as might be the case
during heating due to coagulation. Temperature mapping with relaxation rates has good ac-
curacy and sensitivity but can require long scan times to measure the rates. They have been
used in aqueous tissues but have been most useful in adipose tissue. The PRFS is widely
used to map temperature in water-based tissues due to its linearity with temperature over a
clinically-relevant range (-15°C to 100°C) [9] and independence of underlying aqueous issue
type and coagulation [10]. The next sections will discuss PRFS thermometry, thermometry

in fat, and challenges faced during thermometry near metal.

2.1.3 PRF-shift Thermometry

Figure 2.1 demonstrates how heating induces a PRFS. As water is heated, molecular
motion increases and the hydrogen bonds between molecules begin to stretch and break.
This decrease in hydrogen bonding causes the electrons to sit closer to the hydrogen nucleus,
effectively shielding it from the main magnetic field, By. The shielding reduces the local
magnetic field, Bj,., causing a decrease in the resonant frequency of water, wg, such that

the affected molecule now resonates at a lower frequency, wj,. [11]. This change in resonant



frequency changes gradient echo image phase. The PRF'S varies linearly with temperature

in aqueous tissues at a rate of &« = —0.01ppm/°C.
Blocal = Bo Blocal < Bo
Wigcal = Wq ( /) Wigcal < Wy

) &
kg, 8 ) &g

R

C

Figure 2.1: The proton resonant frequency shift with heating. As heat is applied, the
resonant frequency decreases.

PRFS temperature maps are typically acquired using a gradient-recalled echo (GRE)
pulse sequence that acquires a set of baseline images prior to heating and a time series
of images during heating. The phase difference between a baseline and heating image is
proportional to temperature. Alternatively, spectroscopic techniques can be used to directly
measure the shift in water resonance. Spin echo images, which inherently refocus the dephas-

ing caused by the resonant frequency shift, cannot be directly used for PRFS temperature

mapping.
2.1.3.1 PRF-shift phase mapping algorithms

The phase difference between the baseline and heating images is proportional to the

PRFS [12] and can be converted to temperature using Equation 2.1,

(1) — @(To)

AT =
yaByTE

(2.1)

where AT is the temperature change in °C, ® is the image phase map at heating temperature
T or baseline temperature Ty, v is the gyromagnetic ratio in MHz per Tesla, By is the mag-

netic field strength in Tesla, and T'F is the echo time in seconds. Direct subtraction of image

7



phase is straightforward to compute but is prone to errors resulting from spatiotemporally
varying sources of distortion, including off-resonance, tissue motion, and respiration. Many
approaches have been reported that make PRFS thermometry more robust to these sources
of error [13, 14, 15, 16, 17, 18, 19]. Another challenge is the presence of fat in heated voxels.
Since fat experiences a much smaller PRFS with temperature than water, the presence of
both species within a voxel can corrupt the PRFS measurement [20]. This is particularly a
problem when monitoring therapies such as focused ultrasound ablation of breast tumors,
which are highly embedded in adipose tissue [21].

PRFS measurements require only a single echo, but acquiring multiple echoes can miti-
gate some sources of error. The long echo times required to obtain high temperature SNR
(TE ~ T3 [22]) can result in phase (and subsequently temperature) wrapping whenever the
frequency shift exceeds the spectroscopic bandwidth of 1/TE [23]. Including multiple echoes
in the readout increases the spectroscopic bandwidth, resulting in a larger range of tempera-
tures that can be measured without phase wrapping. Using multiple high-bandwidth echoes
can also mitigate geometric distortions due to chemical shift [18], increase temperature SNR,

and provide sensitivity to other chemical species such as adipose tissue [23].

2.1.4 Thermometry in Adipose Tissue

To prevent temperature errors due to fat, PRFS temperature mapping typically uses
spectral-spatial pulses to obtain water-only images [24, 25]. However, these pulses are sensi-
tive to off-resonance and place a lower limit on slice thickness [12]. An alternative is to use
multiple gradient echo imaging sequences to separate water and fat signals computationally,
and use the fat signal as a heat-insensitive reference for off-resonance compensation. Wa-
ter/fat separation in anatomic imaging has been used to separate the short T, fat signal
from that of water in order to better visualize important clinical structures such as tumors
or edema [26]. Separating each tissue type can also be used to provide quantitative infor-

mation about tissue composition for disease characterization [27]. State-of-the-art water /fat



separation approaches expand upond conventional three-point Dixon method [28, 29] and
produce separations with excellent robustness to off-resonance [30, 31, 32]. However, these
approaches are too computationally expensive to be applied in real-time to each image in a
heating time series. A secondary problem is that these methods assume a fixed frequency
difference between water and fat and therefore produce increasingly erroneous separations as
water is heated (Figure 2.2). Therefore, alternative methods have been explored to perform
thermometry in adipose tissue. Spectroscopic and fat-referenced methods use fat as a stan-
dard by which to correct PRF'S errors in mixed water and fat tissues, while relaxation-based

methods directly measure the temperature of the fat.

Image Water Fat
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Figure 2.2: Conventional water/fat separation algorithms can fail in the presence of heating.
In a simulated phantom, iterative separation (Ref. [32]) accurately separates the water
and fat without any heating present. When a hotspot is placed in the mixed voxels, the
separation fails since the assumed frequency difference between water and fat has changed.

Erroneous separation

2.1.4.1 Spectroscopic Methods

Phase-mapping thermometry techniques are fast but provide only relative thermometry

measures. Absolute thermometry can be obtained by examining the spectra of each voxel’s



signal. Spectroscopic approaches have been used in thermometry previously to measure the
chemical shift of the water resonance [33]. These methods are inherently robust to tissue mo-
tion and susceptibility changes but require the acquisition of many echoes. They also require
fat to be present in every voxel which would not be the case in heterogeneous tissues such
as the breast [34]. Additionally, sprectroscoptic thermometry implementations suffer from
low spatial resolution and long scan times [35]. In adipose tissues where the PRFS is known
to fail, the limitations of spectroscopic techniques could be outweighed by their inherent
sensitivity to fat. Since the fat resonance peak is insensitive to temeprature, spectroscopic
methods use the water frequency shift to calculate temperature and frequency shifts that
occur to both the water and fat to account for By field fluctuations [36]. Techniques have
been proposed to increase the temporal and spatial resolution of these methods, including
echo planar imaging [37, 38] and moving average filters with Fourier-based computation of
the temperature maps [39]. With such modifications, spectra can be acquired with as few
as 16 echoes in 5 s per image [39]. Computation time is on the order of 11 ms per image
voxel, which may not be feasible for online implementation but could be useful for imaging
scenarios not requiring real-time therapy guidance [40]. Novel spectroscopic methods are
being explored for applications such as brown adipose tissue monitoring [41] and in bone

where low SNR for PRFS prevents monitoring [42].

2.1.4.2 Fat-referenced Methods

Fat-referenced approaches [43, 44, 45] are most closely related to Chapter 3 since they
comprise an explicit water/fat separation step and can operate with a small number of
echoes (as few as three). IDEAL-based fat-referenced methods work by applying IDEAL
water/fat separation [46] to a baseline image to obtain water and fat phase images along
with an off-resonance map. The baseline off-resonance map is held fixed and used to separate
water and fat signals during heating. Temperature is measured from the phase difference

between the baseline and heating water images. The phase differences between the baseline
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and heating fat images are used to measure dynamic off-resonance changes and subtract
them from the water phase difference. Hofstetter et. al [44] further extrapolated the fat
phase shifts to voxels without fat so that fat signal need not be present in every voxel to
apply an off-resonance correction. However, motion-robust versions of these IDEAL-based
methods have not been developed, and the fat phase difference extrapolation can introduce
errors if fat is not uniformly distributed over the imaged volume. A secondary problem
is that, like anatomic water/fat separations, these IDEAL-based methods assume a fixed
frequency difference between water and fat, meaning they can produce increasingly erroneous
separations with increasing temperature. This effect is mitigated somewhat by keeping the
baseline By and R3 maps constant but, as is shown in this dissertation, errors can persist in

areas of large frequency changes.

2.1.4.3 Relaxation-based Methods

Longitudinal (T;) and transverse (T3) relaxation are both sensitive to temperature
changes. The first report exploiting this relationship in 1983 derived a relation such that
an increase in temperature caused a proportional increase in T; [7]. However, subsequent
studies have observed non-linearity in the relationship of T; and temperature near the tissue
coagulation threshold. Upon cooling, there is a hysteresis of the temperature relationship
due to tissue changes and the relationship between T and temperature must be calibrated
for each tissue type. These trends hold true in adipose tissues, where the relation between
Ty and temperature is highly dependent on the chemical makeup of the fat being imaged
[47]. T; and temperature in fat have a linear relationship below 40 °C of heating. Above
that, irreversible tissue changes cause non-linearity and hysteresis. This change to nonlin-
earity could potentially be used as an indication of treatment efficacy and tissue coagulation
[12]. In order to perform Ti-based thermometry in adipose tissue, the T} must be quantified
accurately. Inversion recovery sequences traditionally used for Ty mapping are too slow for

real-time applications. A variable flip angle approach is feasible as long as differences in
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steady state are accounted for [48]. Alternatively, Ti-weighted images can be used directly
to correlate changes in signal intensity [49]. In both cases, calibration of the relationship
between observed change and actual temperature is required for each tissue type.

Ty also exhibits an increase with temperature, but has been disregarded in aqueous tissues
since the dependence is usually masked by stronger factors. In adipose tissue, the effect is
stronger than that in water and changes approximately 5 ms per °C [50, 51]. There is a linear
relationship between T9 and temperature so long as the water signal is fully suppressed and
the temperature remains below 45 °C of heating. Ty changes in adipose tissues exhibit little
hysteresis due to the reversible phase transition of triglycerides [47]. However, the change
in Ty must be calibrated for each tissue type being imaged. The calibration is repeatable
between samples of the same type, as has been shown in breast tissue [52]. The effective Ty
(T% in practice) can be measured from the signal decay in multiple gradient echo sequences

already used for PRFS temperature mapping [50].

2.1.4.4 Fat Susceptibility

A final confounding factor when performing MR, thermometry in mixed fatty tissues
is the change in magnetic susceptibility of fat with heating. Fat exhibits a susceptibilty
change of approximately 0.008 ppm/°C [20]. While this effect is small, at large temperature
changes this term can become a significant confound in PRFS thermometry [53, 54]. The
field caused by this susceptibility difference extends outside the fat in a manner dependent
upon its orientation within the magnetic field [55], making its effect difficult to predict and
correct in MR thermometry [56]. A method has been proposed that corrects these errors
using T changes in fat to measure heating and predict the subsequent PRFS errors [57].
Dependending on the application, tissue geometry, and heating level these effects may be

negligible and are ignored by most thermometry implementations.
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2.1.5 Dual-contrast sequences

Both fat and water contain potentially useful information for guidance of thermal therapy
and no one MR parameter universally provides information about both tissues. As such,
there is a focus on creating dual-contrast sequences that are sensitive to both the PRFS
and changes in T with temperature, for use in water and fat respectively. Typically these
sequences build off a gradient echo sequence to generate PRFS contrast and alternate the
flip angle every other image to generate T sensitivity [48, 58]. The long TE and short
repetition time (TR) required by PRFS is at odds with the short TE and long TR needed
by the T calculation. Parameters such as flip angle, TR, and TE must be optimized to
obtain high temperature SNR for both mechanisms. To address this issue multiple echoes
can be used to provide sensitivity to both [59]. Recently a 3D undersampled multi-echo
sequence was proposed with volumetric sensitivity to changes in the PRFS, T3, and initial
signal magnitude [45]. This method is a promising approach for whole-volume thermometry
of both tissue types with less than 2 seconds acquisiton time, but has increasing error during
respiration and in voxels containing mixed tissue types. Dual-contrast thermometry has the
potential to combine the advantages of PRFS thermometry with fat monitoring, enabling

MR guidance of thermal therapies in many organs.

2.1.6 Temperature mapping near metallic objects

The accuracy and precision of PRFS thermometry is highly dependent on image SNR
[22]. The devices used for ablation are made from materials that have a different magnetic
susceptibility than tissue, creating local By inhomogeneities due to susceptibility mismatch.
These local inhomogeneities cause in-plane and through-slice distortion [60]. Spin echo imag-
ing suffers distortions but has less signal loss near metal than gradient echo sequences since
the dephasing caused by the probe is inherently refocused. Techniques such as slice en-

coding [61], multispectral imaging [60], and view angle titling [62, 63] have been developed
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that reduce these image distortions. Ti-based thermometry methods have been proposed for
imaging near metallic implants [64, 65] that employ multispectral imaging techniques [66, 67]
to correct for the induced susceptibility artifact. While they outperform conventional PRFS
MR thermometry near the metallic object, with image acquisition times ranging from 15
seconds to tens of minutes, their temporal resolution is too slow for real-time monitoring.
Additionally, the T1-mapping technique demonstrated in Ref. [65] saw an unwanted reduc-
tion in temperature precision far away from the metal artifact. This method was also used
to reduce artifacts near biopsy needles, without heating, for improved localization [68]. A
recent update to the multispectral thermometry method incorporated image undersampling
to accelerate the acquisition during a focused ultrasound monitoring [69]. However, these
methods require calibration of the relationship between T; and temperature to perform
relaxation-based thermometry, which can be a non-trivial task in the face of mixed tissue
types and field inhomogeneities. Furthermore, these methods were developed for artifact
correction near large metallic implants that produce much greater distortion than is seen
near high-gauge ablation probes and may be overkill for this application.

When a gradient echo sequence is applied, the field inhomogeneities cause dephasing of the
magnetiziation near the device, resulting in complete signal loss near the device [70, 71, 72].
For ablation probes, this artifact can extend over a centimeter from the probe, occurring
exactly where the area of maximal heating occurs. This leads to unreliable PRFS tempera-
ture data and prevents treatment guidance in the region [73]. This is particularly a concern
for applications in the brain where precise targeting of the desired region and the safety
of nearby delicate structures must be ensured. For example, monitoring is critical during
hippocampal ablation for the treatment of epilepsy [74] or RF safety evaluation of heating
near implanted electrodes [75]. Even a 2.5 mm diameter nitinol needle for hippocampal
ablation [74] can cause areas of signal loss larger than the 2 cm diameter of the hippocampus
(Figure 2.3). The size and location of signal loss is highly dependent on the slice and probe

orientation within the magnetic field, making universal signal recovery challenging. This
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signal loss must be corrected to allow monitoring of thermal therapies near these devices.

Slice L Slice ||
Signal Void Probe Diameter Signal Void

Figure 2.3: Metal ablation probes cause signal loss in gradient echo images. The representa-
tive phantom images at the single long TE used for conventional MR thermometry show a
signal void exceeding the diameter of the hippocampus near the nitinol ablation probe. The
shape of this signal loss depends on slice and probe orientation within the magnetic field.

In-plane distortions caused by metallic objects can be mitigated by a high read-out band-
width but compensating for through-plane distortions, a main source of signal loss, is still
an issue. Methods exist to correct for through-plane dephasing present in gradient echo
sequences, which could enable PRFS thermometry near metal [76, 77]. However, these
have not been adapted for thermometry in a manner that is directly translatable to clinic.
Z-shimming is a technique previously employed in functional MRI studies to account for
through-plane signal loss near air sinuses [78, 79]. This technique partially refocuses the
image in the slice direction to selectively refocus areas of the image that were off-resonant,
effectively recovering the lost signal . Z-shimming has been applied in the interventional
setting by to passively track paramagnetic markers attached to catheters for improved lo-
calization [76]. This method was extended by Campbell-Washburn et. al to simultaneously
acquire a marker image overlaid on an anatomical image in real time [77]. Recently, we
adapted this method for thermometry purposes with a dual-echo approach [80], which ac-
quires images both near the probe and far from the probe for whole-image thermometry.

While the dual-echo approach recovers temperature precision near the probe without com-
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promising precision elsewhere, its use is limited by the need to perform orientation-specific
manual calibration (Figure 2.4A and B), where the Z-shim value depends on the orientation
of the ablation probe and imaging slice within the magnetic field. Additionally, the dual-
echo method is constrained to one Z-shimmed echo, limiting its ability to fully refocus the
range of through-plane off-resonance gradients caused by the probe in one acquisition. An
example of this limitation can be seen in Figure 2.4C where the spin echo image shows a
smaller signal void than the combined z-shim image. There is a need for a thermometry

method that is orientation-independent and fully recovers signal near the probe.
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Figure 2.4: Dual-echo z-shimming calibration for one probe and slice orientation from Ref.
[80]. (a) Signal recovery near the probe (middle) depends on applied z-shim strength. (b)
Optimal recovery is at 140% of the full refocusing gradient. (c) Some near-probe signal is
still un-recovered when compared to true probe diameter (spin echo).

2.1.7 Summary of MRI temperature mapping

MRI temperature mapping provides excellent sensitivity and accuracy in many treatment
scenarios. Inherently non-invasive and spatially resolved, MR thermometry offers a practical

alternative to invasive, single-point thermocouple measurements. Multiple MRI parameters
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such as Ty, T2, ADC, and PRFS are sensitive to temperature. PRFS has been shown the be
a reliable measure in aqueous tissues due to its linearity and can straightforward acquisiton
with gradient echo images. Errors in MR thermometry do arise in adipose tissue due to
fat’s smaller frequenyc shift with temperature. Many methods have been proposed to make
MRI thermometry robust to these errors including spectroscopic and fat-referenced methods,
direct measure of the underlying fatty tissue with relaxation-based measures, and dual-
contrast sequences. However, challenges remain to make these methods robust to motion
and off-resonance, and suitable for use with few echoes. PRFS thermometry near metal
ablators is currently limited due to large dephasing and signal loss that occurs near the
probes. Current solutions focus on using other sources of temperature measurement, such
as Ty relaxation, or Z-shimming, which requires tuning, to mitigate this problem. Ti-based
solutions are inherently slower than gradient echo methods and require calibration of the
T change with temperature before use. The challenge of sequence calibration must be
addressed before MR thermometry can be used in treatment scenarios near metal probes,

and is an area that this dissertation addresses.

2.2 MR-guided Ablation Modalities

There are a variety of devices that have been employed to ablate lesions within the
body [81]. The concept of killing tumor cells through ablation has been around since the
1850s when iced saline was was directly injected into breast and uterine tumors to reduce
inflammation and was found to destory cells and slow disease progression [82]. It wasn’t until
the mid 1900s that cryotherapy was used as a surgical technique with dedicated applicator
for ablation [83]. Around this time, the development of electrosurgical devices to cauterize
and resect malignancies were invented [84] and the idea of ablation with heat was born.
This area has evolved into radiofrequency and microwave ablation applied percutaneously.
Focused ultrasound ablation was also being developed with the first ever successful tissue

lesion in 1942 and dedicated focal system in 1955[85]. Laser ablation became feasible in the
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1970s, first for eye and skin applications but was hindered by a lack of understanding of
laser-tissue interactions, a topic of research since the 1990s [86]. It wasn’t until the early
2000s that laser ablation began to be applied for oncologic applications [87, 88]. The most
commonly used modality of ablation in the clinic today is radiofrequency ablation along with
microwave and cryoablation, depending on the application [89]. With the advent of image
guidance and MRI, using these technologies in a minimally invasive manner, as opposed to
an aid during open surgery, has become more widespread [90]. For many of these therapies,
the size of the target relative to the achievable ablation size is a limiting factor, as covering
the tumor and its margins in their entirety can be challenging with a single applicator.
Additionally, heat sink effects near large blood vessels and fine control of the extent of tissue
damage can have a large influence on treatment success. Spatially-resolved temperature
maps are critical in managing these scenarios, and MR thermometry is increasingly filling
this need [91]. Non-thermal mechanisms such as ethanol injection and elecroporation can
also be used to induce targeted cell death. However, these modalities do not use a thermal
mechanism and are thus not a focus of this dissertation. This dissertation deals primarily
with enabling MR thermometry guidance for ablative treatments, specifically radiofrequency
and focused ultrasound. In light of this, the next two sections will focus on these two forms

of thermal therapy.

2.2.1 Radiofrequency Ablation

Radiofrequency ablation (RFA) is one of the most ubiquitous ablation modalities used
in the clinic due to its accessibility, low cost, and efficacy for a variety of applications [92].
Particularly in the management of liver disease, RFA has been shown to be effective at
treating early stage tumors measuring 3 cm or less in diameter [93]. To perform an ablation,
alternating current with a frequency around 500 kHz is channeled into an applicator inserted
into the body. A grounding pad placed on the other side of the body is used to close the

circuit, creating an electrical field within the body. This field contains enough energy to
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cause frictional heating between molecules. Due to the antenna geometry of the applicator,
the current density is most concentrated near the ablation device, inducing local heating
and tissue coagulative necrosis within a small area around the applicator, depending on
geometry [94]. The most common applicator is a monopolar antenna which generates one
lesion. Multiple electrodes can be placed to increase the volume coverage or shape the
treatment area to avoid tissues of interest and combat heat sink effects from blood vessels.
Further probe development has resulted in expandable electrode arrays, with multiple tines
extending from the tip of the device to increase surface contact with the tissue [92]. Many
systems also incorporate a thermocouple along the shaft of the ablator to provide single-point
temperature feedback.

RFA is a well-established technique for ablation. However integration with MRI is not
without its challenges. The frequency of electromagnetic energy used for RFA is near that
used for MRI, leading to potential image artifacts when RF energy is delivered during imag-
ing. This can be mitigated with generator noise reduction techniques, triggering, and by
limiting the generator output power [95]. RFA devices are commonly made from metallic
materials that are incompatible with MRI. Special MR~compatible electrodes must be pur-
chased that are made from non-magnetic materials such as nitinol, but signal loss can still
occur around the probe due to large susceptibility mismatch between the ablator and tissue.
This signal loss occurs directly in the area of maximal heating and can cause problems with
MR thermomtery monitoring. As discussed in Section 2.1.6, the correction of these artifacts
for thermometry is challenging and an active area of research that this dissertation addresses

(Chapter 4).

2.2.2 Focused Ultrasound

Focused ultrasound (FUS) is a promising non-invasive surgical modality with the ability
to thermally and mechanically affect target tissue while sparing intervening tissues. It has

seen development for many applications including tumor ablation and hyperthermia [96],
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immunotherapy [97, 98], neuromodulation [99, 100], blood brain barrier opening [101], drug
delivery [102], blood vessel clearing [103], and mechanical tissue digestion [104] (Figure 2.5).
Though FUS was first explored for non-invasive surgery as far back as the 1950s [85], it was
hindered by a lack of imaging guidance, which has been overcome with the development
of magnetic resonance imaging (MRI) and its integration with FUS. MRI provides excel-
lent soft tissue contrast and is sensitive to changes in tissue resulting from FUS treatment.
Commercial clinical MR-guided FUS (MRgFUS) systems use MRI for treatment planning,
treatment monitoring via real-time temperature imaging [12], and treatment assessment.

FUS relies on the propagation of sound waves where, analogous to sunlight through a
magnifying glass, the waves are focused to a point. This can be achieved using a spheri-
cally focused transducer that generates sound waves through the vibration of piezoelectrics.
Phased arrays can also be used to control parts of the transducer individually in order to
steer the beam and focus at points away from the geometric focus of the transducer. The
waves generated by the transducer are often at a lower frequency than those used by medical
ultrasound but at much higher energy (up to 10,000 W/cm?)[106]. The acoustic focus of the
ultrasound beam can induce heating and mechanical disruption, with multiple potential bio-
effects as a result. Due to their focal nature, these effects are seen primarily at the focus with
little to no effect in intervening tissues. Similar to the ablation modalities discussed above,
FUS can be used to induce tissue necrosis via heating. However, no insertion of a probe into
the body is required, making FUS a good candidate for non-invasive surgery. The transducer
can be coupled to the skin or inserted into the body orfices for closer access to a target. In
order to be compatible with MRI, FUS transducers are made from non-magnetic materials.
While there may be some susceptibility mismatch of materials, because the transducer is
outside the body this does not cause artifacts at the area of heating.

In spite of its promise, the availability of preclinical MRgFUS systems for research re-
mains limited due to the high cost and often application-specific nature of commercial sys-

tems. Construction of custom MRgFUS systems is labor-intensive, requires trial and error,
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Figure 2.5: Overview of FUS development and application areas. Figure from the Focused
Ultrasound Foundation [105].

and systems must be validated for their application. For example, in the case of thermal
therapy the in vivo response has been shown to be dose dependent [107, 5], particularly in
the case of hyperthermia where avoiding the cell death threshold is key. Therapy requires a
precise thermal dosage, robust, fine control over the sonication, and accurate thermal moni-
toring. Developing and debugging a system with these capabilities takes time and expertise

which could be a roadblock to researchers who aim to develop new MRgFUS techniques and
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applications. Work addressing this barrier is presented in Chapter 5 of this dissertation.

2.2.3 Summary of Modalities

Minimally-invasive ablation can be an effective alternative to traditional surgical re-
section. Treatment can be performed percutaneously under image guidance to target the
diseased tissue while minimizing damage to normal healthy tissue. The field is growing in
both types of ablation and disease targets. Ablation of liver and kidney cancers has been
well explored [108, 109] as well as more recent applications in the spine [110] and brain [2].
MRgFUS has the potential to perform incision-less ablations but more research is needed to
explore the areas of application. The use of these ablation modalities in clinic can reduce
costs and improve patient outcomes, but would benefit from robust imaging guidance and

temperature feedback during treatment.
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Chapter 3

MULTI-ECHO FAT-SUPPRESSED MR THERMOMETRY USING
ITERATIVE SEPARATION OF BASELINE WATER AND FAT IMAGES

3.1 Introduction

Magnetic resonance (MR) temperature mapping enables real-time guidance of minimally-
invasive and non-invasive thermal therapies. As previously discussed, the proton resonant
frequency - shift (PRFS) with temperature is the most widely used mechanism due to its
simplicity and sensitivity. However, the presence of fat in heated voxels can cause erroneous
PRF measures since fat experiences a much smaller PRFS with temperature than water [20].
This is particularly a problem when monitoring therapies such as focused ultrasound ablation
of breast tumors, which are highly embedded in adipose tissue [21]. This chapter describes
a multi-echo water/fat separated temperature mapping method that is robust to motion,
estimates dynamic off-resonance frequency changes from both water and fat signals, and can
estimate temperature from a single echo during heating. It incorporates state-of-the-art,
iterative water /fat separation without requiring computationally-intensive separations to be
computed during heating. The method works by collecting a baseline library of pre-treatment
images over a range of motion states, performing water/fat separation on those images, and
then incorporating the separated baseline water and fat images into a heating image model.
That model is fit to heating images to estimate fat-suppressed, dynamic off-resonance- and
motion-corrected temperature maps, without performing explicit water/fat separation on
the heating images. Simulations were performed to evaluate the method across a range
of temperatures, fat fractions, motion, and off-resonance field shift amplitudes and spatial
orders. Experiments were performed in tissue phantoms with heating to verify temperature
accuracy and in healthy human subjects without heating to verify temperature precision in

the presence of dynamic off-resonance field changes and motion.
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3.2 Theory
3.2.1 Multi-Echo Heating Image Model

The proposed algorithm is based on a multi-echo signal model for images with heating
that combines the hybrid multibaseline and referenceless image model [15] with a water/fat
separated multi-echo image model [111]. The hybrid model has previously been shown to be
robust to tissue motion and spatiotemporally varying off-resonance caused by scanner off-
resonance shift, cardiac motion, and respiration. For a single echo image with heating, the
model comprises a localized heating-induced frequency or phase shift applied to a weighted
combination of pre-heating baseline images, and is given by:

N

y; = ij,lxl] er({Actj+ulT))TE (3.1)

=1

where y; is the complex-valued MR signal in image voxel j, IV; is the number of complex-
valued baseline library images by, the z; are the baseline weights, = /—1, A is a polynomial
basis function matrix multiplied by the coefficient vector ¢, whose product models dynamic
off-resonance frequency changes that are not related to heating, u = yaBy where v is the
gyromagnetic ratio, « = —0.01 ppm/°C, By is the scanner field strength in Tesla, AT} is the
temperature shift in degrees Celsius due to heating, and T'E is the echo time in seconds.
To model multi-echo signals with water and fat components, the above image model is

combined with the following water/fat separated signal model for voxel j at echo time T'E:

M
yj = (Wj+Fj Z amezmeE> 6(2A<.uj—R27j)TE7 (32)
m=1

where W; and F) are the baseline water and fat images at voxel j, M is the number of fat
spectral peaks, the «, are the fat peak relative amplitudes, the w,, are the offsets between
the fat and water peak frequencies, TE is the echo time, Rj ; is the effective transverse

relaxation rate, and Awj is the baseline off-resonance field map. This signal equation applies
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to baseline images acquired prior to heating and is combined with the hybrid model in
Equation 3.1 to obtain a multi-echo water/fat separated image model during heating.
Combining Egs. 3.1 and 3.2, we obtain a water/fat separated multi-echo hybrid ther-

mometry signal model at voxel 7 and echo time T F:

N,
yj = <|:Z Wj,l$l] ewATj +
=1

N;
> Fjm
=1

M
Z amezmeE) e(l(ij+{Ac}j)_R§7j)TE, (33)
m=1

where W;; and F}; are the baseline water and fat images. The field off-resonance map
Aw, the transverse relaxation (R3), and the dynamic polynomial off-resonance frequency
shift Ac apply to both water and fat components, while the PRFS only applies to the water
component (AT}). During heating, this model is fit jointly to a set of multi-echo images using
the algorithm described next. Note that similarly to Ref. [15], this work uses a referenceless
heating image model to account for dynamic changes in off-resonance, but models it as a

frequency shift rather than a phase shift to generalize to multiple echoes.

3.2.2 Model-Based Temperature Reconstruction Algorithm

The model-based water /fat separated temperature reconstruction algorithm is illustrated

in Figure 4.2 and fits the multi-echo signal model of Equation 3.3 as follows.
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Figure 3.1: Model-based water/fat separated thermometry algorithm flow chart. The multi-
echo baseline images are processed to obtain a library of water/fat separated images, which
are subsequently used to estimate temperature during dynamic imaging. In this way, an
accurate fat-suppressed temperature map can be reconstructed for each heating time point,
without repeatedly performing computationally expensive water/fat separation.

First, the multi-echo baseline library images are separated into their water and fat signal
components, generating a library of water and fat images for each motion state. Since the
images are measured prior to heating, water/fat separation can be performed using state-
of-the-art, iterative water/fat separation methods. These separations are robust to field
inhomogeneities and yield off-resonance and R maps [30, 31, 32], but they are applied
only to the baseline images due to their long compute times. Given the separated baseline
water and fat images, Equation 3.3 is jointly fit to the multi-echo images during heating by

minimizing the cost function

Ns Ne 9 N
V(AT c,x) = > 3 |k — (AT e, a; TE)| + A [AT|. (3.4)
j=1k=1 n=1

The first term of Equation 3.4 is proportional to the negative log-likelihood of the data and
measures the errors between the acquired complex-valued data g; at voxel j and echo k,
and the model described by Equation 3.3. Ng and N, are the number of voxels and number

of echoes, respectively. The second term is the ¢; norm of the temperature change map
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AT, and )\ is a regularization parameter that is tuned to control the map’s sparsity. This
sparsity regularization reflects the expectation that for localized therapies such as focused
ultrasound ablation, heating will occur in a minority of image voxels. An iterative algorithm
extended from Ref. [15] is used to minimize this cost function, which alternates between
updating AT, ¢, and x, minimizing one while the other two are held constant. AT and
x are initialized to zero and AT is constrained to be non-negative since temperature is
expected to rise during heating. To avoid local minima in the presence of large off-resonance
changes, the zeroth-order entry in ¢ is initialized with 0 and +7/T Eypeqp radians/second
in the first iteration. The rest of the fit proceeds using the initial value of ¢ that resulted
in the lowest cost. At each iteration, AT and ¢ are updated using gradient descent and x
is updated by solving a quadratic program, subject to a non-negativity constraint and the
requirement that its entries sum to one. Once the algorithm converges, it is repeated with A =
0 and AT is updated only in voxels with significant heat as determined by thresholding, to
eliminate downward temperature bias due to the ¢; regularization. Note that unlike previous
water/fat separated thermometry methods, the off-resonance frequency shift coefficients ¢
are determined from both the fat and water signals. In this way, the fat signal serves as
a heating-insensitive off-resonance frequency shift reference same as previous methods but
does not require extrapolation of the shifts to water-only voxels. The baseline weights @ are
also determined from both signals. Note that no explicit water/fat separation of the heating

images is used in this temperature reconstruction.

3.3 Methods

The model-based algorithm was evaluated in simulations, a porcine focused ultrasound
heating experiment, and in vivo breast and liver imaging experiments in free-breathing volun-
teers without heating. All reconstructions and analyses were performed in MATLAB (Math-
works Inc., Natick, Massachusetts, USA) on a 3.4 GHz 8 core desktop computer running

Ubuntu 16.04 with 32 GB RAM. Baseline multi-echo images were separated into their water
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and fat components using the Mixed-Magnitude method [111] initialized with the Graph Cut
method [30] from the ISMRM Fat-Water Toolbox [32]. The first echo image of acquired data
was discarded for the water/fat separation to avoid a known first echo signal instability on
our scanner that results in inaccurate water/fat separations. The data was normalized by
the median value of the heating images and the number of echoes prior to temperature map
reconstruction. The model-based method was compared to the fat-referenced method de-
scribed by Hofstetter et al. [44]. Using the same water/fat separated baselines as the model-
based method, the fat-referenced method accounted for off-resonance using a least squares
fit of the same order as the model-based method, weighted by the fat image at each time
point and extrapolated across all voxels. All model-based temperature maps were computed
with a significant heat threshold of 0.5 °C, sparsity regularization parameter of A\ = 1074,
and 5 iterations for each update of the temperature change (AT) and off-resonance shift
coefficients (¢). The algorithm stopped when the relative change in the cost function was less
than 10~4 between consecutive iterations with a maximum limit of 10 iterations. Algorithm

code is available at https://github.com/poormanme/waterFatSeparated_ MRThermometry

3.3.1 Simulations

Simulations were performed to evaluate reconstructed temperature accuracy versus peak
temperature, off-resonance field shift amplitude and spatial order, fat fraction, motion, and
the number of heating echoes used for reconstruction. A numerical phantom was defined at
1.5 Tesla according to the six spectral peak fat model [112] and Equation 3.2 on a 128x128
voxel grid with a Gaussian hotspot with o2 = 10 voxels. Multi-echo images were generated
at five echo times (TE = [12.7, 13.8, 15, 16.2, 17.3] ms) with an additional zeroth-order off-
resonance field shift of 5 Hz in the heating images (Figure 3.2A). Complex-valued Gaussian
noise was added to one copy of the dataset to obtain an SNR of 40.

In the first simulation, the hotspot was applied over a range of peak temperature changes

(0 to 40 A°C, step size of 4°C) in the center of the phantom, placed completely within the
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mixed voxels (50% fat fraction). Root-mean-square error (RMSE) and maximum tempera-
ture errors were evaluated for both thermometry methods with and without noise. In the
second simulation, the zeroth-order off-resonance field shift was varied between 0 and 100 Hz
in steps of 10 Hz with the peak temperature change held fixed at 20°C. Then, the polynomial
order was increased from zeroth to sixth while maintaining a spatial mean amplitude of 5
Hz. In the third simulation, the phantom’s fat fraction was varied between 0 and 100% in
steps of 10%, and the peak temperature change was held fixed at A 20°C. In the fourth
simulation, the 50% fat fraction phantom was translated in one dimension to simulate bulk
phantom motion, producing a baseline library of images at 65 different locations (Figure
3.5A). That baseline library was then uniformly decimated by factors of two, three, and four
to generate four libraries with different motion resolutions. Two heating image sets were
generated at every location by applying a peak temperature change of 20°C either fixed in
place or tracked with the motion to each image. In the fifth simulation, one, three, and five
echoes were used for model-based reconstruction, with a peak temperature change of 0 and
40°C. The one-echo reconstruction used a TE of 17.3 ms, and the three-echo reconstruction

used TEs of 15, 16.2, and 17.3 ms.

3.3.2 FEx vivo porcine sonication

An ex vivo porcine muscle sample and bacon slab with fat layers was placed in a dedicated
breast MR-guided high intensity focused ultrasound (MRgFUS) system [21] (Philips Health-
care, Vantaa, Finland). The system’s breast cup was filled with doped water (manganese
(IT) chloride tetrahydrate 160 mg/L) for acoustic coupling (Figure 3.7A) and a fiber optic
thermal probe (Luxtron m3300, LumaSense, Santa Clara, California, USA) was sandwiched
between the muscle and bacon fat layer 4 cm from either edge of the phantom for concurrent
monitoring. The probe tip was localized with test sonications and T}-weighted images (1.5
Tesla Philips Achieva, Best, Netherlands) prior to heating at the probe tip using a 4.5x4.5x6

mm? focal cell sonication at the sample’s water/fat interface. The temperature imaging slice
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was positioned coronally at the water/fat interface to yield images with a mixture of water
and fat (Figure 3.7A). Five multi-echo image sets were acquired prior to sonication (TR =
25 ms, TE = 1.3 to 10.6 ms, 6 echoes, voxel size = 2.15x2.15x4 mm?, 2 averages, BW =
70kHz) and averaged to form a single, high SNR, baseline image that was used for both
the fat-referenced and model-based methods. Averaging improved temperature SNR of both
methods by reducing baseline phase noise. The focus was heated from room temperature
(26°C) at 30 acoustic Watts for 60 seconds and allowed to cool while imaging with the same
sequence (6.4 seconds per time point). The baseline images were separated into their water
and fat components, and temperature maps were computed with a first-order off-resonance
shift. The focal temperature for each temperature reconstruction was compared to the fiber
optic probe reading to assess accuracy. The model-based reconstructions were repeated with
one to five echoes, where in each case the last NV echoes was used for reconstruction, i.e., the

N = 5-echo case used echoes 2 to 6 while the N = 3-echo case used echoes 4 to 6.

3.3.3 In vivo breast

Informed consent was obtained from a healthy female volunteer in accordance with the
ethics committee of the University Medical Center Utrecht. The volunteer was scanned on
the breast MRgFUS system with no applied heating during free-breathing (Figures 3.9A and
3.10A). Multi-echo images were acquired at two slice orientations for 5 minutes (TR = 25 ms,
TE = 1.2 to 10.6 ms, 6 echoes, voxel size = 2.15x2.15x6 mm?, BW = 70kHz). The first five
time points were discarded due to irregular breathing, the next five time points were averaged
to form a high-SNR baseline image, and water/fat separation was applied to the baseline.
Temperature maps were reconstructed from the remaining time points using second- and
first-order fits for off-resonance in the sagittal and coronal orientations, respectively. To
evaluate temperature precision in the absence of heating, the model-based algorithm was
modified to first solve for the off-resonance shift while the temperature estimate was fixed

at zero, then hold the polynomial fit fixed while the algorithm solved for a temperature map
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with no sparsity regularization (A = 0) and no non-negativity constraint. In this way, the
final temperature map contained all residual errors after fitting the polynomial and baseline

images to the data.

3.3.4 In vivo Liver

Informed consent was obtained from a healthy female volunteer in accordance with the
Vanderbilt University Institutional Review Board policies. To experimentally characterize
the method’s robustness to motion, a 16 channel torso coil was used to image the subject’s
liver at 3 Tesla (Philips Achieva, Philips Healthcare, Best, Netherlands) for 3.4 minutes in
three orientations during free breathing (TR = 25 ms, TE = 0.9 to 11.7 ms, 10 echoes,
3x3x4 mm? voxel size, bandwidth = 176 kHz). The first five time points were discarded
to avoid irregular breathing, the subsequent 10 images formed the baseline library, and
water /fat separation was applied to each baseline. The model-based algorithm was modified
to evaluate precision in the absence of heating as described above. Temperature maps
were reconstructed from the remaining images with a sixth order polynomial off-resonance
frequency shift. For the fat-referenced method, the third baseline was used as the baseline

reference, which captured the liver at the middle of the respiratory cycle.

3.4 Results
3.4.1 Simulations

Figure 3.2b displays representative temperature maps reconstructed by the fat-referenced
and model-based methods. Figure 3.2c plots RMSE and maximum temperature errors versus
peak temperature for both SNR = oo and SNR = 40. The fat-referenced reconstruction
maintained an average RMSE of 0.12 °C for SNR = oo and 0.13°C for SNR = 40, and
error increased with peak heat. The model-based reconstruction errors are flat across peak

temperature, with an average RMSE of 0.002°C for SNR = oo and 0.08°C for SNR = 40.
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The baseline water/fat separation took 24 s or 37 s to compute and the model-based fitting
took 1.1 s and 1.4 s per heating timepoint, respectively, for SNR = co and SNR = 40. In the
0°C peak heat case, the model-based method’s sparsity regularization suppressed the noise,

resulting in RMS errors of 0°C.
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Figure 3.2: Simulated temperature error versus peak temperature rise. A) Magnitude images
of the simulated water-fat phantom, which were generated at multiple echo times and peak
heating levels. B) Representative temperature maps (zoomed to hotspot) reconstructed with
each algorithm, at 20 A°C peak heat. C) RMS and maximum error in the reconstructed
hotspot for each algorithm with SNR = oo and SNR = 40.

32



Figure 3.3A displays temperature maps reconstructed by each method with zeroth-order,
50 Hz off-resonance and third-order, 5 Hz (spatial-average) off-resonance. The fat-referenced
maps have errors up to -20°C in voxels with no fat, while the model-based method is accurate
regardless of fat distribution. Figure 3.3B shows whole image RMS error for both methods
at varied off-resonance shifts and orders. The fat-referenced method’s error increased with
both amplitude and order, with an average RMSE of 10.9°C over the range of off-resonance
shifts tested and both noise levels. The spikes in fat-referenced error occur when the heating
and residual shift phase combine to cause phase wrapping. Across off-resonance orders, the
fat-referenced method had an average RMSE of 6.0°C for the SNR = oo case and 1.2°C for
the SNR = 40 case. The model-based maps were unaffected by changes in off-resonance
shift strength and order, maintaining an average RMSE of 0.03°C in all cases. Since the fat-
referenced method relies solely on fat voxels to estimate a shift, it is unable to extrapolate
account for inhomoneous shifts that occur outside the fatty regions and extrapolate them to
the water-based voxels. This extrapolation error in the fat-referenced method is compounded
by the increasingly erroneous water/fat separation with heating that causes an erroneous off-
resonance estimation in the fat-containing voxels, even when the baseline By and R5 maps
are held constant. The model-based method is able to avoid these errors by using the baseline

water and fat images and directly estimating off-resonance from both water and fat.
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Figure 3.3: Simulated temperature error over a range of off-resonance shift amplitudes and
orders. A) Temperature maps reconstructed with a zeroth-order, 50 Hz shift (top) and
third-order, 5 Hz shift (bottom). B) (left) Image RMS error vs zeroth-order off-resonance
shift strength. (right) Image RMS error at different orders of off-resonance with an average
strength of 5 Hz. The fat-referenced error increases with increasing shift strength and order

while the model-based error remains flat.

Figure 3.4 plots RMS temperature error in the hotspot as a function of fat fraction for

the fat-referenced and model-based methods. For fat contents between 10% and 90%, the

fat-referenced maps have an average RMSE of 1.16°C and 0.74°C for the SNR = oo and SNR

= 40 cases respectively. The method fails at 0% fat with RMS errors of 19.01 °C (SNR =

o0) and 5.80 °(SNR = 40). The model-based maps accurately reconstruct the hotspot with
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up to 90% fat with an average RMSE of 0.001°C and 0.12°C for SNR = oo and SNR = 40,
respectively. Both methods fail in 100% fat with RMS errors greater than 8°C since adipose

tissue does not exhibit a PRF shift.
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Figure 3.4: Simulated reconstructed temperature error versus fat fraction, for 20°C peak
heat.

Figure 3.5B plots whole image temperature errors across phantom locations for each
baseline library/image position decimation ratio. When there was a baseline image to match
every position, the error was consistently 0.03°C, regardless of motion state. This indicates
that the algorithm successfully identified the correct baseline in each case. When the library
was uniformly decimated, the error increased up to 0.04°C for the positions that did not
have a directly matching baseline. Figure 3.5C shows temperature error maps at the highest
decimation factor, at a position where the error was lowest and at a position where the error
was highest. In the minimum error image, discrepancies appeared at the edges of the hotspot
due to the significant heat threshold applied. In the maximum error image, the phantom
was located midway between two baseline locations and interpolation errors occurred at the

interface of the pure water and mixed regions. The maximum error remained less than 0.52
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Figure 3.5: Motion simulation results. A) Magnitude images of the simulated phantom,
translated across the field of view. B) Whole-image temperature error for each baseline
position to heating image position ratio. C) Temperature maps with a 1:4 baseline:heating
image ratio at positions where the error is lowest and highest.

Figure 3.6A shows temperature maps reconstructed using 1, 3, and 5 echoes, zoomed to
the hotspot. For SNR = oo, the algorithm achieved an average hotspot RMSE of 0.002°C,
0.001°C, and 0.002°C for the 1, 3, and all-5-echo cases, computed in 0.26 s, 0.59 s, and 1.10
s per temperature map, respectively. For SNR = 40, the average hotspot RMSE was 0.14
°C, 0.11 °C, and 0.08 °C for the 1, 3, and all-5-echo cases, computed in 0.42 s, 0.86 s, and
1.40 s per temperature map, respectively. Errors were unaffected by the peak temperature
but increased as the number of echoes decreased in the noisy case due to reduced signal

averaging across echoes.
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Figure 3.6: Simulated temperature error with a small number of echoes. A) Temperature
maps (zoomed to hotspot) reconstructed with the model-based method using different num-
bers of echoes, at 20°C peak heat. B) RMS and maximum error in the hotspot for each

case.

3.4.2 FEx vivo porcine sonication

Figure 3.7B shows the fat fraction map computed from baseline images at the slice plane
indicated, which had a two minute computation time. The ROI containing the fiber optic
probe tip was used to compute the mean hotspot temperature and is indicated by the blue
circle (mean fat fraction of 25%). The red and green circles represent ROIs used to examine
temperature at points containing more and less fat than the acoustic focus, 61% and 9%

respectively. Figure 3.7C shows temperature maps reconstructed from the fat-referenced
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and model-based methods immediately after sonication, and the fat-referenced map has
lower heat. Temperature curves at each of the ROIs are plotted in Figure 3.7D along with
the fiber optic probe measurements. During heating, the fiber optic probe temperature
(black line) was influenced by mechanical perturbation and heating of the probe itself. The
mean focal temperature reconstructed with the model-based method is accurate with respect
to the fiber optic probe during the cooling period with an average RMSE of 0.66°C and had
an absolute error of 0.33 °C at peak heat. The fat-referenced method produced an average
RMSE of 0.96°C during cooling and an absolute error of 2.21°C at peak heat. Further
differences between the two methods can be seen in the ROIs containing 61% fat (red) and
9% fat (green). The model-based algorithm reconstruction took 0.47 s to compute each

temperature map.
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Figure 3.7: Ex vivo pork sonication with simultaneous fiber optic temperature monitor-
ing. A) Survey image showing experimental setup. B) Computed fraction map with circles
indicating ROIs used for temperature analysis. C) Reconstructed temperature maps im-
mediately after sonication (red arrows in (D)). Voxels with temperature values equal to 0
were set to transparent. D) Temperature plots for each method at the locations indicated
by the corresponding ROIs in (B). Fiber optic probe readings during sonication (0.5 to 1.75
minutes) can be disregarded due to perturbation by the focused ultrasound beam.
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Figure 3.8: Ex vivo pork sonication temperature maps reconstructed with a smaller number
of echoes. A) Temperature maps acquired immediately after sonication (red arrow) recon-
structed using the model-based method using 1 to all 6 echoes. Voxels with temperature
values equal to 0 were set to transparent. B) RMSE between the 6-echo and reduced-echo
maps.

Figure 3.8A shows temperature maps reconstructed with one to all six echoes immedi-
ately after sonication. Reducing the number of echoes qualitatively increased noise in the
temperature maps due to reduced averaging, but did not change the shape or amplitude of
the hotspot. The through-time error plot in Figure 3.8B further supports this interpretation,
since the error increased as the number of echoes decreased but did not strongly correlate
to peak temperature. Computation time per temperature map decreased as the number of
echoes decreased, with the one, three, and all-six-echo maps requiring 0.10 s, 0.20 s, and

0.47 s respectively.
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3.4.3 In vivo breast

Figure 3.9A shows the fat fraction map computed from the multi-echo images taken
at the slice plane indicated, which required 60 seconds of computation per slice direction.
Through-time average temperature and temperature standard deviation maps of both the
fat-referenced and model-based reconstructions are shown in Figure 3.9B. Voxels containing
less than 90% fat exhibited an average temperature of -1.8°C in the fat-referenced maps,
and -0.12°C in the model-based maps. The mean fat-referenced temperature map contains a
large temperature gradient (white arrow) due to inhomogeneous off-resonance shifts cause by
lung motion. This gradient is corrected by the referenceless component of the model-based
method. Voxels containing greater than 90% fat have temperature errors greater than +10°C
in both methods due to the much smaller PRF shift of fat than that of water. Through-time
standard deviations were less than 1°C for both temperature reconstructions, demonstrating
precision and stability over the entire time course. The coronal fat-referenced and model-
based maps (Figure 3.10) had average temperatures of -1.0°C and 0.07°C respectively, with
less than 1°C standard deviation over time. Individual temperature maps for each slice ori-
entation and time point are shown in Figure 3.11, and do not contain appreciable oscillations

over time due to respiration or cardiac motion.
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Figure 3.9: In vivo sagittal human breast temperature mapping without heating. A) (top)
Survey image and (bottom) fat fraction map of a sagittal slice through breast. B) Through-
time mean temperature and standard deviation maps reconstructed with the fat-referenced
and model-based methods. The white arrow indicates an area of error due to inhomogenous
off-resonance that is corrected by the model-based method. Voxels outside of the breast were

set, to transparent.
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Figure 3.10: In vivo coronal human breast temperature mapping without heating. A) (top)
Survey image and (bottom) fat fraction map of a coronal slice through breast. B) Through-
time mean temperature and standard deviation maps reconstructed with the fat-referenced

and model-based methods.

41



Temperature Errors

>
~
0
o S
<
o
<
0
~

gl
Q
- S
©
F= g
o L
E 2
n ]
3
©
w
gl
— 3
© ©
g - o e nnnnnnnns Qo A ° C
o FI) 10
o
o o)
s 5
B) 0
gl
8
© c 5
£ 5
=) “— -10
© 9]
0 o
o
w
gl
_ Q
© ©
I <
|- —
S S
o o)
=

0 20 40 60 80 100%

Figure 3.11: Through-time temperature error comparison in the breast at both orientations.
A) Survey images showing slice orientations. B) Fat fraction maps at both slice orientations.
C) Temperature maps at subsequent time points in the sagittal (top) and coronal (bottom)
orientations. There is no appreciable oscillation in temperature due to respiration or cardiac
cycle for either method.

3.4.4 In vivo Liver

Figure 3.12 shows temperature maps of the unheated liver during free breathing computed
with the fat-referenced and model-based methods. The fat-referenced reconstruction did not
compensate for motion, and had errors greater than +10°C dependent on how closely the
time point’s motion state matched the single baseline. In comparison, the model-based
maps had an average temperature error of 0.27°C throughout the time course. The same

trend holds true regardless of the slice orientation, where the model-based maps have low
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temperature error regardless of in-plane or through-plane motion.
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Figure 3.12: Comparison of temperature errors in multple slice orientations in the liver of a
free-breathing volunteer. The fat-referenced method is unable to account for motion in any
orientation, with temperature errors greater than 10°C. In all cases,model-based temperature
maps have low error throughout the liver, with larger errors near intestinal walls due to
unpredictable motion.
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3.5 Discussion
3.5.1 Summary of results

We described and validated a new signal model and temperature reconstruction for PRF-
shift hybrid multibaseline referenceless MR thermometry in aqueous and mixed water/fat
tissues. The signal model combines state-of-the-art, iterative water/fat separation with a
motion- and off-resonance shift-robust penalized-likelihood temperature reconstruction to
achieve accurate and precise water/fat-separated thermometry with short compute times.
The algorithm achieved lower temperature error in mixed fatty tissues compared to con-
ventional methods, particularly in cases where dynamic off-resonance shifts were large or
rapidly varying across the image. The algorithm’s multibaseline functionality was able to
account for cyclical respiratory motion using a library of baseline water and fat images. The
algorithm performed accurately up to 90% fat, even in tissue where no fat was present. Its
ability to incorporate water voxels in both the heating and off-resonance shift fitting makes
the approach widely useful compared to the fat-referenced algorithm, which estimates off-
resonance shifts from fat only and must extrapolate shits to voxels without fat. Simulations
on a numerical water/fat phantom showed low temperature errors across temperature levels
and fat fractions, and demonstrated robustness to large or high order off-resonance shifts
and motion, scenarios where the fat-referenced method fails. This accuracy was confirmed in
a porcine MRgFUS ablation experiment where the model-based method computed tempera-
ture maps in 0.47 s per time point with an RMS error of 0.66°C. The algorithm was precise in
vivo in a free-breathing volunteer and capable of correcting non-uniform off-resonance shifts
due to the presence of lung motion. Motion-compensation was confirmed in a free-breathing
liver, achieving negligible error where the fat-referenced method contained errors of 10°C or
more. These results are consisted with Ref. [15], which demonstrated liver errors smaller

than 1°C with the hybrid referenceless multibaseline method.
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3.5.2 Fat-suppressed thermometry with few echoes

Multiple gradient echo images are required to obtain accurate water/fat separations of
baseline images, but subsequent heating images theoretically only require a single echo to fit
the model and estimate temperature while maintaining fat suppression. In practice, the noise
of the resulting temperature map increased as the number of echoes used decreases, but re-
sults from the simulations and MRgFUS heating experiment showed that accuracy remained
comparable to that of the full echo case. Reducing the number of echoes acquired during
heating presents an opportunity to use the freed-up sequence time for various applications.
One possibility is to add gradient pulses between the excitation and echo time to enable
acoustic radiation force measurements [113] simultaneously with fat-suppressed thermome-
try. Sequence time could also be used for scan acceleration using PRESTO echo shifting
[114, 115] or echo planar readouts [116]. Using less echoes also reduces the computation
time required for the algorithm to generate temperature maps, making this implementation

compatible with accelerated imaging methods.

3.5.3 Limitations and Future Work

One recognized limitation of the method is the potential for changes in fat susceptibility
with heating [53] to introduce localized off-resonance that may not be accurately modeled
by a low order polynomial. This is a problem common to most PRF thermometry methods,
and the magnitude of the effect depends on the heating geometry and intensity, and slice ori-
entation. Depending on the application and orientation the apparent temperature error due
to susceptibility could be negligible, such as during feedback controlled hyperthermia. For
ablative applications where the expected temperature rise is greater than 20°C, the expected
error due to susceptibility could be a confound depending on target size, however in these
applications the main goal is tissue necrosis rather than sustaining an exact temperature

rise.
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In the original hybrid method (Ref. [15]) the ¢; norm was the only feature that prevented
the phase shift due to heating from being misinterpreted as a change in off-resonance due to
scanner drift or respiration. When the area of heating was no longer sparse with respect to
the image size, such as during near-field heating and hyperthermic therapies, the ¢1 sparsity
regularization could no longer separate these two effects, leading to erroneous temperature
maps and a sensitivity to the choice of sparsity regularization parameter \. In the model-
based method discussed here, the fat serves as an additional reference and aids the sparsity
regularization in separating the frequency shift due to heating from that of off-resonance,
even when the hotspot becomes large with respect to image size (Figure 3.13). The model-
based method is insensitive to the choice of \ as long as A < 1072, a value that is achievable
for a variety of imaged geometries with proper normalization of the data, as shown in this
work. Below this threshold tuning of A would likely not be required in a live treatment

scenario but could be performed prior to treatment in simulation, as suggested in Ref. [15].
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Figure 3.13: Sensitivity to sparsity regularization and hotspot size simulation. A) Range of
hotspot sizes explored (black Gaussian) referenced to size of the phantom (blue dotted line).
B) Hotspot RMS and maximum error for each hotspot size over a range of regularization
values (A). The algorithm is insensitive to values of A < 1073 and hotspot size, until o >26.
C) RMSE versus A for the smallest hotspot shows an optimal choice of to be 1074 < A < 1073,

Since the algorithm relies on an underlying water PRF-shift, voxels containing greater
than 90% fat will contain erroneous temperature information. For most therapeutic cancer
applications, the tumor has a strong water signal and the algorithm would perform ade-

quately even when the tumor is mixed with surrounding fatty tissues. Erroneous voxels
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are straightforward to mask out with the computed fat fraction maps, but doing so would
prevent near-field monitoring of intervening fat tissues. The few-echo embodiment of the
algorithm could allow for added pulses and readouts for fat temperature-sensitive contrast
mechanisms [48].

Finally, the algorithm does not account for changes in R5 with temperature. Addition
of this effect could enable joint PRF-R5 temperature mapping, given a characterization of

R%’s dependence on temperature for a specific tissue, and is a topic for future work.

3.6 Conclusions

We demonstrated a model-based multi-echo fat-suppressed approach for PRF-shift tem-
perature mapping in fatty tissues. The algorithm leverages hybrid multibaseline referenceless
thermometry approaches and state-of-the-art, iterative water/fat separation techniques in a
penalized likelihood optimization scheme to account for the fat signal in mixed tissues. The
method was proven accurate and precise with online-compatible compute times, irrespective
of fat content up to 90% fat, tissue motion, large and spatially-varying off-resonance shift,
or number of echoes. It was validated in simulations, phantom heating experiments, and
in vivo breast and liver experiments and could be critically useful in monitoring ablative

therapies in fatty tissues such as breast or liver.

3.7 Availability of data and materials

The code needed to implement the thermometry algorithm outlined in this article is avail-
able in the waterFatSeparatedMRThermometry repository, https://github.com/poormanme/

waterFatSeparated_MRThermometry.
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Chapter 4

ORIENTATION-INDEPENDENT Z-SHIMMED TEMPERATURE
MAPPING NEAR ABLATION PROBES

4.1 Introduction

One area where minimally invasive thermal therapies have shown promise is in hip-
pocampal ablation for the treatment of localized epilepsy. Despite the high numbers of drug
refractory epilepsy cases, surgical approaches are underutilized 90% of the time in the United
States [2] in part due to physician hesitance to operate on delicate brain structures given the
associated risks [117]. Minimally-invasive thermal ablation is a viable alternative to tradi-
tional resection approaches. However, current percutaneous ablative therapies for epilepsy,
such as laser ablation, require a surgical craniotomy and the probe must pass through a
significant stretch of viable and delicate brain tissue to reach the target region [2]. Recently,
an alternative approach was proposed by collaborators using robotic steering and helical
metallic needles to access the hippocampus through the foramen ovale [74]. This 4 mm by 2
mm window in the base of the skull provides therapeutic access to the brain without need-
ing to open the skull. Magnetic resonance guidance can be employed in these procedures
to obtain real-time, spatially-resolved temperature maps of the target region [1] using the
proton resonant frequency - shift (PRFS) [10, 12]. However, due to magnetic susceptibil-
ity mismatching between the RF ablation probes used by the robot and brain tissue, large
MR signal loss can occur in the near-probe region [60]. This signal loss obscures the target
anatomy and makes temperature measurements imprecise or impossible. There is a need
for a real-time thermometry method that recovers the signal loss and temperature precision
near the probe.

Previously, we developed a dual-echo Z-shimmed sequence that recovered signal near the

probe for more precise temperature mapping [80]. However, this method required extensive
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manual tuning of the Z-shim for each probe and slice orientation, which is infeasible for real-
time implementation. To overcome this limitation, this chapter develops a multiple-echo
Z-shim sequence and automated calibration method to optimize the sequence in simulation.
Multiple echoes allows multiple Z-shim strengths to be applied at once to fill in the signal loss
across all probe and slice orientations. A simulated automatic calibration tool was developed
to optimize the multi-echo Z-shim for any probe or slice orientation, allowing the sequence to
be optimized prior to acquisition of images at the scanner, where time is more critical. The
optimized multiple echo Z-shimmed sequence robustly recovers MR temperature precision
near an RF ablation probe without the need for manual tuning of refocusing gradients for

different probe angles and slice orientations.

4.2 Methods

4.2.1 Pulse Sequence

Figure 4.1 shows the proposed multiple echo Z-shimmed sequence. Each echo is shimmed
individually by p% of the full refocusing gradient area in the slice (Z) direction. This partial
refocusing of each echo image compensates through-slice phase accrual caused by off reso-
nance and yields signal only in specific bands of the image, depending on the off-resonance
experienced by that area. Estimating temperature from all echoes provides high precision
in all parts of the image. Because the near-probe off-resonance changes depending on probe
orientation and imaging parameters, the refocusing gradients applied must be optimized to
fully recover all lost signal. For this application, gradient areas were allows to vary between

0% and 200% of the full refocusing gradient area.

4.2.2 Susceptibility Simulator

While previous dual-echo work relied on scanner-side tuning of gradient strengths, this is

not feasible for the multiple echo approach due to the larger number of echoes. To this end
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Echo, Echo, Echoy; Echoy

Figure 4.1: Each echo was shimmed separately in the slice dimension by a percentage, p%,
of the full refocusing gradient area.

an MR image simulator was designed to take a given probe geometry and material, compute
the off-resonance caused by that probe in an aqueous volume, and generate images from the
volume given a scan geometry. Z-shimming can be applied to these images in simulation and
used to evaluate the temperature SNR (tSNR) recovered by a particular Z-shim gradient
refocusing sceheme. To generate the off-resonance maps, a fast Fourier transform method
was used to compute the local magnetic field changes caused by the magnetic susceptibility
of the probe [118, 119, 120]. These methods rely on first-order approximations of Maxwell’s
electromagnetic equations that allow for fast computation of susceptibility-induced dipole
fields based entirely on a known distribution of material susceptibilities within a volume.
This method has shown acceptable accuracy within a volume for in vivo applications [121].
The susceptibility mismatch of the probe and tissue causes two effects on the local magnetic
field, a direct effect from a given molecule in the object and the summation of effects from
molecules elsewhere in the object. The molecule being examined is assumed to lie within a
sphere of Lorentz [122], allowing the magnetic field experienced by a nucleus to be defined

as:
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Brue(7) ~ Ho (1 _ ;X(ﬁ)) i (4.1)

where By, is the magnetic field experienced by a nucleus, Hy is uniform main magnetic field,

X is the magnetic susceptibility at position 7, and hg, . is the perturbing magnetic field in
the z direction. Using magnetostatic equations as outlined in Ref. [118], the perturbation

field can be computed with a Fourier transform by:

1 k2

hir (k)= —Ho[=—— "2
in,=(k) 0(3 K2+ k2 + k2

) FTy(K)] (42)

where k is the three dimensional Fourier coordinate. Combining these two equations yields
Equation 4.3, which allows the off-resonance volume wy,. at position 7 to be computed based
on fast Fourier transforms of the susceptibility distribution, scaled by the gyromagnetic ratio,
v, and the field strength By.

1 k2

omel?) = BT |3~ gz ) PO (43

To this 3D volume of off-resonance, a slice-selective RF gradient is added such that the
frequency ramp applied is AF =~yGAz, where G is the full refocusing gradient strength and
Az is the slice thickness. A sinc RF pulse is simulated and applied to excite frequencies
within the appropriate band. As on the scanner, the expected rectangular slice selection
profile will be distorted in areas near the probe due to the underlying off-resonance. The
phase accrual (®pq) at the nth echo time due to the magnetic susceptibility of the probe
is calculated such that @nuc,n(7>) = TEnwnuc(?). After slice selection, Z-shimming can be

applied to each echo n such that the phase accrual is q)zshimm(?) =~L ”1_0%]00 Gz(?) where

Pp is the Z-shim percentage for echo n and p,, = 100 is a fully refocused image. G is the fully
refocused gradient area in %, and z(?) is the slice thickness. The effective phase due to
off-resonance and Z-shimming can be described as A®,(7) = @puen(7) = P ghimn (7). The

computed phase is integrated over the volume and downsampled to the imaging resolution
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by convolving with a rect function. This convolution integrates the phases within each voxel
to account for intravoxel dephasing. The resulting off-resoance map is converted to tSNR

for each voxel position 7 according to Equation 4.4.

tSNR,(7) = TE,e n/T2

/ e‘mq)"(?)dV’. (4.4)

This equation reflects the knowledge that in areas of no off-resonance, tSNR is maximized
when the echo time TE ~ Ty [22], and thus excludes terms independent of TE. When off-
resonance is present, the volume integral will decay with TE, suggesting that the largest
Z-shimming gradients should be applied at the shorter echo times to acquire areas of highest

off-resonance.

4.2.3 Sequence Optimization

The sequence was optimized using an exhaustive search method outlined in Figure 4.2.
This method relied on the simulator to test the recovery of all possible refocusing schemes
and select the scheme that maximized the number of voxels with recovered tSNR near the
probe.

Six feasible echo times were selected (TE = 1.5, 3.5, 5.5, 7.5, 9.5, 11.5 ms) that could be
implemented on the scanner with read-out bandwidth of 1085 Hz and 1.5 X 1.5 mm voxels.
A 1 mm diameter cylindrical nitinol probe (y = 245 x 10~%ppm) was simulated within a 120
x 120 x 120 mm aqueous volume (Y = —9 x 10~ %ppm) [123]. The probe was positioned with
the tip at the center of the volume and off-resonance maps were generated on a 0.25 x 0.25
x 0.25 grid with the probe orientated 0°,45°, and 90° with respect to Bg. A slice-selective
RF pulse with 4 mm thick excitation profile was applied to the volume either parallel or
perpendicular to the probe to generate images which requires a gradient area of 25.6 %

to obtain a conventional, fully refocused image (100% refocused). The probe and slice

orientations simulated can be seen in Figure 4.3.

53



B, Maps
(probe 0°, 45°, & 90°
Slice || & 1)

A4 ‘
Compute Signal Maps

Refocusing Scheme
(P2, Py - Prs)

—TE,
tSNR, « TE,e' /Tz*)

f e —iAd)n(‘F)dV

Probe 0° Probe 0° Probe 90°
1 Slice| { Slice L 1 Slice L
N N N
tSNR tSNR tSNR
TE=1 TE=1 TE=1
Near- Near- Near-
probe ROI probe ROI probe ROI
- #voxels > -] #voxels> [7 - #voxels> [
threshold threshold threshold
i + (x)
# voxels in # voxels in # voxels in
ROI ROI ROI

e

Figure 4.2: Simulation scheme for finding the refocusing gradient scheme that recovered the
most near-probe signal across all orientations. Simulated By maps were used to characterize
the through-slice gradient amplitude at each point around the probe. An exhaustive search
was performed to obtain the optimal refocusing scheme.

For each orientation, the simulator was used to first generate single echo images without
any Z-shimming (1.5 x 1.5 x 4 mm voxels, TE = 11.5 ms). The full width half max of
the signal loss of each orientation was used to create an orientation-specific near-probe ROI
that was used to evaluate signal recovery. Next, all possible refocusing schemes of 6 echoes
with a fully-refocused last echo were generated. The simulated refocusing gradient areas
were restricted to have values of p, = 0 to 200% of the full refocusing area (0 to 51.2
%) This range is based on prior knowledge [124] that the absolute off-resonance expected
from the probe will not exceed 1000 Hz (phase between -m and 7 radians) and thus can

be compensated by these gradient areas. Since tSNR in areas of high off-resonance will be

maximized at shorter echo times, schemes that did not descend in shim gradient strength

o4



90°

45° Phantom Slice |
cas”
Slice ||
0° v Probe £
. w.r.t. field
. Bo
Probe = —]

Figure 4.3: Schematic of probe and slice orientations considered in the optimization. Field
distortions near the probe cause through-slice and in-plane gradients that are orientation-
dependent.

were eliminated. Each Z-shim refocusing scheme was applied in turn for each probe angle
and slice orientation, and the simulator generated a tSNR map based on the off-resonance
map and applied Z-shimming. The root sum squared (RSS) tSNR value was computed
across all echoes and the fraction of voxels with RSS tSNR greater than a threshold within
each orientation’s ROI was recorded as a score. The threshold was set to one third of the
maximum tSNR value, which occurs at the last echo according to threshold = %TE(;@TEG/ Ty
The scheme receiving the highest score per probe and slice orientation was recorded in a look-
up table (LUT) to yield schemes optimized to a given scenario. The scores were then summed
across all orientations and the scheme yielding the highest score was selected as a master,
or best average, refocusing scheme that could be applied regardless of probe angle and slice
orientation. The gradient strengths applied on the scanner, p, were computed according to

Equation 4.5, which accounts for phase accrual over the sequence time.

DPn = (4'5)
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4.2.4 Temperature Estimation

Temperature was estimated from acquired images using the multi-echo hybrid reference-
less multibaseline method [15], modified to estimate temperature from all echoes jointly. In
this method, images during heating are modeled as:

y; = x;e 2 (LA +HTE | (4.6)

where y; is the complex-valued heating image signal and x; is the complex-valued baseline
image at voxel j. The polynomial basis function matrix A is multiplied by the coefficient
vector ¢ to model dynamic off-resonance changes unrelated to heating. f; is the frequency
shift due to heating, T'E is the echo time, and ¢; is complex-valued Gaussian noise. To solve
for the unknowns ¢ and f, Equation 4.6 is fit to acquired multiple echo images, y; to y,
where n is the number of echoes, by minimizing an ¢; penalized likelihood least squares cost
function (Equation 4.7) with a descent algorithm.
Ne s

U(fc) :; Lzlz (G5 =Yg (Fngs @) | + A1l (4.7)
In this equation, g, ; is the acquired image of echo n and voxel j, yp j(fn j,c) is the model,
N¢ is the number of echoes, Ny is the number of voxels, and A is the ¢; sparsity regularization
parameter, which reflects the prior knowledge that heating will be localized to a minority of
image voxels. Similarly to Ref. [15], f and ¢ are updated iteratively, minimizing one while the
other is held constant. The frequency shift due to heating, f, is restricted to negative values
since a temperature increase causes a negative frequency shift. After the initial minimization,
the process is repeated without the sparsity constraint (A =0) in voxels containing greater
than 0.5°C to prevent downward temperature bias from the ¢; regularization. The solved

heating can be converted from frequency to degrees Celsius by:
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where a = —0.01ppm/°C. The code used to implement this temperature mapping method
can be found in Ref. [80]. All reconstructions were performed in MATLAB on a 2.8 GHz

dual 6-core Xeon desktop computer running Ubuntu 16.04 with 128 GB RAM.

4.2.5 Experiments
4.2.5.1 Simulation Validation

To validate the susceptibility simulation two agar phantoms (1% w/v) were created with
either a spherical air void (40 mm diameter, y = 0.36 X 10_6ppm) or nitinol RF ablation
probe (1 mm diameter, y = 245 x 10~ %ppm) embedded in them. Each phantom was placed
individually in a 32 channel head coil and off-resonance maps were acquired at 3T (Philips
Achieva, Best, Netherlands) using the built in Byg mapping tool with a gradient echo sequence
(ATE = 1 ms, 1.5 x 1.5 x 1.5 mm voxels). The nitinol probe phantom was imaged with
the probe in two orientations, etiher 0° or 90° with respect to the main magnetic field. The
acquired By maps were compared to simulated off-resonance maps of the same geometries

generated with the simulation tool.

4.2.5.2 Optimal Scheme Selection

The tSNR recovery for each probe and slice orientation was examined in simulation to
compare the master refocusing scheme and LUT schemes. The simulation tool and sequence
optimization were performed for two different probe sizes, a 1 mm diameter nitinol RF
ablation probe used for robotic hippocampal ablation [125] and a 2.5 mm diameter nitinol
wire. A set of possible refocusing schemes were generated using values p, = 0 to 200%
in 20% steps. For each size of needle, the temperature SNR recovery with all possible

refocusing schemes was computed and scored at each probe angle and slice orientation. For
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each case, the look-up table and master schemes were selected and the simulated RSS tSNR

was compared between the LUT and master schemes for each probe size.

4.2.5.3 Signal Recovery

Based on the simulated RSS tSNR results, the master refocusing scheme was chosen for
implementation on the scanner. The 1 mm diameter nitinol ablation probe was embedded
in a block of tofu and placed in the 32 channel head coil at 3T. A grounding wire was placed
underneath the tofu block to enable RF heating. To measure near-probe signal recovery,
four sets of images were acquired with the probe oriented 0° and 90° with respect to By
and a 4mm thick slice either parallel or perpendicular to the probe. Perpendicular slices
were placed at the end of the probe tip and parallel slices were centered on the probe in
the same plane. Z-shimmed gradient echo images were acquired at each probe and slice
location with parameters matched to the simulated optimization (TE = 1.5 to 11.5 ms, 6
echoes; TR = 45, 1085 Hz bandwidth, 1.5 x 1.5 mm voxels, and 4 mm slice thickness). A
high read-out bandwidth (1085 Hz) was used to minimize in-plane distortions. The RSS
image was computed across all echoes and near-probe RSS signal was compared to that of
the last echo alone (TE = 11.5ms), which was fully refocused as in a conventional gradient

echo sequence.

4.2.5.4 Temperature Mapping

To measure precision, the same sequence as above was used to acquire four sets of 100
images of the tofu phantom at the same probe and slice orientations. Z-shimmed temperature
maps were estimated from all echoes and compared to those computed with the conventional,
fully-refocused, last echo. Temperature mapping was performed with a 3rd order polynomial
off-resonance fit to account for inhomogenous field drift due to the grounding wire. After
acquiring images without heating an RF generator was used to apply heating with the 1

mm diameter probe (45 W for 2.5 minutes) at each probe and slice orientation. The same
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sequence used to measure temperature precision was acquired immediately post-ablation to
monitor cooling. Temperature maps were computed relative to the last image set at the

completely-cooled state and compared between the Z-shimmed and conventional images.

4.2.5.5 Step Size Effects

Based on temperature mapping results with the 20% step size schemes, simulated recovery
was assessed using refocusing schemes generated with a 10% step size. The 1 mm diameter
and 2.5 mm diameter wires were simulated within an aqueous volume as described in Section
4.2.5.2 and refocusing schemes were generated using values p, = 0 to 200% in 10% steps.
For each size of needle, the temperature SNR recovery with all possible refocusing schemes

was computed and scored at each probe angle and slice orientation.

4.3 Results
4.3.1 Simulation Validation

Figure 4.4 compares off-resonance maps computed with the simulation tool and those
acquired at the scanner. No geometric image distortions were observed, allowing direct
comparison to be made. The simulated off-resonance maps are well correlated with the
acquired maps, with orientation-dependent high-order shifts occurring near the embedded
object. A dipole pattern appears around the spherical air void (Figure 4.4 top) that is also
seen in the acquired off-resonance map. The magnitude of off-resonance is in agreement
between the simulations and acquired data, confirming the susceptibility value of air used
(x =0.36 x 10 %ppm). The edges of the agar phantom are visible in the acquired By map
where small areas of off-resonance can be seen due to susceptibility mismatch at the air-
phantom boundary. This pattern is not visible in the simulations as the spherical void
was placed within an infinite water volume. For the 1 mm nitinol probe oriented parallel

and perpendicular to the field, good agreement is seen between the off-resonance pattern,
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dependent on orientation. The highest areas of off-resonance are seen nearest the probe
in a dipole pattern and lessen in magnitude as distance from the probe increases. In the
simulated case, the needle location can be seen as containing no off-resonance since no MR
signal can be acquired from the needle itself. The needle location is obscured in the acquired
off-resonance maps due to partial volume effects with the scan resolution used (1.5 mm
isotropic voxels). The low scan resolution when compared to simulated resolution (1.5 mm
vs 0.25 mm isotropic voxels respectively) also contributed to the off-resonance magnitude
discrepancies seen near-probe. In the 90° probe location, the sharp increase in frequency seen
in the middle of the image is due to low image signal immediately next to the needle and can
be disregarded. Good agreement in off-resonance magnitude is seen a few millimeters away
from the probe, confirming the susceptibility value used for nitinol (x = 245 x 10~ %ppm).
Figure 4.5 shows a comparison between simulated and acquired images, without applied
Z-shimming. Signal voids up to 1 cm in diameter can be seen near the ablation probe that
change shape depending on probe and slice orientation within the magnetic field. The signal
void shapes correlates well between images generated with the simulation tool and those
acquired at the scanner. The largest signal loss artifact is seen when the probe is oriented

90° with respect to By, as the off-resonance becomes more dipole-like.

4.3.2 Optimal Scheme Selection

A comparison between RSS tSNR images simulated of the 1 mm probe with and without
Z-shimming for both the master and LUT schemes can be seen in Figure 4.6. Qualitatively,
both the master and LUT schemes adequately fill in the region of signal loss. Table 4.1(top)
reports the fraction of near-probe voxels recovered near the 1 mm probe at each angle and
slice orientation, including the 45° probe angle. A recovery score of 100 % means every voxel
in the near-probe ROI was recovered above the threshold. Based on the TE and 75 estimates
used in this work, the maximum achievable tSNR value was 0.079. On average across all

probe angles and slice orientations, the master scheme had a recovery score of 92% and an
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Figure 4.4: (left) Field maps simulated using the developed tool for a spherical air void and
nitinol ablation probe at two orientations within the magnetic field. (right) Acquired field
maps of the objects. High order field variations can be seen near the objects with good
correlation between the simulated and acquired maps.

Spherical Air Void

Nitinol Probe 90° to Bu Nitinol Probe 0°to B0

average near-probe tSNR of 0.045. The LUT had an average recovery score and near-probe
tSNR of 97% and 0.047 respectively. For the no Z-shim case, the average near-probe tSNR
was 0.006. While the fraction of near-probe voxels recovered increased when using the LUT
over the master scheme, the improvement in mean near-probe tSNR between the master
scheme and LUT schemes was negligible. The minimum recovery scores for the master and
LUT schemes were 86% and 87% respectively. With both schemes, over half of the near-
probe voxels showed recovery above the threshold in all orientations suggesting that there is
little advantage to using the LUT approach for this probe size.

Figure 4.7 displays a comparison between RSS tSNR images simulated of the 2.5 mm

wire with and without Z-shimming, with the master and LUT schemes. Both the master
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Figure 4.5: Validation of simulated gradient echo images. (Left) Images simulated of a nitinol
ablation probe using the developed tool with no applied Z-shimming. (Right) Gradient echo
acquired images of the ablation probe oriented within a 3T scanner. Good correlation in
near-probe signal loss shape can be seen between the simulated and acquired images.

and LUT schemes recover near-probe signal, however the recovery is non-uniform across the
area of signal loss. Orientation-specific information about recovery is shown in the bottom of
Table 4.1. On average across all probe angles and slice orientations, the master scheme had
a recovery score of 80% and an average near-probe tSNR of 0.042. The LUT had average
an average recovery score and near-probe tSNR of 87% and 0.042 respectively. For the no
Z-shim case, the average near-probe tSNR was 0.003. The minimum recovery score for the

master and LUT were 61% and 73% respectively. With the 2.5 mm wire, the LUT recovered
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Figure 4.6: Scheme optimization comparison between the master and LUT for 1 mm probe
with 20% step size. (left) tSNR with a conventional, single-echo scan with no Z-shimming.
(middle) RSS tSNR recovered with the master scheme. (right) RSS tSNR recovered with
the LUT schemes. With the 1 mm probe, the master and LUT schemes perform similarly
and recover the lost signal regardless of probe angle and slice orientation.

a larger number of voxels near the probe than the master scheme but the average tSNR
remained the same. In both cases the minimum recovery achieved was over half but less
than three quarters of the near-probe voxels. This, combined with the non-uniformity of

recovery, suggests that a finer step size when generating refocusing schemes might be needed
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Table 4.1: Near-probe recovery for both nitinol probes with each scheme optimization tech-
nique of 20% step size. A recovery percentage of 100% means every voxel in the ROI was
recovered above the threshold. The maximum average tSNR achievable was 0.079.

. Angle Slice Master LUT
Probe Size ) .
w.r.t. Bo Direction Recovery Avg. tSNR | Recovery Avg. tSNR
0° 1 97% 0.055 100% 0.055
I 94% 0.041 100% 0.039
1 100% 0.049 100% 0.051
1 mm 45°
I 86% 0.040 98% 0.040
. 1 88% 0.045 98% 0.061
90

I 87% 0.038 87% 0.040
0° 1 96% 0.050 97% 0.047
I 83% 0.042 88% 0.033

1 1 .04 1 .04
9 5 mm 150 81% 0.046 91% 0.048
I 72% 0.035 73% 0.033
00° 1 88% 0.048 8% 0.054
I 61% 0.033 85% 0.035

when recovering signal around this diameter of probe.

For both the 1 mm and 2.5 mm sizes, each temperature SNR image took 1.75 seconds
to compute per applied refocusing scheme. It took 13.8 minutes of computation time with
12 CPU cores running in parallel to test all refocusing schemes generated with the 20% step

size for a single probe angle and slice orientation.

4.3.3 Signal Recovery

As highlighted by Figure 4.6, little signal recovery advantage is seen when using the
master versus LUT schemes, for a 1 mm ablation probe. Due to ease of data acquisition, the
master scheme was chosen for these experiments and had refocusing gradient scheme of p, =
200, 20, 180, 60, 140, 100]%, equivalent to a scanner scheme of p,, = [200, -180, 160, -120, 80,
-40]% or gradient areas of [51.20, -46.08, 40.96, -30.72, 20.48, -10.24] % To illustrate how

the Z-shimmed pulse sequence acquires data, Figure 4.8 shows a representative Z-shimmed
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Figure 4.7: Scheme optimization comparison between the master and LUT for 2.5 mm wire
with 20% step size. (left) tSNR with a conventional, single-echo scan with no Z-shimming,.
(middle) RSS tSNR recovered with the master scheme.. (right) RSS tSNR recovered with
the LUT schemes.. With the 2.5 mm wire, the master and LUT schemes perform similarly
and recover the lost signal regardless of probe angle and slice orientation. However, the
recovery is non-uniform across the area of signal loss.

image set acquired on the scanner of the 1 mm nitinol probe at 90° with respect to By and
slice parallel to the probe. The first echo acquires signal closest to the probe while the last

echo is a conventional, fully-refocused image with good signal far from the probe. Each echo
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image contains a different band of signal recovery that, when combined, fill the area of lost

signal visible in the final echo.

Z-shimmed Echoes
Magnitude Image TE1 TE2 TE3

JUSEEEEEEEEEEER

TE4 TEs TEg

Figure 4.8: Representative echo images acquired with multiple echo Z-shimmed sequence.
Each echo image has a different area of the image refocused, with the first echo containing
signal nearest the probe and the last echo containing signal furthest from the probe.

Figure 4.9 shows the signal recovery of the optimized Z-shimmed sequence compared to
the conventional, fully refocused echo. Signal was recovered in each case with the master
optimized scheme, regardless of the probe angle or slice orientation. The 0° probe angle had
3.5 and 2.5 times increase in near-probe signal compared to the conventional sequence, in
the perpendicular and parallel slices, respectively. The perpendicular slice recovered 100%
of near-probe voxels and the parallel slice recovered 49%. The Z-shim sequence with the
90° probe angle recovered 5.2 and 4.1 times more signal than the conventional sequence in
the perpendicular and parallel slices, corresponding to 70% and 52% of near-probe voxels
recovered, respectively. The diameter of signal loss in the probe 90° orientation was 3 mm

for the Z-shimmed sequence, compared to 13.5 mm for the conventional sequence.

4.3.4 Temperature Mapping

Figure 4.10 shows temperature standard deviation maps across probe angles and slice

orientations. The mean near-probe temperature deviation and the number of voxels with a
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Figure 4.9: Signal recovery with master refocusing scheme.
refocused images at each probe and slice orientation computed with last, non Z-shimmed
echo. (Right) Root sum squared signal of Z-shimmed sequence to visualize region of signal
loss. Conventional images have an area of signal loss near the probe approximately 1 cm in
diameter that is recovered by the optimized Z-shimmed sequence.
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significant standard deviation (o >1°C) are reported below each map. Regardless of probe

and slice orientation, the Z-shimmed sequence with master refocusing scheme reduced near-
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probe variation when compared to the conventional, single echo sequence. On average,
the Z-shimmed scheme reduced the temperature error from 1.95°C to 0.93°C. The largest
reduction was seen in the probe 90° and slice perpendicular case, with mean near-probe
deviation decreasing from 3.22°C in the non Z-shimmed sequence to 0.88 °C with Z-shimming.
The probe 0° slice parallel case saw the least improvement, which is consistent with the
experimental signal recovery shown in Figure 4.9.

Figure 4.11 displays temperature maps taken immediately after RF ablation at each
probe angle and slice orientation. The mean temperature in the near-probe ROI and num-
ber of voxels showing significant heat (o >1°C) are reported for each orientation. Voxels
that contained unreliable temperature measurements due to low image SNR were masked
automatically by the temperature reconstruction algorithm. As a whole, the temperature
maps obtained from the optimized Z-shim sequence are more complete than the single echo,
no Z-shimmed case. The greatest improvement was seen in the probe 90° and slice parallel
case, where the number of significant voxels increased from 48 to 218. In the no Z-shim
case only the periphery of the hotspot could be reliably estimated and had a 10.5 mm gap
in signal around the needle. Negligible improvement was seen between the two methods in
the probe 0° and slice perpendicular case. This is likely due to the slice location, which was
placed just after the tip of the probe. More improvement in this orientation would likely be

seen as the slice was placed up the length of the probe further into the region of signal loss.

4.3.5 Step Size Effects

The results with the 2.5 mm wire and 20% step size in simulation (Figure 4.7) suggested
that a finer step size might be needed for this larger diameter wire. Figure 4.12 shows the
simulated recovery results using a 10% step size in refocusing scheme generation. Qualita-
tively the area of signal loss is more intensely filled with the smaller step size than when the
larger step size was used. Table 4.2 shows the percent of recovered voxels and average tSNR,

in each orientation for each probe angle and slice orientation. On average the master scheme
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Figure 4.10: Temperature standard deviation maps with and without Z-shimming on 1 mm
probe. Temperature standard deviation maps at room temperature computed from the
last echo (conventional single gradient echo) without Z-shimming (left) and optimized Z-
shim sequence (right). The optimized scheme reduces temperature variation near the probe
across all orientations.
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Figure 4.11: Temperature maps post- RF ablation with a 1 mm probe, with (multi-echo)
and without (last echo) Z-shimming. The mean near-probe temperature and number of
voxels with significant heat are displayed beneath each image. On average, the Z-shimmed
temperature maps show a more complete hotspot with more voxels showing significant near-
probe heating.
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recovered 82% of near-probe voxels with a mean tSNR of 0.045 while the LUT recoverd 93%
of voxels with a mean tSNR of 0.039. For the no Z-shim case, the average near-probe tSNR
was 0.003. The minimum recovery score was 64% for the master scheme and 90% for the
LUT schemes. Compared to the 20% step size for this diameter (Table 4.1) little change
was seen in the percent of voxels recovered and mean tSNR with the master scheme. The
LUT scheme with smaller step sized increased the number of voxels recovered but slightly
decreased the mean tSNR compared to the larger step size case. Since the number of possible
refocusing schemes increased when the step size was decreased, the time required to test all
refocusing schemes also increased. For the 10% step size it took 3.89 hours of computation
time with 12 CPU cores running in parallel to test all refocusing schemes for a single probe

angle and slice orientation.

Table 4.2: Near-probe recovery for 2.5 mm nitinol needle with each scheme optimization
technique of 10% step size. A recovery percentage of 100% means every voxel in the ROI
was recovered above the threshold. The maximum average tSNR achievable was 0.079.

M LUT
Probe Size | Angle w.r.t. By | Slice Direction aster Y
Recovery Avg. tSNR | Recovery Avg. tSNR
0° 1 95% 0.050 98% 0.046
I 88% 0.043 92% 0.040
55 mm 90° 1 80% 0.053 91% 0.041
I 64% 0.034 90% 0.030

4.4 Discussion

4.4.1 Summary of Results

This work developed and optimized a multiple echo Z-shim sequence to improve tem-
perature mapping near metallic ablation probes. An MR image simulator was created and
validated to allow the sequence to be optimized in simulation prior to acquisition on the
scanner. The simulator takes an arbitrary 3D distribution of magnetic susceptibility values

and computed the off-resonance map resulting from that distribution. Slice selection and
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Figure 4.12: Scheme optimization comparison between the master and LUT for 2.5 mm wire
with 10% step size. (left) tSNR with a conventional, single-echo scan with no Z-shimming,.
(middle) RSS tSNR recovered with the master scheme. (right) RSS tSNR recovered with
the LUT schemes. With the 2.5 mm wire, the master and LUT schemes perform similarly
and recover the lost signal regardless of probe angle and slice orientation. The non-uniform
recovery seen in Figure 4.7 is corrected in this case.

refocusing is then applied to generate an image with or without Z-shimming. An exhaustive
search algorithm was used to find the Z-shim refocusing scheme that best recovered near-

probe temperature SNR, regardless of probe angle and slice orientation. The optimization
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need be performed only once for a given ablation probe size. For a 1 mm nitinol RF ablation
probe at 3T, the optimal refocusing scheme was found to be p, = [200, 20, 180, 60, 140,
100]% (equivalent to gradient areas of [51.20, -46.08, 40.96, -30.72, 20.48, -10.24] %) The
scheme increased near-probe tSNR signal when compared to a conventional, fully refocused
single echo sequence. In a no-heat scenario this sequence reduced near-probe temperature
deviation from 1.95°C to 0.93°C on average. During heating, the sequence increased the

number of near-probe voxels containing reliable temperature measures by 225% on average.

4.4.2 Master vs LUT Scheme

Two methods were explored in this work for choosing the optimal refocusing scheme. The
master scheme was an orientation-independent scheme designed to maximize near-probe sig-
nal recovery regardless of probe and slice orientation while the LUT was optimized for each
probe and slice orientation individually. In simulation, the LUT increased the number of
near-probe voxels recovered when compared to the master scheme but maintained the same
average tSNR across the region of interest as the master scheme. In order to implement the
LUT during a live treatment scenario a probe tracking algorithm would need to be imple-
mented and the optimal scheme interpolated between LUT entries. Probe orientation could
be derived from spin echo images or a proven tracking algorithm [126] but could add un-
wanted complexity to an ablation procedure. In practice, the tSNR maps created with both
the master scheme and LUT were qualitatively similar, suggesting that the master scheme
may be sufficient for a simplified treatment scenario. The use of a master refocusing scheme
inherently allows the Z-shim sequence to be optimized only once and function adequately
regardless of the orientation of the probe. This is particularly advantageous for applications
where the ablation probe is non-linear, such as when tines are inserted in a starburst pattern
from an RF ablation probe to increase ablation zone coverage. This could also be useful in
guidance of novel transforamenal hippocampal ablation, where helical concentric tube nee-

dles are designed to match a patient’s hippocampus shape and are inserted robotically. The
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master scheme could provide an orientation-independent Z-shimmed sequence that recovers
signal around the entire device and is not restricted to areas of the device lying in a certain

plane.

4.4.3 Refocusing Step Size

For the 1 mm probe, a 20% step size in refocusing scheme generation was deemed suffi-
cient. However, for the larger 2.5 mm wire, inhomogenities in recovery were seen with this
step size. The smaller step size (10%) mitigated some of this inhomogeneity but did not
substantially improve the number of voxels recovered with the master scheme. The LUT
scheme with smaller step size did increase the number of voxels recovered at a small cost
to average tSNR. This suggests that for a larger diameter probe, a 10% step size with LUT
approach might be needed. This requirement of a finer sampling size increased the number
of schemes that had to be tested in simulation. This increased computation time from 13.8
minutes for a 20% step size to 3.89 hours per probe angle and slice orientation for a 10% step
size. Since this optimization is performed offline in simulation and need only be performed
once per probe geometry, the increased computation is not prohibitive of using the 10% step
size in practice. This trade-off suggests that probe size as well as computation constraints
should be taken into account when performing optimization for this multi-echo Z-shimmed
sequence. The exploration of the relationship between probe size, step size, and temperature

precision is a topic for future work.

4.4.4 Alternative Scoring Metrics

The root sum of squares temperature SNR was used as an indicator of temperature
precision in this work to score the performance of each refocusing scheme. Scores for each
refocusing scheme were determined by maximizing the number of near-probe voxels that
showed tSNR above a threshold. This method inherently scores gradient schemes that recover

more voxels higher than schemes that recover less voxels, regardless of the trend in average
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tSNR in the near-probe region. In order to maximize both the number of recovered voxels
and tSNR value simultaneously, a Monte Carlo simulation method could be used to directly
simulate heating on images simulated with each Z-shimmed sequence. This could provide a
direct prediction of temperature precision to evaluate the performance of a given refocusing

scheme, at the cost of substantially increased computation time.

4.4.5 Potential Limitations

The Z-shim gradients are inherently limited by the gradient characteristics of the scanner
being used. Thus, an upper limit exists on the amount of refocusing that can be applied
and strength of off-resonance that can be recovered. This limit was not reached in this
work where the ablation probes were small and induced off-resonance on the order of 1 kHz
or less. However, for larger metallic objects such as implants, off-resonance can be greater
than 4 kHz [65]. Due to this limitation, the multi-echo Z-shim may be best suited to small
metallic objects such as ablation probes, catheters [76], and biopsy needles [68]. Additionally,
Z-shimming corrects through-plane dephasing but does not account for in-plane effects. In
this work, a high read-out bandwidth was used to minimize in-plane dephasing and the effect

was assumed to be negligible.

4.5 Conclusions

The proposed multi-echo optimized Z-shim sequence improved near-probe signal recov-
ery and temperature precision over the conventional thermometry sequence. The validated
simulation tool allowed the Z-shim to be optimized entirely prior to acquiring any images
on the scanner and did not requiring tuning to each probe angle or slice orientation. This
method could be useful for improving MR thermometry guidance of thermal therapies that

use metallic ablators.
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4.6 Availability of data and materials

Upon submission of the journal article detailing this work, the MR simulator and opti-
mization code will be made available open-source at

https://github.com /poormanme/multiEchoZShim.

4.7 Acknowledgments

The author acknowledges Yue Chen, Robert Webster 111, and Eric Barth for their experi-

mental support. This work was supported by NIH Grants R21NS091735 and T32EB021937.

76



Chapter 5

OPEN-SOURCE, SMALL-ANIMAL MAGNETIC RESONANCE-GUIDED
FOCUSED ULTRASOUND SYSTEM

5.1 Introduction

MR-guided focused ultrasound or high intensity focused ultrasound (MRgFUS/MRgHIFU)
is a noninvasive therapeutic modality with many potential applications. However, the large
financial costs involved in developing preclinical MRgFUS systems can be a barrier to re-
search groups interested in developing new techniques and applications. This chapter details
a validated, open-source preclinical MRgFUS system capable of delivering thermal and me-
chanical FUS in a quantifiable and repeatable manner under real-time MRI guidance. The
goal is to enable early-stage MRgFUS researchers to build their own systems with minimal
new design and software development effort. A hardware and software package was devel-
oped that includes closed-loop feedback controlled thermometry code and CAD drawings for
a therapy table designed for a preclinical MRI scanner. For thermal treatments the modular
software uses a proportional integral derivative controller to maintain a precise focal tem-
perature rise in the target given input from MR phase images obtained concurrently. The
delivery table holds the FUS transducer, a small animal and its monitoring equipment, and
a transmit /receive RF coil. The transducer is driven by a waveform generator and amplifier
controlled by real-time software in Matlab. The system was validated in tissue-mimicking
phantoms and n vivo during murine tumor hyperthermia treatments. MR thermometry
was validated with an optical temperature probe and focus visualization was achieved with
acoustic radiation force imaging. The system provides a baseline functionality for perform-
ing MRgFUS treatments with inherent flexibility in a modular code structure and freely
editable hardware design that can be refashioned for many applications. The disseminated

package comprises hardware schematics and MR temperature mapping and FUS control
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software with closed-loop feedback that enables real-time monitoring of the treatment with
MR thermometry. Detailed start-up instructions and commented source code, along with
access to sample data sets, make setting up the system straightforward while also leaving
room for more sophisticated modifications in the future. The system’s open-sourced nature
will increase the availability of low-cost small-animal systems to interdisciplinary researchers

seeking to develop new MRgFUS applications and technology.

5.2 Methods
5.2.1 System Overview

All schematics and code required to construct this system are available for download on
GitHub [127]. Figure 5.1 gives a functional overview of the system. It comprises Matlab-
based software (MathWorks Inc., Natick, MA) that runs on the MR scanner host PC and a
custom thermotherapy delivery table, built to hold a commercially available FUS transducer
within the magnet bore along with associated animal monitoring equipment. Treatment
planning involves conventional MR imaging to localize the target tissue above the trans-
ducer and parametric analysis of tissue properties. During treatment an MR thermometry
sequence is run continuously and images are read into Matlab in real-time from the scanner
file system. MR image phase differences are used to calculate temperature maps within
the target tissue and focal temperature is used as input to a proportional integral deriva-
tive (PID) controller. The controller computes the required transducer driving voltage to
achieve a specified temperature rise in the target tissue based on the temperature evolution
over time. The controller output is sent as a command over an Ethernet TCP/IP connection
to a function generator and amplifier connected to the FUS transducer, enabling adjustment
of sonication intensity in real-time. These components are detailed further in the following
sections. The provided distribution includes all control software modules as well as Solid-

works (Dassault Systemes, Waltham, MA, USA) drawings of the delivery table and a parts
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list of purchased commercial components.
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Figure 5.1: Open-source small-animal MRgF'US system overview. The delivery table holds
the target and transducer at magnet isocenter while imaging is performed. Therapy control
software for planning and closed-loop temperature control is implemented in Matlab on
the MRI scanner’s host PC, which collects the real-time MR images, computes the focal
temperature, and modulates the ultrasound output accordingly.

5.2.2 Hardware

Thermotherapy delivery table: The therapy delivery table comprises an MR-compatible
machined Plexiglas fixture with tray and handle that is designed to place the FUS transducer
within isocenter for a 21 cm gradient set (Figure 5.2). The FUS transducer is secured in
place within the head of the delivery table by placing it in a cylindrical slot sized to match
its base. Once mounted within the table, the transducer is mechanically positioned using a
series of gears. This allows for translation with two degrees of freedom (up to 3.5 cm axial to
the magnet’s bore with a rack and pinion and 2 cm in the B0 direction with a lead screw in 1
mm steps) without removing the setup from the magnet bore. Plastic shims can be inserted

underneath the transducer to adjust the height of the transducer relative to the platform.
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Different height coupling cones can be used to adjust the depth of focus. The cone of the
transducer is positioned below a 4 cm x 2.5 cm delivery window opening in the platform
above it, allowing it direct access to the sample. The delivery window insert can be swapped
with windows of varying size and shape depending on the target geometry. An acoustically
transparent membrane such as a polymer film can also be stretched over the opening in
the platform provided that coupling to the transducer is maintained, though in this work
an open window was found to provide the best coupling and freedom of movement of the
transducer. The animal platform measures 15 cm x 28 c¢cm which is large enough to hold
a phantom or rodent, associated monitoring equipment, warming pad, anesthesia tube, and
RF coil. An imaging RF coil of any configuration can be used and mounted to the platform
so long as it does not lie in the path of the ultrasound beam. Holes for FUS power cable
routing are integrated in the table and slots on the end plate are provided for securing the
table handle to the front plate of the magnet. A movable tray is attached to the handle of
the delivery table to hold any equipment that does not fit on the platform.

MR Equipment: The therapy table was validated in a Varian 4.7 T preclinical scanner
(Agilent, Santa Clara, CA, USA) with 21 cm bore gradient set (305/210, magnet depth (cm)
/inner diameter (mm), Agilent, Santa Clara, CA, USA). All software ran on the scanner’s
host PC (Red Hat R5.8, 2.4 GHz Intel Xeon CPU, 12GB RAM). An in house-built 5 cm
diameter Tx/Rx surface coil was used for all imaging, and was typically placed flat on the
delivery platform between the sample and transducer at the level of the phantom-water
interface.

Ultrasound equipment: An MR-compatible single element spherically focused ultrasound
transducer (Sonic Concepts H1I01MR, Ellipsoidal full width half max (FWHM): 1.4 mm X
1.4 mm x 10 mm @ 1.1 MHz and 0.4 mm X 0.4 mm X 3.2 mm @ 3.68 MHz, 400W,
Sonic Concepts, Bothell, WA, USA) was used for all validation experiments. The transducer
measures 64 mm in diameter with a focal depth of 51.74 mm and was encased in a plastic

cone with an open tip for acoustic coupling. Before treatments, the cone was filled with
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Figure 5.2: Detailed view of the delivery table. A) Top view showing placement inside
magnet, positioning controls, and rectangular delivery window. B) Side view showing the
housing of the FUS transducer and coupling cone. C) End view showing routing and mount-
ing locations. D) Photo of the table to illustrate arrangement of coil and sample.

degassed water, the opening was covered with an acoustically transparent latex membrane,
and ultrasound gel was applied to couple the cone tip to the sample. Compared to a water or
oil-bath immersion approach, this configuration enables easier maintenance of animal core
body temperature and the ability to visualize the top of the cone in the MR images for
localizing the acoustic focus. The transducer cables extend outside the magnet bore and
are connected to the matching network and subsequent amplifier via a BNC cable. The
transducer is driven by an Agilent 33511B waveform generator (Agilent, Santa Clara, CA,
USA) connected to an E&I RF power amplifier (E&I A150, 150 W, 55 dB, Electronics &
Innovation, Ltd., Rochester, NY, USA). The waveform generator is connected via Ethernet
to the same network as the MR scanner running the control software, to enable software

control of the generator’s output.
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5.2.3 Software

The user interface and control software was implemented in Matlab and comprises two
stages, ‘Treatment Planning’ and ‘Real-time Temperature Monitoring and Control” (Figure
5.3). The code is modular so that elements can be tailored to a specific hardware setup
and application while maintaining compatibility with the underlying architecture. These
modules, including the function generator initialization, the PID controller, the thermal
dose calculation, and data processing, are called from a master script that controls the
entire sonication and reconstruction. An optional graphical user interface (GUI) is provided
for straightforward treatment planning (Figure 5.4). The GUI allows for the user to draw
focal and drift correction ROIs on a Th-weighted anatomical image of the target as well as
define a path to the acquisition file and function generator address, controller gains, set a
thermal target, toggle drift correction and thermal dose calculations, and set a destination
file for the computed temperature maps. These parameters can also be defined manually
within the code without using the GUI. After initial setup, the user is prompted to start
the thermometry sequence on the scanner and real-time temperature monitoring and control
begins. During treatment, the focal temperature evolution and voltage output over time as
well as the latest magnitude image and computed temperature map are displayed for online
treatment monitoring.

Treatment Planning: A suite of MR scan protocols was developed for treatment plan-
ning, including anatomical 7} and 75 weighted scans, an MR acoustic radiation force imaging
(MR-ARFT) scan for focus localization (detailed further below) [128], and a multiple gra-
dient echo scan for water-fat separation (Table 5.1). An anatomic planning image (usually
Tr-weighted) can be imported into the optional user interface to aid in thermometry ROI
placement.

All scans except MR-ARFI were implemented as Varian protocols and did not require
new sequence development. The MR-ARFI pulse sequence was implemented based on the

Varian “gems” (gradient echo multislice) sequence to visualize the acoustic focus without
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Figure 5.3: Software Flow Chart. The treatment protocol comprises a planning stage fol-
lowed by real-time temperature monitoring and control. The software design allows anatom-
ical and parametric imaging prior to sonication for treatment planning. The temperature
monitoring control loop will adjust the FUS amplitude according to observed heating, auto-
matically stopping treatment when a desired thermal dose is achieved.

inducing a significant thermal effect. The source code for the ARFI sequence is in the
distributed package. A motion encoding gradient (MEG) was inserted into a gradient echo
sequence immediately following the excitation pulse and prior to the encoding gradients
[129]. The MEG parameters such as orientation, duration, shape, and strength are adjusted
in the scanner interface to align with the specific geometry of the transducer and target;
ARFT encoding is typically performed in the direction of acoustic propagation. The sequence
generates a TTL pulse that triggers an ultrasound pulse during the second lobe of the bipolar
MEG. Immediately following the MEG, a delay of 1 us is inserted to prevent gradient overlap
before continuing with the spatial encoding gradient waveform. The number of FUS cycles
(and thus the length of the pulse) is set on the function generator such that FUS is applied
for the duration of the gradient lobe. The sequence is run twice with opposite polarization of
the MEG and the phases of the resulting two images are subtracted. The resulting difference
is proportional to the tissue displacement caused by the ultrasound beam, according to:

2P

A pu—
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(5.1)
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Figure 5.4: Optional GUI for setup of the control software. The user can draw ROIs on an
anatomical image for the acoustic focus and drift control, set the ultrasound parameters,
tune the control parameters, and define a thermal dose target.

where Az is the displacement, A¢ is the phase difference between images with opposite
gradients, 7 is the gyromagnetic ratio, G' is the MEG strength, and [ is the length of the
MEG. In this equation, the MEG was approximated by a rectangle since trapezoidal gradient
pulses with sharp rises were used. The rise time of the MEG with the 21 e¢m bore 305/210
gradient set was 52 microseconds for the gradient characteristics used (Table 5.1), while a
typical total MEG duration of 8 ms is used. Residual phase errors due to eddy currents
were removed from the acquired ARFI images in post processing by subtracting the phase
of two images acquired at each polarization with FUS on and off. Then the corrected images
acquired with opposite polarization of the MEG were subtracted and scaled according to

Equation 5.1 to obtain final displacement maps.

84



Table 5.1: MR imaging sequences and parameters

Sequence Parameters Purpose
TE = 6-15 ms Gradient echo sequence for PRF-shift thermom-
TR = 30 ms etry. All monitoring was conducted in a sin-
gle slice in the MRI axial plane, parallel to the
gems angle = 25 o . .
direction of acoustic propagation. 1-2 dummy
mat = 96x96 scans were used to suppress steady state arti-
FOV = 60x60 mm | facts.
TE = 37 ms
TR = 3000 ms Fast spin echo sequence for Th-weighted
_ anatomical imaging. Enables tumor localiza-
fiems ETL =38 tion and visualization of the surrounding envi-
ESP = 9 ms ronment.
angle = 20
TE = 2 ms
ATE = 3ms
eems TR = 30 ms Multi-echo gradient echo scan for water/fat sep-
& angle = 25 aration in post-treatment analysis.
mat = 96x96
FOV = 60x60 mm
TE = 7.6 ms Modified gradient echo sequence for ARFI.
TR = 71 ms G_dur represents the duration a single lobe of
gems_meg | G_.amp = 10 G/cm | the biopolar MEG. The direction of motion en-
G_dur = 4 ms coding was controlled within the scanner inter-
FUS = 1.1 MHz face based on the slice orientation.
Real-time Temperature Monitoring and Control: ~ Once all pre-treatment images are

acquired and the treatment is planned, the real-time thermometry loop can be executed. This
comprises the bulk of the software, informing the ultrasound output directly from images
acquired simultaneously on the scanner. Single slice, baseline subtracted proton resonance
frequency-shift thermometry was implemented using a gradient echo imaging sequence as
described in Table 5.1 with a temporal resolution of 3 seconds. Scanner field drift correction
is imperative for accurate MR thermometry, particularly during hyperthermia treatments
where a long sonication time at low power is required [12, 130, 11, 131]. To address this, a

drift correction routine was implemented using the phase shift in an ROI outside the heated
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region as a reference. During in vivo sonications, ROI-based drift correction often required
the addition of a small tube of water to the imaging plane to serve as a reference no-heat
region in case the mouse anatomy was too small for a reliable ROI correction. Once the
real-time monitoring loop is initialized, the software continuously polls the MR raw data file
for new data. To prevent constant file opening and closing that could delay execution, the
software only opens the file when the time-stamp has changed, meaning a new image has
been acquired. One to two dummy scans are acquired prior to the first baseline to prevent
steady state artifacts. Then, the first image acquired in the loop is used as a baseline
and subsequent images are used to compute a temperature map relative to the baseline.
A focal mean temperature is estimated from the current temperature map and stored. If
desired, drift correction is applied at this step to account for scanner drift and thermal dose
is computed in CEM43 units [5].

The corrected mean focal temperature along with the current function generator voltage
Vout is then input to a PID controller function along with the desired temperature rise, the
PID gain constants, the maximum voltage output limit, and the previous error up to the
current dynamic. The function calculates the new V,,; to achieve the desired temperature
rise according to:

de

t
Voutzmin{er(t)—FKi/o e(T)dT+Kddt

’Vma$}7 (52)

where K, K;, K, are the proportional, integral, and derivative gain respectively, e(7) is the
error between the current temperature and desired temperature, and ¢ is the time elapsed
since starting sonication. The maximum voltage constraint V., is set to maintain the acous-
tic pressure below the threshold for cavitation during in vivo experiments and minimize skin
burns. It also prevents the transmitted power from damaging the transducer. A maximum
voltage of 70 mV (prior to 55 dB amplification) was used for all in vivo experiments, cor-

responding to a peak negative pressure of approximately 1.5 MPa at 1.1 MHz as measured
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by a ceramic needle hydrophone (HNC-0200, Onda, Sunnyvale, CA). PID gain values are
critically important in controlling the behavior of the system and temperature rise at the
focus. These gains were manually tuned in a graphite-agar phantom to prevent target tem-
perature overshoot of greater than 1°C and a steady-state temperature variation of no more
than 0.5°C. The resulting values were: K, = 1073, K; = 107%s/repeat, and Kz =5 x 1073s.
Once calculated, V,; is returned to the real-time loop. The software then checks if the
measured thermal dose is greater than the defined thermal dose threshold and sets the out-
put to V,ue = 0 if the threshold has been met, turning off the transducer output. The final
Vout is then output to the function generator. If MR imaging is complete the loop exits
and treatment is halted. Otherwise the loop repeats, modulating the transducer output to
maintain a precise and accurate temperature rise within the target for the duration of scan
time. In the event of a system failure, the code automatically exits and stops output from
the function generator. All MR images were obtained with the parameters listed in Table

5.1.

5.2.4 Experiments

Fiber Optic Thermometry Validation: A graphite-agar phantom (1.5% agar, 4% graphite,
weight per volume of water [132]) was used to mimic tissue acoustic properties. The phantom
was set up on the system and coupled to the transducer cone with ultrasound gel. Prior to
sonication, a fiber optic temperature probe (FISO Technologies Inc., Quebec, Canada) was
inserted into the phantom just outside of the acoustic focus. The entire setup was placed in
the magnet and closed-loop feedback sonication was performed for 20 minutes under thermal
monitoring with a gradient echo thermometry sequence (Table 5.1). The imaging slice was
3 mm thick and oriented to avoid imaging artifacts due to the heating of the fiber optic
probe tip. Probe placement relative to the focus and the location of the imaging slice are
illustrated in Figure 5.5a. Given the uniformity of the phantom and radial symmetry of the

acoustic focus, an ROI that was radially symmetric to the fiber optic probe tip’s location
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with respect to the focus was chosen within the imaging slice for the mean temperature

calculation.

A ROI Location B) Thermal probe verification of thermometry
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Figure 5.5: Fiber optic probe thermometry validation. A) Illustration of the experimental
setup. To avoid artifacts and damage to the probe it was placed above the focus; B) plots
probe temperature compared to MR temperature measurements in a 5.7 mm? ROI at a
geometrically equivalent position within the slice.

Constant Temperature Control Validation: To validate the closed-loop control software,
a graphite-agar phantom was again placed on the delivery platform, coupled to the transducer
and placed within the magnet. Five sonications lasting 10 minutes each were conducted with
the system at target temperature rises between 2°C and 10°C. A single 3 mm thick axial slice
through the acoustic focus was used for thermal monitoring. The phantom was allowed to
cool for 2 minutes between each sonication and PID gain values remained fixed throughout.
For all closed-loop experiments, precision and accuracy measures of the temperature rise
were calculated from the initial temperature rise, defined as the point at which the mean
focal temperature first crossed the set temperature threshold.

Closed-loop Feedback at Two FUS Frequencies: Raw chicken and graphite-agar phantoms
were used to validate the closed-loop feedback sonication at the transducer’s two operating
frequencies (1.1 MHz and 3.68 MHz). In each sonication, a single 3 mm thick axial slice
through the acoustic focus was used for thermal monitoring and ROI-based drift correction
was performed by placing an ROI in areas of the phantoms that would see negligible heating.

The operating frequency was set using the control software and matching network connected

88



to the transducer.

In vivo Murine Tumor Treatment: The thermal monitoring and closed-loop feedback
system was tested in vivo in a Polyoma PyVMT murine breast cancer tumor model [133]
under an approved Institutional Animal Care and Use Committee protocol (M/13/010). This
animal model spontaneously generates superficial tumors in the mammary fat pads with a
progression comparable to human breast cancer. Tumors measuring < 1 c¢m in diameter and
located most distal to the lungs were chosen for targeting with FUS in order to minimize
breathing artifacts. Fur in the treatment area was removed with depilatory cream prior
to treatment for improved acoustic coupling. The animal breathing rate was maintained
throughout around 60 breaths per minute with Isoflurane anesthesia ranging from 1.5% to
2.5%. The tumor was coupled to the transducer cone with ultrasound gel and core body
temperature was maintained with a circulating hot water pad. Localized hyperthermia was
applied with the control software under thermal monitoring in a 3mm thick axial slice through
the focus at 1.1 MHz for 12 minutes. No drift correction was applied for this mouse although
both a lookup table method, with precalculated drift compensation, and roi-based correction
method have been used successfully with this system. The calculated focal temperature and
PID controller output were observed to characterize the system behavior.

Transducer Translation Validation: The system was used to deliver four ablative son-
ications to a polyacrylamide gel phantom containing egg white [134]. The phantom was
designed to be translucent except in areas of heating where the egg white would coagulate.
Ablative treatments were manually applied for 2 minutes at a peak negative pressure of 3.9
MPa, without temperature feedback. Between sonications the transducer was translated in
the slice plane using the translation controls outside of the magnet and positioning was con-
firmed with T7-weighted images visualizing the water-filled transducer cone and the sample.
After all sonications were completed, a Th-weighted image was acquired and a photograph
was taken of the coagulated egg-white lesions visible in the phantom. The distances be-

tween the lesions were calculated using both images and compared to assess relative position
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accuracy.

Mechanical Displacement with ARFI: MR-ARFI measurements were made in a tofu
phantom that was coupled to a short transducer cone to increase the penetration depth
of the transducer and enable visualization of the near and far fields of the focus within
the phantom. ARFI images were acquired in an axial and coronal slice centered around
the acoustic focus at 1.1 MHz with a 2.5 MPa peak negative pressure (5.6% duty cycle).
Optimal coronal slice placement was determined by acquiring ARFI images across the entire
phantom and choosing the slice of most localized displacement, indicating a position at the
focus. Axial placement was confirmed by centering the slice over the transducer water cone
visible in the anatomical images. For each slice orientation, the motion encoding gradients

were oriented in the direction of acoustic propagation.

5.3 Results
5.3.1 Fiber Optic Thermometry Validation

Figure 5.5b shows a comparison of the temperature measured during sonication with
MR thermometry and the fiber optic probe. The mean temperature recorded with MR
thermometry in the 5.7 mm? equivalent ROI was accurate relative to the thermal probe
with an RMSE over time of 0.07°C and maximum error less than 1°C. The thermometry
measurements were noisier than the probe measurements but had an acceptable level of

precision with a standard error of 0.25°C.

5.3.2 System Behavior at Varied Target Temperatures

For all sonications, no lag in software execution was observed. The control software run
on the scanner computer executed fully within the 3 second time frame of each image as
detailed in Table 5.2. Figure 5.6 plots the mean focal temperature in a phantom subjected to

multiple sonications at set points ranging from 2°C to 10°C. The focal ROI used to calculate
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the mean temperature was 2.6 mm X 3.2 mm which encompasses the full width half max
of the transducer’s focus. In each case the temperature reached a steady state around the
desired temperature within a few minutes, with an initial overshoot of less than 1°C except
for the 10°C sonication which had an initial overshoot less than 1.5°C. After the initial

temperature rise, the mean standard deviation of the temperature error was 0.28°C with a

mean RMSE of 0.44°C.

Table 5.2: Execution speed of the real-time software

Mean
Action Execution Purpose
Time (ms)

Performed once before each temperature-
controlled sonication, this action opens
Initialize Function 1885 s communication between the host PC and
Generator the ultrasound function generator, and
configures the function generator with the

desired output parameters for sonication.
Time to open the raw MR data (.fid) file

Read in Image 42 ms and reconstruct the magnitude and phase
data into an image for thermometry.

Time to construct a temperature map
with baseline subtraction of image phases
39 ms after new data has been read. This timing
includes drift correction with subtraction
of phase from a reference ROI.

Compute
Temperature Map

Time to evaluate PID equation based
Output Voltage to on current focal temperature and system
Function Generator state, and send V,,; to the function gen-
erator.

5.3.3 Closed-loop Feedback at Two FUS Frequencies

Figure 5.7 shows the sonication of two phantoms at 1.1 (A) and 3.68 (B) MHz FUS
frequencies. The left side of the figure shows representative treatment temperature maps
overlaid on a Tj-weighted image of the phantom (the baseline thermometry image). The

right side plots the mean focal temperature over time as measured by MR thermometry and
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Figure 5.6: Sonications across temperature set points. After initial overshoots that did not
exceed 1.5°C of the set points (dashed red lines), focal temperature was maintained for 10

minutes with a mean standard deviation of the temperature error of 0.28°C and a mean
RMSE of 0.3°C.

the commanded function generator voltage Vy,;. Focal ROIs used for the mean temperature
calculation were 2.6 mm x 3.2 mm at 1.1 MHz and 2.6 mm x 2.6 mm at 3.68 MHz. The
ROIs used for drift correction are also displayed in the figure and were each 4.6 mm x 4.6
mm. Temperature overshoot in each case was less than 1°C with the standard deviations of
the errors measured to be 0.21°C and 0.43°C at 1.1 and 3.68 MHz, respectively. After the
initial overshoot, the RMSE of the mean temperature measured was 0.31°C for the 1.1 MHz
sonication and 0.61°C for the 3.68 MHz sonication. A steady state was achieved within a

few minutes, as noted by the leveling off in the voltage output over time.

5.3.4 In vivo Murine Tumor Treatment

Figure 5.8 shows an in vivo sonication of a murine mammary tumor treated at A 6°C for
approximately 12 minutes. On the left, a representative temperature map during treatment

is overlaid onto a Th-weighted anatomical image of the mouse. The focal ROI size was 2.5
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Figure 5.7: Sonications at 1.1 (A) and 3.68 (B) MHz FUS frequencies, targeting temperature
set points in ROI 1 for ten minutes. Background phase drifts were corrected using an ROI
outside of the area of heating (ROI 2). Controller voltage is also plotted for each case and
also stabilizes after an initial rise and small overshoot. The white arrow indicates surface coil
placement. Low temperature SNR at the top of the phantoms (and far from the surface coil
which sat at the level of the water-phantom interface) contributed to the apparent elevated
temperatures there but did not interfere with the focus measurements. Stripe artifacts in

the water cone are likely due to Moire fringes caused by poor field homogeneity in the water
bath near the transducer causing aliasing.

mm X 2.5 mm. The two curves on the right show the mean focal temperature evolution
over time and the corresponding peak-to-peak voltage output from the PID controller to

the transducer. After an initial overshoot of less than 1.5°C, the focal temperature reached
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a steady state (noted again by the leveling off of the voltage output with time) with some
variations. Three major dips in the mean temperature reading and subsequent bumps in the
voltage output occur around 4, 7, and 10 minutes as noted by the red arrows in the figure.
These perturbations corresponded with times when the mouse started breathing at a faster
rate as observed by the monitoring equipment. The PID controller responded appropriately
by increasing the voltage output when a sudden decrease in temperature was observed. The
controller was able to compensate for the change in conditions and maintain the temperature
at the set point with a 0.49°C standard deviation of the error and 0.53°C RMSE after the

initial temperature rise.
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Figure 5.8: Sustained local hyperthermia in a murine mammary tumor for 12 minutes.
Sustained, long-term sonication was achieved with minimal overshoot, a 0.49°C standard de-
viation of the error, and 0.56°C RMSE after the initial temperature rise. The PID controller
responded to sudden changes in focal temperature as indicated by the red arrows. The 1.4
mm by 10 mm contour of the transducer focus is indicated by the white oval.

5.3.5 Transducer Translation

Figure 5.9 shows a Th-weighted image and photograph after four ablative sonications were
performed in an acrylamide-albumin phantom. No removal of the setup from the magnet was

required to move the transducer. The ablated lesions are clearly visible on the Th-weighted
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image and qualitatively line up well with the coagulated egg white lesions visible in the
photograph. The mean error in the distance between lesions in the two images was found to

be 0.11 mm demonstrating good relative positioning accuracy.

T2-Weighted MRI Photograph

Figure 5.9: Demonstration of transducer translation capabilities via multiple egg-white phan-
tom ablations. The transducer was moved using the controls outside of the magnet; no
re-positioning of the phantom or removal of the platform was necessary. Lesions were visible
on a Th-weighted image (left) and on photographs taken outside the magnet (right), and
matched geometrically.

5.3.6 Mechanical Displacement with ARFI

Figure 5.10 shows the axial and coronal displacement of the tofu phantom with ap-
plied FUS as imaged with the ARFI sequence. The displacement maps were overlaid on
T1-weighted magnitude images for visualization. The measured displacement was consistent
between slice orientations, with maximum displacements of 1.0 ym (axial) and 1.2 gm (coro-
nal). The FWHM for the axial and coronal maps were 3.0 mm and 2.93 mm respectively,
which are comparable to the 1.4 mm FWHM intensity profile of the transducer, but may be

broader in this measurement due to phantom mechanical properties and shear waves.
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Figure 5.10: ARFI-measured displacement in the axial and coronal directions overlaid on 7T7-
weighted images of a tofu phantom. Localized displacements are apparent at the focus while
while smoother displacements appear throughout which may correspond to shear waves.
The focal displacement location and size correspond well to the expected geometry of the
transducer. Acoustic reflections with the air boundary and lower SNR near the top of the
phantom likely contribute to the diffuse rise in displacement there. Moire fringes are visible
at the top of the coronal image, which are likely due to field inhomogeneity near the surface
of the transducer causing some water bath signals to be excited and alias into the image.

5.4 Discussion

5.4.1 Summary of Results

We have successfully designed, constructed, and tested an open-source preclinical MRg-
FUS hardware and software package in phantoms and in vivo. The system was shown to be
capable of robustly sustaining controlled temperature rises with MRgFUS in a preclinical
setting. The platform is MRI compatible, allowing for unobstructed imaging and sonication
of the target with two degrees of freedom in transducer motion and minimal removal of the
hardware once placed. Treatment planning tools were implemented, comprising standard
anatomical scans and an MR-ARFI sequence to image mechanical displacement due to FUS.
The real-time temperature mapping and drift correction routine was shown to be accurate
to within 0.07°C when compared to a fiber optic thermal probe reference and was able to

complete computations online within one image frame. The use of a 3mm slice thickness
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during thermometry, which was larger than the focus width and chosen to increase image
SNR, could contribute to initial temperature underestimation within the focus [135]. How-
ever, with the long sonication duration and thermal diffusion in hyperthermia, we do not
expect this to be a problem. For shorter treatments such as ablations, users should choose
their slice thickness accordingly to prevent underestimation. A steady state was achieved for
all sonications during which the PID control software responded appropriately to changing
conditions in vivo and maintained the desired temperature rise for the entire duration of
treatment. These characteristics make the described system viable for use in studies with
MRgFUS on small animal models.

We expect minimal training to be necessary for new users. Two undergraduate researchers
in our group learned to setup and run the system with 5 hours of training. The entire
system was constructed for less than $20,000 USD of which approximately $600 USD was
spent designing and constructing the delivery table. Many of the commercially purchased
products, such as the amplifier, were intentionally purchased with specifications far exceeding
those required for this system. Further reduction of cost could be achieved depending on
the hardware specifications required by the application and preexisting availability of such

equipment to the user.

5.4.2 Steady-State with PID Control

The implemented PID controller allowed the system to robustly maintain the focal tem-
perature rise at a desired set point without any visible effect from the scanner’s field drift or
transducer frequency used. The controller was responsive to changes in perfusion during in
vivo heating [136], as evidenced by upticks in the the output voltage in Figure 5.8, however
proper tuning of the PID controller gains is important for controlling the response of the
system in such situations. The PID controller performance has been shown previously to
be robust to noise [137], however adjusting the integral gain of the controller might also im-

prove noise stability [138]. For this study the PID parameters were tuned once manually in
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a tissue-mimicking phantom and remained constant during all experiments described. This
approach was sufficient for our purposes as the temperature set points and tissue proper-
ties did not vary significantly between experiments. This may also be the case for many
hyperthermic applications where a set point of A6°C from baseline (or 43°C) is desired and
does not vary significantly between experiments. Individual tuning may also be avoided for
studies that target tissues with similar properties between subjects. These settings have
been used successfully in 4 more mice with no observed disruption from the PID controller
settings [139]. However, if a study were to involve more heterogeneous tissue or largely varied
target temperature rises, the controller gains would likely need to be tuned for each specific
tissue and set point. Controller gains would likely also be required for different applications,
such as hyperthermia vs ablation where overshoot of the target could severely impact the
experimental outcome. In these cases, the user could alter the PID controller’s behavior by
adjusting the PID gain values. For example, the early temperature overshoot we observed
in some of our sonications could be reduced by increasing the derivative gain with a poten-
tial trade off of a slower start-up. These values can be freely adjusted by the user within
the GUI or software code to tune the controller output. Tuning could be performed using

previously-described algorithms [140, 141].

5.4.3 Temporal resolution

For real-time monitoring a fine temporal resolution is desirable to maintain tight control
of heating and rapidly detect unintended heating [12]. In addition to MR acquisition time,
another main factor that could limit the temporal resolution of this system is the execution
speed of the real-time software. This is highly dependent on the computer specifications,
however care was taken in the code development to minimize execution time. For example,
memory is preallocated for large variables and the MR raw data file is opened only when
the time stamp on the data has changed from the previous check. This prevents the file

from being continually opened and closed extraneously, avoiding any associated lag time.
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For the software run on the scanner computer, execution speeds were as detailed in Table
5.2. The software executed in less than a second after the inital setup which is shorter
than the thermometry sequence’s temporal resolution of 3 seconds with no observed delay
in temperature mapping. In the case that a shorter temporal resolution were needed an
accelerated image acquisition scheme such as EPI [116] or partial Fourier [142] could be
implemented. The operation of the system should remain the same provided that the software

execution time does not exceed the time required to acquire the next image.

5.4.4 Contemporary Systems

Other research groups have also developed systems to meet the challenge of treating
small animal models with MRgFUS, yet there are underlying differences that make our
system unique. One such system was recently described by Bing et al [143], which was
also based on a constrained PID controller for fine control over the focal temperature rise
in vivo. The Bing system was designed for a 3T human MRI scanner and based on a
commercial clinical MRgFUS system (RK100, FUS Instruments, Toronto, Canada), which
are of more limited availability and much higher cost than the described system. Our system
was intended for use with small-animal MRI scanners more commonly used in preclinical
research and has the flexibility with open-source CAD plans to be adapted to use with
scanners of many configurations. Many of the current hardware components were machined
by hand but could be 3D printed provided that the material used was strong enough to
remain structurally sound with use. An interesting development in Ref. [143] was the use
of acoustic lenses to diffuse the focus and deliver heat over a larger volume. For the mouse
model used in our experiments the 1.4 x 10 mm focal size of our transducer at 1.1 MHz was
sufficient, however other applications could benefit from larger focal sizes enabled by such
lenses. In this case it would be possible to adapt the transducer cone used with our system
to include an acoustic lens.

Another contemporary system was described by Fite et al. [140]. In their system, MRg-
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FUS was also implemented on a preclinical MRI scanner, however commercial hardware was
used to equip the magnet with FUS capabilities (Thermoguide, Image Guided Therapy, Pes-
sac, France) leading to cost and design flexibility limitations similar to Bing et al. The Fite
system used a PID controller tuning algorithm using the Pennes Bioheat Equation [144] that
enabled exact control characteristics to be easily achieved. As mentioned previously, such
tuning algorithms could be integrated with our system to avoid manual tuning of the PID
controller. One feature of the Fite system is the integrated quadrature coil that provides
high sensitivity throughout the target volume during treatment. Our system uses a surface
coil which provides high sensitivity at the focus level but has less sensitivity further into the
volume. This sensitivity gradient does not interfere with temperature visualization in our
system, however image SNR could be further improved by adaptation of a quadrature coil
similar to the Fite system. We found that our temperature measurements were accurate to
within 0.07 °C, and precise with a standard error of 0.25 °C, which is comparable that of
the commercial system used by Fite et. al. (Ref. [140], Figure 4) as well as clinical systems
such as the Philips Sonalleve (Philips Healthcare, Best, Netherlands), for which an accuracy
within £1 °C is reported [145].

An additional system was described by Magnin et al. [146]. Like our system and the Fite
system, the Magnin system was designed for a preclinical MRI scanner. However, the FUS
control software used by Magnin was commercially purchased (Thermoguide, Image Guided
Therapy, Pessac, France). The main feature that sets their implementation apart is the
use of a motorized frame to adjust the transducer position. The Magnin system allows for
translation in 3 dimensions as well as electronic steering with multiple transducer elements
while ours has 2 degrees of freedom and uses a single element transducer. This freedom of
motion works very well for their proposed application in transcranial FUS. It should be noted
that the transducer used in the Magnin system was much smaller than the one implemented
with our system. As such, the exact motorized framework used by Magnin may not be usable

with our larger transducer size, although a similar motorized design could be adapted. For
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the hyperthermic application explored in this paper, our system’s translation and steering
capabilities were sufficient.

Finally, while our system’s most fundamental features such as treatment planning and
monitoring software, real-time MR thermometry-based closed-loop temperature control, and
an MR-compatible therapy table parallel the features of a clinical MRgF'US system, current
clinical systems now include more sophisticated features such as active transducer cooling,
active skin cooling, and electronic and mechanical beam steering. While our system does not
currently have these features, the underlying framework is comparable and inherently allows
for more flexibility of design and application-specific modification than a more regulated

clinical system might provide.

5.4.5 Possible Extensions

The open-source nature of the system allows it to be adapted to the specific equipment
requirements of the group using the system. The current delivery platform with flat top
and modular delivery window provides inherent flexibility in target placement, however this
can make experimental setup challenging. During experiments, positioning the coil for good
SNR while not interfering with the acoustic coupling, the circulating water heating pad (Kent
Scientific, Torrington, CT, USA), or the animal monitoring equipment required the use of
tape and foam supports. These considerations led to relatively long setup times, particularly
for in vivo experiments where it often took up to 25 minutes to position the mouse, tune
and match the coil, and calibrate the MR scanner for imaging. Such challenges could be
mitigated by the use of a mouse holder that screws into the platform, provides mechanical
support, connects to anesthesia and monitoring equipment, and maintains body temperature.
In addition, the current single-slice baseline subtracted thermometry routine was prone to
susceptibility artifacts from gut motion, respiration, or the presence of fat depending on the
imaging slice. This could be improved through the implementation of more motion-robust

temperature reconstruction, which is an open area of research [147, 148, 149, 150, 14, 151, 13,
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36, 152, 153, 15, 154]; given an effective approach to this problem, the associated processing
could be incorporated in our modular processing framework. Additional modules could
be added by the user to incorporate other feedback modes (ie: concurrent ARFI imaging,
passive cavitation detection) as well as making the required MR pulse sequence or hardware
changes. Hardware modifications can be made in the provided Solidworks designs prior to
construction. For example, the delivery table could be modified to hold transducers of other
geometries by changing the size or shape of the cylindrical slot within the head of the table
that holds the transducer. The length, width, and height of the delivery table could be
adjusted to accomodate MR scanners of different bore sizes provided that the ultrasound
transducer still fits within the table. If the addition of plastic shims does not provide enough
freedom of adjustment in the transducer height, a second rack and pinion system could
be constructed to allow the transducer to be raised and lowered relatively to the platform
from outside of the magnet. The open-source files and modular structure of the software is

intended to make such adaptations straightforward for users to implement.

5.5 Conclusions

We have described and validated a preclinical closed-loop MRgFUS system. Defined
completely in open-source Matlab and Solidworks files, we hope to lower the initial barrier to
conducting small-animal MRgFUS studies. The described system represents a cost-effective
solution that allows for flexibility in design and implementation to suit the needs of cross-

disciplinary researchers in conducting preclinical studies with FUS.

5.6 Availability of data and materials

The datasets supporting the conclusions of this article are available in the small AnimalM-
RgHIFU repository, DOI:10.5281 /zenodo.51633,

https://github.com/poormanme/smallAnimalMRgHIFU.

102



5.7 Acknowledgments

The authors would like to acknowledge Dr. Fiona Yull, Whitney Barham, and Stephanie
Dudzinski for their aid in maintaining the mouse colony and providing murine tumor models.

Also Michael Siebold for the egg phantom photograph.

103



Chapter 6

CONTRIBUTIONS AND FUTURE WORK

6.1 Summary and Conclusions

This work seeks to further enable the use of MRI for guidance of thermal therapies
and push the field of minimally invasive thermal therapies towards widespread clinical use.
Minimally-invasive, interventional therapies are a viable alternative to more invasive surgical
approaches, reducing damage to health tissue while locally targeting the area of interest.
This selectivity can improve patient outcomes, reduce treatment recovery times, and reduce
overhead costs. Imaging guidance is necessary to ensure a successful treatment and many
modalities have been explored for this purpose. MRI can provide superior soft-tissue contrast
and real-time feedback in the form of therapeutic temperature maps, but challenges remain
before this technique can be applied in challenging cases such as adipose tissue and near
metal. This dissertation tackled two of the main challenges - erroneous MR thermometry
in fatty tissues and near metal probes, and the high cost and limited access to MRgFUS
equipment for clinically-relevant studies. In Chapter 3 a model-based thermometry technique
was developed that corrected temperature errors in mixed water and fat tissues. This method
was shown to be robust to tissue motion, spatiotemporally-varying off-resonance shifts, and
could enable more robust MR thermometry guidance in fatty tissues such as breast and liver.
It uses state-of-the-art, iterative water/fat separation in a real-time compatible manner. By
performing water/fat separation prior to heating and fitting subsequent images to a model-
based solver, the method provides accurate PRFS thermometry in fatty tissues without
requiring separations to be computed during heating. Chapter 4 developed a novel multi-
echo Z-shimming sequence with MR imaging simulator for offline optimization. The sequence
was proven capable of recovering signal and temperature precision near metal ablation probes

without requiring tuning of the sequence to a given probe angle and slice geometry. This
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work will enable temperature mapping near metallic needles and ablation probes for guidance
of ablations. Finally, an open-source, low-cost, entry-level MRgFUS system was developed
in Chapter 5. This modular system was validated extensively and can conduct sonications
in small animals under closed-loop feedback. The system was provided open-source to the
focused ultrasound community in hopes of lowering the barrier to performing pilot MRgFUS

studies.

6.2 Impact and Innovation

This work provides enabling technologies that address the current limits of MR ther-
mometry to push the bounds of minimally invasive therapies. Firstly, it promotes the use of
multiple gradient echo sequences in PRFS-based thermometry. Multiple echo information is
underutilized in monitoring of clinical MR-~guided treatments, yet it can provide a plethora of
additional information that can be used to improve temperature mapping. Previous work has
shown that multiple echoes can be used to separate water and fat, eliminate phase wrapping
errors, and reduce chemical shift distortions, all of which are much needed improvements
to the current standard of care [18, 23, 111]. We further took advantage of multiple echo
information to integrate a seamles hybrid referenceless multibaseline thermometry approach
[15] with both water/fat separation and metal artifact correction. This integration mitigates
two common sources of artifacts in MR thermometry and does so in an optimized, real-time-
compatible manner. Secondly, it promotes the use of open-source science to push the field of
MR-guided therapies forward. The majority of this work is based on underlying algorithms,
whether it be optimization, model-fitting, or system control. By making this work freely
available to the research community the research is not only straightforward to reproduce,
but easier to implement and adapt for individual purposes.

The water fat thermometry algorithm bootstraps the estimation of field drift from both
fat and water to enable spartsity-regularized thermometry to be used in areas of diffuse

heating. This coupling of water and fat for estimation across multiple echoes also makes
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the algorithm robust to a wide range of regularization parameter choices which could allow
for straightforward integration of this method into the clinic without the need to tune for
specific treatment scenarios. Finally, fat-separated thermometry with just a single echo has
not been implemented previously to this work. This enhancement could make the method
more broadly applicable in situations where temporal resolution is critical and the number
of echoes that can be acquired is limited. This leaves room for the integration of fat contrast
mechanisms into conventional PRFS thermometry in a manner that is robust to motion and
scanner drift.

The multi-echo Z-shim presents a unique method for sequence optimization, building
upon existing work in magnetic susceptibility characterization. Using a simulated optimiza-
tion allows the sequence to be tuned a single time offline for a given device and magnetic
field strength, which will help standardize imaging protocols during treatments using metallic
ablators. This work builds off the widely-used gradient echo sequence with PRFS temper-
ature contrast, avoiding time constraints that come with multi-spectral spin echo imaging
and the need for calibration with Ti-based thermometry that other metal artifact correction
methods use. This will make integration of the method into clinical thermometry protocols
more straightforward to enable further development of novel, minimally invasive ablation
techniques such as transforamenal hippocampal ablation [74].

The open-source MR-guided ultrasound system is the first of its kind to be distributed
to the community. Purchasing a commercial system can be costly, especially when at the
beginning stages of a research project. Many groups of researchers have implemented their
own systems with a wide variety of features, some of which are encompassed in this system.
However, doing so requires significant investment of time and expertise to validate and no
systems have been provided open-source. The entry-level, do-it-yourself MRgFUS system
that is described in this work is already validated for closed loop control, reducing start-up

costs and lowering the barrier to exploration of the many clinically-relevant applications of

FUS.
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6.3 Future Work
6.3.1 Multi-contrast sequences

The water/fat separated thermometry method corrects PRFS temperature errors in fatty
tissues and performs accurately for fat fractions from 0% to 90% fat but fails in 100% fat.
A natural extension of this work would be to incorporate multiple contrast mechanisms to
perform thermometry even in 100% fat. This has been attempted before through mixed
T1/PRFS techniques [48]. However these methods must avoid contamination of fat and
water signals between the two mechanisms. Incorporation of the model-based technique
described in Chapter 3 with the variable flip angle T; mapping of Ref. [48] could correct
the PRFS signal without fat suppression and incorporate T; contrast mechanisms. The
{1 regularization used in the proposed water/fat thermometry method could also be used
to regularize apparent heating due to T; changes by building the Ti-induced magnitude
change into the model as a function of heating, similarly to the joint PRFS/T; estimation
proposed in Ref. [155]. Changes in T3 with temperature could also be incorporated using
the signal decay across multiple echoes. Coupling of these mechanisms with PRFS could
help enforce data consistency between temperature changes measured with each metric and
enable thermometry over the whole range of fat fractions. MR fingerprinting offers another
approach for acquiring multi-contrast data during heating. This technique has been shown
to be sensitive to many MR tissue parameters including T, T9, My, the apparent diffusion
coefficient, and off-resonance, and can rapidly acquire maps of these parameters with a
gradient echo sequence [156, 157]. The sensitivities of these parameters in both water and

fat could be incorporated into the MR fingerprinting dictionary and acquired simultaneously.

6.3.2 Metal artifact correction for interventions

The orientation-independence of the optimized Z-shim thermometry sequence offers a

unique opportunity for metal artifact correction around needles and devices of different ge-
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ometries. Beyond thermal guidance for ablation, the metal artifact correction abilities of
the Z-shim work could be useful in guidance of other interventional procedures involving
susceptibility-mismatched materials such as biopsy and brachytherapy. Current MR~guided
methods for biopsy rely on gradient echo images for real-time feedback about the probe
insertion which are marked by signal loss and artifacts near the inserted needle. In order
to confirm final needle placement spin echo images are used, which inherently correct the
artifacts but require more time to acquire than gradient echo sequences. For applications
near neurological and vascular structures where precise guidance is critical, spin echo images
are used primarily which can slow down the rate of imaging feedback [158]. The multiple
echo Z-shimmed technique could be used in these applications to recover the areas of lost
signal without compromising on acquisition speed. In brachytherapy applications, where
radioactive seeds are inserted into a target of interest, precise localization of the seeds is im-
portant for calculating the radioactive dose delivered to the patient but is made challenging
by the susceptibility artifacts caused by the seeds. These oblong seeds are around 4.5 mm
in length and can be distributed in any orientation with respect to the magnetic field [159].
Particularly with the orientation-independence of the proposed Z-shim master scheme, the
optimized Z-shim could be useful in recovering this signal and localizing the brachytherapy
seeds. The orientation-independence of the Z-shim method could also be useful in monitoring
heating near ablation probes of non-linear geometries such as transforamenal hippocampal
ablation [74], where helical nitinol needles are used to match the hippocampus shape. Ex-
tending this, applications such as deep brain stimulation electrode placement require precise
electrode placement while avoiding heating due to induced current from the magnetic fields
[75]. The optimized multiple echo Z-shim could be useful for not just localizing the electrode

but ensuring safety by monitoring unintended heating of the electrode during insertion.
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6.3.3 Low-field needle imager

Despite the advantages of good tissue contrast and real-time localization, MRI-based in-
terventional procedures are not widely used in the clinic, in part because they add to already
high clinical demand for MRI scanners, which can be limiting for many sites. Low-field
portable MRI systems have seen development in recent years and are capable of produc-
ing images comparable to that of higher field strengths [160]. Coupled with the fact that
distortions due to susceptibility mismatching are lower at decreased field strengths [158],
development of a low-field scanner could be a promising approach to minimize distortion
from needles and reduce the cost of using MRI for such procedures. For needle-based tech-
niques such as biopsy and brachytherapy delivery, the cost and added complexity of using
MR guidance is too high when readily-available techniques such as ultrasound guidance are
cheaper and much more readily available. [161]. A low-field system with optimized Z-shim
master sequence could be designed and deployed as a tool in a practitioner’s office for rapid,
orientation-independent artifact correction and guidance of these needle-based therapies.
This would allow Z-shimming to be used to further reduce distortions near the metal needles

without needing to calibrate the imaging for each needle or image orientation.

6.3.4 Bioeffects of FUS

The constructed open-source MRgFUS system’s closed-loop feedback system lends itself
well to the exploration of FUS parameters and how they relate to downstream bioeffects. For
example, immunotherapy with FUS is an active area of research and it has been shown that
different strengths and duration of FUS application can effect the amount of immunomod-
ulation [162]. This system could be used to more closely examine this relationship under a
controlled setting. Another area of interest is in neuromodulation, where mechanical FUS
disruption is thought to trigger a neurological response. However, the mechanisms behind

the activation or inhibition of activity are only beginning to be explored. Recently it was
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proposed that FUS neuromodulation could be due to an auditory startle reflex and not focal
activation [163]. This system could be used to explore these effects in detail with controlled
testing in small animals. Due to its inherent modularity, additional mechanisms of neuronal
activation, such as laser, could be integrated into the system to directly compare the in
vivo response of the two methods of neuromodulation in order to better understand the

underlying biological mechanisms activated by FUS.
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