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Abstract

Multisectored Ultrasound Applicators for Thermal Therapy
by
Adam Merritt Kinsey
Doctor of Philosophy in Bioengineering
University of California, San Francisco/Berkeley
Chris J. Diederich, Ph.D., Dissertation Research Director

Sarah J. Nelson, Ph.D., Chair

Heat treatments can be used as an adjunct to radiotherapy or chemotherapy or as
a stand-alone alternative to surgery. Despite the therapeutic effects of heat,
acceptance of thermal therapy in the clinic has been slow because of a lack of
accurate control of heating distributions. Many different types of heating
modalities and devices have been developed to deliver thermal therapy. Recent
advancements in non-invasive temperature monitoring, in particular, MR, give
an increased understanding of the spatial deposition of heat delivery in tissue.
Ultrasound offers excellent spatial energy deposition and increased heating
penetration due to its short wavelength. External, intracavitary, and interstitial
ultrasound heating devices can deliver accurate thermal treatments when
coupled with MR temperature monitoring. This work presents the development

and evaluation of novel interstitial and transurethral ultrasound thermal therapy



v
applicators designed for use with MR temperature monitoring. Multisectored
tubular ultrasound transducers were developed and incorporated into the
devices to deliver conformal thermal treatments in the angular and radial
dimensions. To provide three dimensional control of the heating distribution,
multiple multisectored transducers were incorporated along the length of the
applicators. The devices were constructed of MR compatible materials and do
not require any movement or manipulation during treatment to deliver a
conformal heating distribution. Acoustic characterization of the multisectored
ultrasound applicators was conducted using force-balance acoustic efficiency
measurements and rotational acoustic beam profiles. In this work, 2D and 3D
biothermal models were modified and developed to evaluate the heating
characteristics of these devices. For verification of the model and thermal lesion
evaluation, ex vivo tissue studies were completed. Finally, in vivo experiments
under MR guidance and MR temperature monitoring were conducted in canine
thigh muscle for the interstitial devices and canine prostate for the transurethral
applicators. The in vivo studies displayed the ability of multisectored ultrasound
applicators to conform thermal therapy to a target area during treatment
according to feedback from MR temperature images and. This work details the
design, development, biothermal model characterization, ex wvivo tissue
evaluation, and in vivo MR guided evaluation of novel multisectored ultrasound

devices and outlines their potential for improving thermal therapy.
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Chapter 1

Introduction

1.1 Hyperthermia

From relieving sore muscles to reconstructing tissues to treating cancer,
the therapeutic effect of heat on the body has been explored for centuries.
Medical treatment with heat can be separated into two categories; hyperthermia
and thermal ablation (also referred to herein as high-temperature thermal
therapy.) Hyperthermia is most commonly used for cancer treatment as an
adjuvant to radiotherapy[84,103] and recently, chemotherapy.[8,57] By heating
tissue 2-8 °C above steady-state internal body temperature (37 °C), the cells
become sensitized to radiation and chemotherapy, increasing the efficacy of

treatment. In the case of radiation, this occurs through thermal denaturization of



enzymes in the cell necessary for the repair of strand breaks.[100] Hyperthermia
temperatures can also cause the cells to oxygenate, which can result in the
creation of more oxygen radicals when the cells are irradiated.[44] The creation
of poisonous oxygen radicals is one of the primary ways in which radiation
therapy necroses tissue. Because of this effect, hyperthermia can help destroy
hypoxic tissues that are often radiation resistant.[86] When hyperthermia and
radiation are delivered concurrently, the amount of cell killing significantly
increases in comparison to when the therapies are individually delivered.[84]
Chemotherapy involves poisoning cells with chemical compounds, either
natural or synthetic. Chemotherapy is often an effective method of treating
cancer because many tumors have a highly vascular periphery where drugs will
accumulate. Hyperthermia can cause an increase in blood flow and dilation of
blood vessels and, when targeted to tumor cells, results in even more preferential
deposition of chemotherapy to the cancer area. In addition, hyperthermia can
make cell membranes more permeable to chemical compounds, allowing more of
the accumulated drugs to be deposited into the cell.[31,37] The combination of
hyperthermia and chemotherapy has been shown to increase the efficacy of

treatment compared to traditional chemotherapy by more than two-fold.[57,100]

1.2 Thermal Ablation

Bulk cell killing with heat, or thermal coagulative necrosis, involves high



temperatures (> 50 °C) that irreversibly denature cellular proteins. Similar to
hyperthermia, high-temperature thermal therapy can be used in conjunction
with radiation and chemotherapy; however, it is typically applied as an
alternative to radiation or surgical methods for cancer treatment. Thermal
ablation is appealing to investigators and clinicians for a variety of reasons. In
most cases, the delivery of heat can be accomplished with a small needle probe
or with an external device, making thermal ablation significantly less invasive
than surgery. This can reduce major treatment complications and improve
mortality rates, possibly resulting in lower costs due to decreased hospital stay.
Another key consideration for delivering thermal ablation therapy is that it can
be delivered multiple times for the treatment of recurrent cancer or after other

treatments fail.

1.3 Thermal Dose

Studies have shown that cell killing with heat is related to the amount of
time the treated tissue is at a certain temperature. In other words, delivering
lower temperatures for a long period of time can result in a similar thermal
lesion to delivering higher temperatures for a short period of time. The time-
temperature relationship of cytotoxic heat treatment is known as thermal dose,
which can be quantified by the Sapareto-Dewey isoeffect thermal dose

equation:[30,99]



tg = 3. At @ R
t=l

where t43 is the thermal dose, expressed in equivalent time (min) at 43 °C.
Thermal dose is determined from the cumulative thermal damage between the
beginning of heating (t = 0) and the end of treatment (f4na). Thermal damage is
related to the time between temperature measurements (At), the average
temperature (T) during At, and an empirically derived constant, R. Based on an
Arrenhius experimental analysis of cell killing, R is equal to 2 for temperatures
below 43 °C and 4 for temperatures at 43 °C and above. Thermal coagulative
necrosis is often seen when the thermal dose values are ts3 > 240 min, although

this can vary depending on the tissue type.[21,32]

1.4 Clinical Heat Treatment

Hyperthermia and thermal ablation have been applied for the treatment of
numerous types of cancers. Hyperthermia as an adjunct to radiation therapy has
shown improved efficacy in many types of tumors, including melanoma,[85]
glioblastoma multiforme,[104] chest wall recurrence of breast cancer,[119] and
cervical cancer.[117] In all of these studies, the addition of hyperthermia
treatment increased the rates of tumor response and cancer-free survival than
radiotherapy alone.

Thermal ablation is being used to treat localized cancerous tissue in sites



such as liver,[2] kidney,[105] brain,[5,74] prostate,[110] and bone.[95] There are
many non-oncological uses of high-temperature thermal therapy as well. The
diseases and conditions that are treated with heat include prostatic
hyperplasia,[71,122] cardiac arrythmias,[121] uterine fibroids,[106] lower back
pain,[98] and cosmetics such as dermal tightening.[48] One of the most prolific
areas of development of thermal ablation technologies is for treating prostatic
disease, primarily as a minimally-invasive alternative to surgical transurethral
resection of the prostate (TURP). Heat treatments have demonstrated durability
and efficacy close to TURP but with lower morbidity.[12,71] There are no major
vessels within the prostate tissue, making heat treatments realistic and
consistent. Two types of intracavitary heating applicators, transrectal and
transurethral, have been developed to deliver treatment to the prostate. These
methods provide advantages for heating the prostate because they minimize the
number of tissue interfaces in the heating zone, allowing the heat source energy

to be applied directly to the prostate.

1.5 Heating Modalities

Warm water baths and hot springs are two ancient methods for healing
the mind and body. While the mechanisms of the therapeutic effect of these
prescribed treatments were not known to the ancients, these were two of the first

methods for delivering thermal therapy. These methods take advantage of heat



conduction and are still commonly used today both for muscle and joint aches
and pains, as well as being a method for whole body hyperthermia. Thermal
conduction is the most basic method of heating the body; however, it is not very
effective for treating deep-seated localized disease or delivering a large amount
of heat energy to a large volume. Heating modalities have been primarily
developed with the goal of increasing the penetration depth of heat in tissue
without increasing the overall maximum temperatures. The heating modalities
outlined here take advantage of the properties of different types of waveforms at

different frequencies as they attenuate through tissue.

1.5.1 Radiofrequency

Radiofrequency (RF) is probably the most common method for delivering
medical heat treatments because of its ease of use. Also, these devices are the
simplest in construction when compared to the rest of the modalities outlined
here. RF devices emit electromagnetic waves with frequencies of 0.3-30 MHz.
The heating from these devices falls off in tissue with the square of radial
distance from the tissue-electrode interface. In other words, while simple to
construct and superior to thermal conduction sources, the radial penetration of
heating from an RF heating probe is limited. To overcome this limited radial
heating depth, many device designs utilize multiple RF sources or cooling near
the RF source. These devices are practical and widely used for heat treatments;

however, to increase the heating volume and obtain greater control of the heating



disposition, microwave or ultrasound devices should be considered.

1.5.2 Laser

Laser light can be delivered to an internal tissue through the use of fiber-
optic cables. Laser excites the tissue and, as the tissue relaxes, heat is generated.
The major advantage of using lasers for thermal ablation of tissue is the precision
of heat treatment. The tip of a laser source can be on the order of 1 mm, allowing
for use as a surgical tool or for fine cosmetic procedures. However, for thermal
ablation of a large volume of tissue, such as a primary tumor, the radial
penetration of the heating is less than 1 cm. Also, lasers rapidly coagulate tissue,
which changes the tissue’s optical properties and makes it difficult to heat far

beyond the laser source.

1.5.3 Microwave

Microwaves are electromagnetic waves at frequencies of 300 MHz to
several gigahertz that cause polar molecules in tissue to rotate at the frequency of
the microwaves, which causes viscous heating. In the microwave frequency
range, propagation of waves is predominantly radiative as compared to
conductive at RF ranges, providing better heating penetration. Microwaves
create larger lesions than both RF and laser devices and provide improved

spatial control. They also are relatively simple when compared to ultrasound.



Microwave heating devices can be designed to deliver heating patterns with

adaptable control, but this control is typically very limited.

1.5.4 Ultrasound

Ultrasound can be delivered to tissue with many different types of
devices, including external, intracavitary, and interstitial applicators. Ultrasound
waves at high frequencies (1-10 MHz) deposit energy in tissue due to viscous
heating from vibrations. In general, due to its short wavelength, ultrasound
provides favorable heating radial penetration when compared to the other
heating modalities mentioned in this introduction. The attenuation coefficient of
ultrasound energy is roughly proportional to frequency, which allows the
penetration depth to be varied from <1 cm to >10 cm by changing the frequency.
Also, ultrasound can be delivered from a number of different geometrical shapes
and sizes. By changing the geometry of the transducer or using electronic
focusing of the energy waves, ultrasound offers three dimensional control over
the heating deposition. This control is significantly greater than with any of the
other heating modalities. The limitations to ultrasound thermal therapy are
significant acoustic absorption at bone interfaces, acoustic reflection from gas

surfaces, and complex equipment design and treatments.

1.5.4.1 High-Intensity Focused Ultrasound

High-intensity focused ultrasound (HIFU) refers to an external or



intracavitary ultrasound thermal therapy device that either geometrically or
electronically focus the ultrasound energy at a treatment site. Typically, these
devices have a small focal zone and rapidly ablate a small heating region. To
thermally treat a large volume of tissue, the focus can be moved in steps during
treatment. The tissue coagulation is almost instantaneous when high power
levels are applied, making the thermal damage relatively independent of
heterogeneities and changes in the thermal parameters of tissue.[62]
Geometrically focused HIFU devices (spherical transducers) can be mechanically
scanned to treat large tissue volumes. This offers a high degree of spatial control
over the ultrasound energy deposition and resulting heating pattern. It is this
spatial control that gives HIFU an advantage over heating modalities to adjust
for temperature variations due to tumor irregularities, perfusion heterogeneity,
and blood vessels. Mechanically scanned HIFU systems have been used clinically
in the past.[55,73]

Most clinical heat treatments with ultrasound are done using HIFU
systems that incorporate electronic focusing. This can be accomplished by using
several transducer elements (as many as a few thousand) and driving them in a
manner that brings the ultrasound waves into phase at a small focus in the tissue.
Clever driving techniques have been developed that offer significant advantages
over mechanically scanned geometrically focused systems.[41] HIFU phased
array systems also provide a great deal of flexibility in treatment setup and

planning. By properly controlling the ultrasound energy deposition, complex
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beam patterns can be formed to account for phase aberrations and tissue
interfaces.[9,42] Very recently, a commercial HIFU device system has been
approved for the treatment of uterine fibroids.[77,106]

Intracavitary HIFU devices provide a minimally invasive alternative to
surgery in tissue sites and tumors that are near a body cavity. This reduces the
number of tissue interfaces in the heating area and makes ultrasound delivery
more consistent. Intracavitary applicators can also utilize phased array systems
for penetration depth and spatial control. Transrectal devices have been the
primary method of delivering ultrasound thermal therapy to prostatic disease.
Recent large clinical studies have been completed that demonstrate the
effectiveness of transrectal HIFU for treating prostate cancer.[110] Also, many
studies have been done inspecting the usefulness of transrectal HIFU for BPH

treatment.[111]

1.5.4.2 Interstitial Ultrasound Devices

Interstitial methods are most often used for treating bulky or unresectable
deep-seated tumors that are difficult to reach by external methods. While the
technique is minimally invasive, it is still the treatment of choice in many sites
because the heating source is implanted directly into the tumor, localizing the
therapy. With ultrasound, interstitial techniques also overcome some of the
limitations of HIFU, such as changes in impedance at tissue interfaces and

ultrasound reflection at gas interfaces. This is because the energy is localized to
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the tumor, which avoids heating healthy surrounding tissue. Interstitial implants
are commonly used to localize radiotherapy, known as brachytherapy, which can
be combined with interstitial hyperthermia treatments. Clinical trials utilizing
this method of treatment with microwave devices for glioblastoma patients have
shown an increase in 2-year survival from 15 % to 31 % as compared to
radiotherapy alone.[104]

Interstitial ultrasound applicators have been developed for hyperthermia
and thermal ablation treatments. These applicators typically consist of non-
focused planar or tubular transducers. The outer electrode on the tubular
transducers can be cut to isolate one part of the transducer, creating a directional
heating pattern. The diameter of the tubular ultrasound transducers incorporated
into interstitial devices is typically 1-3 mm. These applicators have demonstrated
improved radial penetration compared to other heating modalities.[33,109]
Interstitial ultrasound applicators have been constructed using two basic design
templates; catheter-cooled and direct-coupled. Catheter-cooled applicators
consist of a transducer assembly mounted on a support structure which can then
be inserted into a 13-14 gauge catheter. Water cooling can then be delivered in
through the insert and out through the catheter. This cools the tissue
surrounding the applicator, allowing the ultrasound energy to penetrate farther
into the tissue, and also cools the transducer as it heats up from mechanical
inefficiencies. These devices have demonstrated the ability to generate high

temperatures (> 50 °C) at continuous high power levels (>10 W).[81]
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Direct-coupled interstitial ultrasound device designs have also been
shown to provide excellent heating penetration when compared to other heating
modalities. Only a thin layer of protective plastic coating separates the
transducer from the tissue, which couples the ultrasound energy directly to the
tissue. The applicators can be cooled through the center of the device with air or
water.[26,27] Water cooled interstitial ultrasound devices (<3 mm OD) can make
thermal lesions up to and beyond 4 cm in diameter in bench top[109] and in vivo
experiments.[27] Both catheter-cooled and direct-coupled devices can
incorporate multiple ultrasound elements along the length of the device to
axially control and shape a heating pattern.[33,81] The power to each individual
tubular element of multielement applicators can be adjusted to control the tissue
temperature along the length of a catheter. The length and number of
transducers within an applicator can be selected based upon the overall desired
heating resolution and heating pattern size. With a large number of elements, the
power deposition pattern does not have to be dependent on the placement of the
catheter, which can be a limitation of RF and microwave techniques.

Interstitial devices have also been studied that incorporate planar or
slightly focused ultrasound transducers. Studies of devices incorporating linear
arrays of planar transducers have been able to flatten the temperature profile and
extend the heating deeper into tissue.[18] The applicator must be rotated and the
focus scanned to heat a large volume of tissue. This significantly extends the

treatment time as compared to treatments using tubular transducers. Planar
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transducers can also be incorporated into cylindrical devices; however, the
diameter of the device may be too large for practical interstitial purposes.[65,66]
Ultrasound phased arrays have been developed for transesophagael thermal
therapy.[79] These arrays can provide an accurate method of thermal treatment;
however, the device is too complicated and large (10 mm OD) for practical use as

an interstitial method.

1.5.4.3 Transurethral Ultrasound Devices

The prostate is an excellent candidate for thermal ablation therapy. By
accessing the prostate through the urethra, key tissue interfaces can be avoided.
With transrectal devices, the ultrasound energy must travel through the rectal
wall and it can be difficult to treat the anterior portion of the gland away from
the rectum. Transurethral heating applicators are positioned in the center of the
prostate and do not have to deal with tissue interfaces, as they heat from the
inside out. Compared to interstitial techniques, this method of prostate treatment
is significantly less invasive. Currently, the most common way of treating BPH
disease is through the urethra [transurethral resection of the prostate (TURP)].
Also, the majority of thermal ablation treatments of BPH are done with
commercially available transurethral microwave (TUMT) devices. However, to
heat the whole gland for cancer therapy, the device must be able to necrose tissue
up to 2.5 cm in radius from the urethra. Currently, this is the reason the most

common method of heating the prostate for cancer treatment is a transrectal
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HIFU approach. A HIFU setup is not possible to incorporate into a transurethral
device because of size limitations and would still face some of the previously
mentioned limitations of HIFU.

As discussed, ultrasound energy can penetrate much farther into the
tissue than microwaves. This makes it the obvious choice for incorporating a
heating modality into a transurethral device for treating prostate cancer. One of
the first transurethral ultrasound devices consisted of an array of four sectored
(180°) tubular transducers that were able to extend high temperatures (> 50 °C)
more than 1.5 cm in in vivo tissue.[35] These devices showed excellent potential
for prostate thermal therapy, but the directional heating pattern was fixed and
control over the heating pattern was limited. To improve spatial control over the
heating pattern conform thermal lesions to the prostate boundary, a very similar
sectored (90°) tubular ultrasound was developed that could be rotated during
treatment.[96] Recently, much of the research into transurethral ultrasound
devices has focused on incorporating a planar transducer that can be rotated
during treatment.[16,19,96] This provides a narrow acoustic beam width (~4 mm)
and offers slightly better radial penetration than tubular transducers. When
rotated, due to the small beam width, the device can very accurately shape a
thermal lesion in the prostate. Furthering the same strategy, the beam width
becomes even narrower when a slightly focused, curvilinear transducer is
incorporated into a device.[97] This allows for even more precise heating;

however, as the beam width narrows from a 90° sectored tubular to planar to
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curvilinear transducer, the treatment time becomes longer with each step up in
precision. The drawbacks of implementing rotating transurethral ultrasound
applicators are increased treatment time, increased setup time, and a very
complicated driving system. Many of these devices are being designed for use
with magnetic resonance (MR) temperature monitoring and require an MR-

compatible driving motor for the rotation.

1.6 MR Thermal Imaging

Thermal therapy is becoming more accepted in the clinic for the treatment
of solid tumors and tissues. Although heat treatment has been explored for many
years, acceptance was slow despite the obvious therapeutic benefits of heat. The
main issue was inconsistency in heating distributions and the danger of heating
healthy tissue. Now and in the past, temperatures are primarily controlled and
monitored with invasive thermocouple probes. These probes provide very
accurate temperature measurements, but without a large array of them, they
cannot provide precise spatial information about a heating distribution. Within
the last ten years, major advancements have been made in thermal dosimetry
involving non-invasive spatial temperature maps. These technologies are based
on diagnostic imaging modalities. MR imaging is the most research and common
method of spatial temperature monitoring.

MR imaging provides an excellent tool for target definition, guidance of
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device setup, and post-procedure therapy evaluation.[29] However, the most
valuable aspect of using MR as a tool for monitoring thermal treatments is the
ease of monitoring temperature changes in tissue. The main methods of
monitoring temperature with MR imaging are based on simple tissue properties.
The most accurate of these methods is known as diffusion thermal imaging,
where the Brownian motion of the molecules in tissue, as described by the
diffusion constant, changes exponentially with increases in temperature. This
change in the diffusion constant can be observed in MR images on the basis of
the signal attenuation in the presence of a pair of strong mutually counteracting
gradients.[28] While the accuracy of the temperature change monitored can be
less than 1 °C, this method is not practical for temperature monitoring in patients
because it is very sensitive to tissue movement and requires a long period of time
to acquire the images. In addition, the temperature sensitivity varies with tissue
type.[46,93]

The original method used for monitoring temperature deep within the
body with MR takes advantage of the relationship between T1 relaxation time
and temperature.[87] T1 is linearly inversely proportional to temperature up to
55 oC. However, the method is only accurate within 3 °C, the sensitivity varies in
different tissue, and temperature cannot be monitored in tissue that has been
previously heated.[46] In the body, these limitations prevent this method of
temperature monitoring from being robust, despite being resistant to patient

movement.
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1.6.1 Proton Resonance Frequency Shift

The most researched and common method for monitoring temperature in
the body with MR relies on the linear relationship between the proton resonance
frequency (PRF) of water and temperature. The chemical shift of PRF can be
calculated from phase information in RF-spoiled gradient echo images as given
by:

(1) =18,0(T) T2

where ¢ is the image phase, yis the gyromagnetic ratio, TE is the echo time, B, is
the main magnetic field, T is temperature, and o is the PRF shift. Subtraction of a
reference baseline phase image before heating from the each sequential image

acquisition creates a map of the temperature change as governed by:

aB,y TE

where « is the temperature dependency of the PRF shift, and o = (dg/dT) = ~0.01
ppm °C-1.

The biggest advantage of the PRF method is that it is mostly independent
of tissue composition.[90] One of the important issues associated with the PRF
shift method is the inability to measure temperature in fat. High lipid content
tissues, such as the breast, cannot be monitored with the PRF method. Fat can

also cause artifacts in the temperature measurements in other lower fat content
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tissues. The other key issue with the PRF shift MR temperature monitoring is the
method’s sensitivity to motion in the MR imaging field. This motion can cause
errors in the image registration during image subtraction, which could falsely
appear as temperature changes in a map. New methods and imaging sequences
have been developed to minimize this temperature artifact due to motion. One
method developed independently, but concurrently with this work, is
referenceless PRF shift thermometry.[94] Taking advantage of the lack of water
in fat tissue, so there are no phase changes, the phase in fat can serve as a
background phase for each individual temperature image. In other words, the
referenceless method removes the need for image subtraction, making it
inherently more robust and resistant to tissue or device motion.

Very recently, commercial MR temperature imaging guided thermal
therapy became approved for clinical use for the first time in the United States. A
HIFU system incorporated with an MR system was approved for the treatment
of uterine fibroids.[77,106] This system represents the new objective of thermal
therapy; to become a commonly used treatment for benign and malignant
tumors in the United States. Coupled with MR temperature imaging for therapy
monitoring and treatment verification, the accuracy of thermal therapies should
be significantly improved, remedying a problem that has plagued the field for
decades. Also, as MR and heating device technology improves, these treatments
should become more cost effective and may finally offer a safe, effective,

minimally-invasive alternative to traditional surgery.
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1.7 Research Objectives

The objective of this dissertation research was to design, develop, and
comprehensively evaluate novel ultrasound devices for thermal therapy, with
special considerations for guiding and monitoring the heating with MR
temperature imaging. In this work, new interstitial and transurethral devices and
catheter designs were developed. Multisectored tubular ultrasound transducers
were incorporated into these devices to provide dynamic three-dimensional
control over the creation of large heating distributions. The devices and
transducers constructed in this research are MR-compatible and were designed

with the limitations of MR temperature imaging in mind.

1.7.1 Dissertation Content

This work outlines a complete synthesis of new ultrasound thermal
therapy devices from construction of the applicators to in vivo studies in canines
under MR guidance.

Chapter 1 introduces heat treatment and heating modalities. It also details
previous work done with ultrasound devices and discusses the importance of
temperature measurement spatial accuracy with MR temperature imaging.

Chapter 2 outlines the biothermal model used to theoretically evaluate

novel ultrasound transducer and device designs.
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Chapter 3 details the construction, design, and evaluation of multisectored
interstitial ultrasound applicators. This work has been previously published in
the journal, Medical Physics.[61]

Chapter 4 compares the new multisectored interstitial ultrasound devices
with a catheter-cooled rotating directional interstitial ultrasound device. The
rotating device was also developed and constructed in the course of this
research. Parts of this work were presented and published in the proceedings of
the conferences, IEEE-SPIE 2004 and IEEE-EMBS 2004.

Chapter 5 discusses the evaluation of multisectored transurethral
ultrasound applicators for high-temperature thermal therapy of the prostate. The
transurethral devices were constructed and designed for use with real-time MR
temperature monitoring and evaluated in three in vivo canine prostate glands.
This work has been recently submitted for publication in Medical Physics.[60]

Chapter 6 gives a brief overview of the ability of the multisectored
transurethral applicators developed and discussed in Chapter 5 for hyperthermia
treatment. Low maximum temperature studies were conducted in three in vivo
canine prostates.

Chapter 7 summarizes theoretical evaluation of the transurethral
ultrasound applicators in the biothermal model outlined in Chapter 2. Different
theoretical treatment, device, tissue, and control system parameters are identified
and evaluated in simulated prostate tissue. These studies outline the potential

and limitations of multisectored transurethral ultrasound applicators.
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Chapter 8 offers conclusions of the research presented in this dissertation
and a glimpse of future directions of ultrasound thermal therapy, as monitored

by MR temperature monitoring.
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Chapter 2

Biothermal Model of Multisectored

Ultrasound Applicators

2.1 Introduction

The mechanisms of heat transfer in living tissue have been studied
extensively. Accurate models of the biothermal response of tissue to thermal
therapy are continually being developed and modified. Mathematical models of
heating tissue are based upon Fourier's Law of Heat Conduction, which
describes how heat conducts through a material over time. In living tissue, these
models are significantly more complicated because of the effects of perfusion,

large blood vessels, variable tissue properties, and tissue heterogeneities.
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Typically, these mathematical models are solved using computer models and
calculations, the two most common being finite difference and finite element
methods. These computer models and simulations can be used for developing
treatment strategies and, most importantly, for device design evaluation.[108]
Biothermal models are often specific to individual device designs, including
RF[20,113] and HIFU heating applicators.[42,108] In many cases, a model
provides a fast method of testing many different design parameters. In addition,
by incorporating simulated dynamic tissue characteristics, many possible
treatment conditions can be observed that are difficult to experimentally model.
It is almost impossible to develop an encompassing heat transfer model
for living biological tissue. This is because anatomy can vary greatly between
patients, as well as significant differences between different types of tissues. In
terms of cancer treatment, tumors have very irregular vasculature. Large blood
vessels in the target tissue and variable vasculature in tumors can both cool the
tissue or redistribute the heat in an unpredictable manner. However, some
simple assumptions can be made to create a model that provides excellent insight
into expected thermal therapy distributions and heating applicator performance.
The most common method of modeling temperature distributions in living
biological tissue was developed and published by a physician, H. H. Pennes, in
1948.[88] If one assumes that all heat transfer between the blood flow system and
tissue occurs in the capillaries and that capillaries are uniformly distributed

throughout the tissue, tissue perfusion can be modeled by a simple heat
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convection term. The Pennes bioheat equation is Fourier's Law of Heat

Conduction with terms added to incorporate perfusion and metabolism:

O QAT+, (T, ~T)d

Pt
il

Py

where T is temperature (°C), t is the heating time (s), p: is tissue density (kg m3),
ct is the tissue heat capacity (J kg °C1), k is the thermal conductivity of the tissue
(W m oC1), my is the perfusion mass flow rate (kg m3 s?), and cp is the heat
capacity of the blood (J kg °C1). The assumption of uniform perfusion in the
target tissue leads to a single constant term, Ty, describing the temperature of the
blood (°C). Finally, the most important and flexible part of the equation is the
heat generation term, g (W m=3). In thermal ablation cases, heat generation from
metabolism is typically ignored.

As a thermal dose is delivered to a tissue based on the equation detailed in
Chapter 1, tissue properties such as perfusion and attenuation can vary. In the
case of perfusion, when a large thermal dose is delivered, the blood vessels are
destroyed as well as target tissue. To account for this change in perfusion in a
mathematical model, perfusion ceases at ts5 > 300 min.[35,63] As thermal dose
accumulates, the properties of the target tissue change. This can include tissue
shrinkage or tight tissue coagulation. It has been shown experimentally that the
attenuation of tissue with respect to ultrasound changes as thermal dose
accumulates.[22] In this work and other ultrasound models,[76,108] the

ultrasound attenuation was modeled to increase linearly in proportion to the
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log1o of the thermal dose from 102 to 107.

2.2 2D R-6 Model

A two-dimensional finite difference model in cylindrical coordinates was
used to evaluate multisectored tubular ultrasound transducers incorporated into
interstitial and transurethral applicators. The model was initially developed and
published by P. D. Tyreus.[108] In this work, the model was modified to
incorporate multisectored transducers, a bang-bang controller, multiple pilot
point temperature controllers, and a manually adjusted power controller. In
addition, an R-8 model and an R-Z model were used to evaluate heating in the
angular dimension and along the length of applicator, respectively. These
models were modified for multisectored ultrasound transducers and different
types of control systems. Finally, the basis for a three-dimensional finite
difference model was programmed and developed in this work and will be
described later in the chapter. All the models were programmed in the Java
language.

The 2D R-6 models used to evaluate tubular ultrasound applicators in this

work were based on the Pennes bioheat equation in cylindrical coordinates:
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The finite difference method for integration of partial differential equations was
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used to solve this equation computationally. With a cylindrical coordinate
system, finite differencing provides an advantage because it is straightforward
and the coordinate system is not complex. To increase the accuracy of the model
without significantly increasing the number of nodes, variable spacing was
implemented to maintain the rigid spatial stability constraints that the finite
difference method requires by keeping a large number of nodes near the
transducer.

Finite difference methods can be solved using either explicit or implicit
methods. Explicit methods provide excellent solution accuracy; however, they
demand rigid system requirements to achieve numerical stability. Implicit
methods are inherently stable; however, they ignore small-scale fluctuations in
temperatures, which can then trickle down throughout the model and provide
inaccurate solutions. The model used in this work is calculated using a mixed
implicit and explicit finite difference method, known as the Crank-Nicholson
method.[92] This method takes a simple average of the explicit and implicit
estimates to determine the temperature change in tissue, offering better accuracy

than an implicit method, while still maintaining stability.

2.2.1 Multisectored Tubular Transducers

Acoustic energy propagates radially away from a tubular (cylindrical)

ultrasound source and generates heat in the tissue according to:
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where ¢ is the ultrasound absorption coefficient (Np m1), x is the ultrasound

attenuation coefficient (Np m-1), I;

is the acoustic intensity at the surface of the

transducer (W m?2), r, is the transducer radius (m), and r is radial position (m).

The absorption coefficient is given a value equal to 65 % of the acoustic

attenuation according to soft tissue

heating studies.[22] The surface intensity was

determined by the acoustic efficiency of the transducer (v) multiplied by the

applied electrical power [P (W)] over the surface area [A (m?)]. It is assumed in

this model that the ultrasound absorption inside the transducer is zero and that

the electrical energy that is not converted to acoustic energy (the difference from

the acoustic efficiency) is converted to conductive heat within the transducer. In

the model, the ultrasound heat generation is defined by:
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where 7iuner is the inner radius of the tubular transducer (m) and [ is the length of

the transducer (m). The boundary conditions used for the model for the heat

generation term are defined by constant temperature at the model boundary and

by a convective cooling term at the applicator surface due to water cooling:
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where the cooling flow device boundary is defined by the surface area [A (m?)]
and the flow volume [V (m3)], which can be simplified to the boundary flow
thickness [47 (m)]. Tw represents the temperature of the cooling flow (°C) and h is
the convective heat transfer coefficient (W m2 oC-1).

The 2D R-6 model was modified to evaluate multisectored ultrasound
transducers incorporated into catheter-cooled (CC) and internally-cooled, direct-
coupled (ICDC) interstitial applicators and transurethral applicators. The heat
generation term for cylindrical transducers was used to model the multisectored
transducers. In this work, multisectored transducers were modeled by tagging
each tissue and transducer node according to their radial position. The size of
each sector in terms of angular degrees could then be assigned by the user. For
example, a three sectored applicator could be split into three 120° sections or
1600, 120°, and 80° sections or any variables assigned by the user. For every
tagged radial position, a power scheme was assigned to each node according to
the input parameters for the corresponding independent sector. In addition, the
model modification accomplished in this work also accounted for the acoustic
dead zone that exists at the cuts in the transducers, assigning no direct
ultrasound energy to the angular positions corresponding to the dead zones. In
this way, the model was programmed to be flexible to any number of transducer

segments, all with individual power control.
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2.2.2 Applicator Control Systems

An important feature of the biothermal model for evaluating
multisectored ultrasound heating applicators was the incorporation of applied
power control systems. These systems demonstrate the flexibility of the
multisectored applicators to control the shape and size of a heating pattern. A
bang-bang style controller and a pilot point control utilize the measured
temperature in the tissue as feedback for controlling the amount of power

delivered to the applicator during theoretical studies.

2.2.2.1 Bang-Bang

In optimal control problems, often the control is restricted to be between a
lower and an upper bound. If the optimal control switches from one extreme to
the other at certain times, then it is referred to as bang-bang control. This is an
example of a discrete time or digital controller. A bang-bang controller is the
simplest type of controller to execute. In this model, the bang-bang controller is
set to operate at two bounds: no power applied and maximum power applied as
defined by the user. This is also known as an on/off controller. When a set
maximum tissue temperature is reached in the simulation, power to the
applicator is turned off; when the temperature dips below the maximum, the set
power level is reapplied.

The bang-bang controller developed in this model can be customized
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according to the user by setting the maximum temperature in the tissue and the
controller update time. Typically, the simulations in this work were conducted
with a time step of 0.1 s. To maintain controller stability, the controller update
time was set at 0.5 s. At these short update times, a bang-bang controller acts as
an almost perfect controller for heating in the body due to tissue conduction
effects. The controller offers an excellent way to maintain a stable maximum
temperature in a tissue for the duration of a simulated heat treatment. These
stable maximum temperatures allow the user to explore the capabilities of
multisectored applicators, including heating penetration depth, heating pattern
shape, and heat treatment duration.

The bang-bang controller was programmed in this work to search for the
maximum temperature in the entire simulated tissue at each time step iteration.
In the case of multisectored ultrasound transducers, the model was programmed
such that the maximum temperature in the area heated by each individual sector
was used as feedback for that sector. In other words, each sector was controlled
independently based on the directly adjacent maximum temperature. This is
displayed in Figure 2.1 for a three sectored ultrasound transducer, where the
temperatures T1, T2, and T3 represent the maximum temperature in the different
sector areas represented by S1, S2, and S3.

In experimental practice, bang-bang controllers may not be realistic for the
control of ultrasound heating applicators because of the monitoring system

required to obtain temperature feedback to the applicator control system. If the
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model area

multisectored
transducer

Figure 2.1: Bang-bang control scheme diagram. Si, Sz, and S; represent the
individual sector areas, and T1, T2, and T3 represent the maximum temperature
feedback in the respective areas

controller temporal resolution becomes more than 1-2 s, then bang-bang control
will cause temperature fluctuations in the tissue. Most temperature measurement
systems have an update time of 3 s or greater. In the case of MR temperature
measurement of heating devices, the temporal resolution is on the order of 5-15 s,

making bang-bang controllers mostly obsolete. However, in theoretical models

with small, accurate time steps, they provide an optimal control solution.

2.2.2.2 Pilot Point Control

A pilot point control system involves monitoring the temperature at a
single predetermined point in the tissue. In this work, this point was positioned
at the boundary of the desired thermal lesion. When the temperature reached 52
oC at this point, power to the applicator was turned off. This temperature has

been shown in previous studies to correspond to thermal lesion formation with
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Figure 2.2: Pilot point control scheme coupled with a maximum temperature
bang-bang controller. P1, P2, and Ps represent the pilot points for control each
respective sector, S1, So, and Ss. The heating target is outlined.

ultrasound applicators.[23,76] For multisectored ultrasound transducers, one
pilot point can be assigned for each sector on the transducer. This allows for very
flexible control and accurate deposition of the ultrasound energy. By outlining
the target area with multiple pilot points, each corresponding sector can be
controlled independently to match the thermal lesion to the outlined target as
seen in Figure 2.2.

The biothermal model developed in this study allows for pilot point
control to be coupled with bang-bang maximum temperature control for each
individual sector. This further improves the multisectored applicator control
system and offers an excellent method for outlining applicator performance. In
experimental practice, the controllers incorporated into the biothermal model
cannot be tuned as accurately as in simulations; however, they can be and have

been used to control ultrasound heating systems.[75,76]
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2.2.2.3 Manual Control

Previous studies with interstitial and transurethral ultrasound applicators
overviewed in Chapter 1 have relied on manual control of the applied power. For
most feasibility studies, this type of control has provided excellent insight into an
applicator’s ability to shape a heating pattern. In this work, experiments were
controlled manually using either thermocouple or MR-based temperature
feedback. To verify the accuracy of the model, a controller was programmed into
the model that could simulate previously completed experiments. By changing
the applied power levels during the simulation, the simulations could be
corresponded directly to experimental data. In tissues without large blood
vessels, such as prostate, the biothermal model should correspond very well with

experimental results.

2.3 2D R-Z Model

In order to complement simulated applicator performance from the R-6
model, an R-Z model was developed to examine heating pattern along the length
of the applicator. The model is based on the same properties as the R-6 and the
Pennes bioheat equation in cylindrical coordinates. The R-Z model was
programmed using the Crank-Nicholson method of solving a finite difference

problem. In addition, the flexibility of the model is the same as that mentioned
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previously, as it accounts for changes in attenuation and perfusion with an
increase in thermal dose.[108]

The R-Z model geometry represents a plane through the center of the
applicator. The applicator is positioned to one side of the model as the heating
pattern from a cylindrical ultrasound transducer is assumed to be symmetric.
This is not necessarily the case with a multisectored applicator, but in this work it
is assumed that this design scheme primarily affects the angular shape of a
heating pattern, not the longitudinal shape. Each node in the model is assigned
the necessary properties according to its location, and only the nodes directly in
line with the transducers receiving any ultrasound energy. The purpose of an R-
Z model is to examine the radial heating penetration from cylindrical ultrasound
transducers and to evaluate applicators with multiple transducers. The model
can investigate the effects of conduction and longitudinal control over the shape

of a thermal lesion that is impossible to evaluate from a 2D angular model.

2.3.1 Multielement Control Systems

The bang-bang, pilot point, and manual simulation control schemes
discussed earlier in this chapter have been incorporated into the 2D R-Z model.
Using a maximum temperature bang-bang controller, heating pattern control in a
third dimension can be investigated. As more transducers are added to the
length of an applicator, individual pilot points can be incorporated into the

model to fit the thermal lesion boundary to a predetermined target area.
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Similarly to the 2D R-6 model, the manual controller can be used to verify the
model with experimental data. In addition, an R-Z model allows the user to
identify the effects of the spacing between transducers on an applicator.
Advanced control schemes can also be investigated, such as translating the
transducers along the length of the applicator during or between heat treatments
or adding more transducers to an applicator array. The 2D R-Z and R-6 models
provide a comprehensive evaluation of an applicator’s heating potential and

performance.

2.4 3D Biothermal Model

Similar to the 2D model described in this chapter, a three dimensional
finite difference model based on the Pennes bioheat equation in cylindrical
coordinates was developed to evaluate cylindrical ultrasound applicators for
thermal therapy. The 3D finite difference model was solved using the Crank-
Nicholson mixed implicit-explicit method and incorporated variable node
spacing in the R and Z dimensions. In multiple dimensions, each temperature
point is a function of every other point in the mesh, making it difficult to
simultaneously solve the equations representing each axis. A well established
method known as time step splitting can be used to simplify the problem and
solve each axis individually. For a 3D model, each time step can be split into

three intermediate time steps. In other words, the radial dimension can be solved



36

using the temperature data from the previous time step. Then, the axial
dimension can be solved using the result of the radial dimension calculation; an
intermediate temperature solution. Finally, the angular dimension can be solved
using the intermediate temperature solutions from the other axes. This method
makes the simulation and calculations much simpler and produces an accurate
approximation of the result of calculating all three dimensions simultaneously in
a single time step. To further improve the accuracy, alternating direction implicit
(ADI) methods can be utilized.

A generalized example of the Pennes bioheat equation in three

dimensions is:

a7 a{_aTy af_aTy a{_ar
_ —_— —_ R
2 ﬂr(ﬂrﬂr] &z[ﬂaz] aa(Daﬂ]

where D represents a grouping of the complimentary terms. Using finite
difference notation of the above equation leads to the creation of the term, £, that
encompasses D and its differentiated terms. After imposing the Crank-Nicholson

method the equation becomes:
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where n represents the current time step and n+1 represents the time step being
calculated. By splitting this time step into portions, the intermediate

temperatures, T* and T**, were determined during the calculation of the radial

and axial dimensions using ADI methods. The temperature at time step n+1 is
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then finalized in the calculation of angular dimension. The series of the three

intermediate time step equations is:
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Most temperature maps from experimental data are in two dimensions.
These maps often leave out important information in the third dimension. Many
times the heating pattern will be different at the opposite ends of an ultrasound
transducer due to blood perfusion, tissue heterogeneities, or acoustic output
patterns. The 3D biothermal model developed in this study provides a tool for
exploring the entire heating pattern. In this work, the 3D model was developed;
however, it was not used on a regular basis to evaluate multisectored applicators.
This is because the large number of nodes needed to obtain accurate and stable
results requires more memory then is available for a standard desktop computer.
For example, a 2D model typically requires ~300 nodes in the radial dimension
and ~180 nodes in the angular dimension, or 54,000 total simulation nodes. In the
case of the 3D model, to get a similar type of accuracy, you need a similar
number of nodes in both the radial and angular dimensions, as well as fine
spacing in the axial dimension. This requires >150 nodes in the axial dimension,

or >8.1 million total nodes. This number of nodes is not realistic in terms of
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computing power, and would also require incredibly long calculation times. The
spatial resolution requirement is one of the drawbacks of a finite difference
approach. Despite these requirements, future work with the 3D model would
include decreasing the memory requirements by optimizing the programming
code and determining the minimum number of nodes necessary to maintain
calculation stability. Advancements in computer technology would also make
this model more practical. With these future advancements, the 3D biothermal
model could provide accurate simulation results and would be significantly

more useful for treatment planning than 2D models.
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Chapter 3

Multisectored Interstitial Ultrasound
Applicators for Dynamic Angular

Control of Thermal Therapy

3.1 Abstract

Dynamic angular control of thermal ablation and hyperthermia therapy
with current interstitial heating technology is limited in capability, and often
relies upon non-adjustable angular power deposition patterns and/or
mechanical manipulation of the heating device. The objective of this study was to

investigate the potential of multi-sectored tubular interstitial ultrasound devices
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to provide control of the angular heating distribution without device
manipulation. Multi-sectored tubular transducers with independent sector
power control were incorporated into modified versions of internally-cooled (1.9
mm OD) and catheter-cooled (2.4 mm OD) interstitial ultrasound applicators in
this work. The heating capabilities of these multi-sectored devices were
evaluated by measurements of acoustic output properties, measurements of
thermal lesions produced in ex vivo tissue samples, biothermal simulations of
thermal ablation and hyperthermia treatments, and MR temperature imaging of
ex vivo and in vivo experiments. Acoustic beam measurements of each applicator
type displayed a 35-40° acoustic dead zone between each independent sector,
with negligible mechanical or electrical coupling. Thermal lesions produced in ex
vivo liver tissue with one, two, or three sectors activated ranged from 13-18 mm
in radius with contiguous zones of coagulation between active sectors. The
simulations demonstrated the degree of angular control possible by using
variable power levels applied to each sector, variable duration of applied
constant power to individual sectors respectively, or a multi-point temperature
controller to vary the power applied to each sector. Despite the acoustic dead
zone between sectors, the simulations also showed that the variance from the
maximum lesion radius with three elements activated is within 4-13% for tissue
perfusions from 1-10 kg m=3 s1. Simulations of hyperthermia with maximum
tissue temperatures of 45 and 48 °C displayed radial penetration up to 2 cm of

the 40 °C steady-state contour. Thermal characterizations of tri-sectored
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applicators in ex vivo and in vivo muscle, using real-time MR thermal imaging,
reinforced angular controllability and negligible radial variance of the heating
pattern from the applicators, demonstrated effective heating penetration, and
displayed MR compatibility. The multi-sectored interstitial ultrasound
applicators developed in this study demonstrated a significant degree of
dynamic angular control of a heating pattern without device manipulation, while
maintaining heat penetration consistent with previously reported results from

other interstitial ultrasound applicators.

3.2 Introduction

Thermal treatment of cancer and benign disease has been investigated
extensively as an alternative to surgery and as a complement to other treatment
modalities. Hyperthermia (41-45 °C) is typically applied as an adjunct to
concurrent radiation therapy or chemotherapy.[114,120] Recent randomized,
multi-center clinical trials have demonstrated significant clinical benefit of
hyperthermia in sites such as cervix[115] recurrent breast cancer,[101]
melanoma,[85] and head and neck tumors.[104] Thermal ablation or high-
temperature thermal therapy (>50 °C, lethal thermal dose) can destroy tumor
tissue and is an alternative to invasive surgery in sites such as prostate,[70,102]
breast,[1] and liver.[40] Many different types of interstitial devices have been

explored for treating tissue with heat, including radio-frequency currents,
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microwaves, laser, and ultrasound.[37,100] While many modalities and
applicator systems have proven useful for different types of disease, ultrasound
has inherent advantages that provide favorable control of temperature and
thermal dose distributions delivered to a target area. Increasingly, non-invasive
magnetic resonance (MR) temperature monitoring has been used as a tool for
performance characterization of heating applicators and, more recently, to guide
clinical thermal therapy treatments.[93] Non-invasive temperature monitoring
and minimally invasive interstitial ultrasound devices with dynamic heating
control could significantly improve the delivery of thermal therapy.

Interstitial ultrasound applicators offer greater penetration and spatial
control of hyperthermia[34,72] and thermal ablation[15,66,81] than other types of
interstitial heating devices. Different ultrasound transducer geometries can focus
or shape an acoustic energy deposition and produce a directional heating
distribution with deep temperature penetration and high power deposition for
thermal ablation. Interstitial devices (1.5-24 mm outer diameter (OD))
incorporating tubular ultrasound transducers sectored or cut into a single active
sector (e.g. 90°, 180°) can generate directional thermal lesions 3-5 cm in diameter
within 5-15 min.[26,27,109] Also, multiple elements along the length of an
applicator can control the axial temperature distribution.[81] Planar ultrasound
transducers inserted into larger diameter catheters (>3.8 mm OD) can provide
narrow directional heating patterns from an interstitial heating applicator.[18,68]

Directional tubular or planar ultrasound transducers that are sequentially
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rotated within a catheter during treatment can selectively ablate or heat a target
area with greater spatial control in the angular dimension.[18,68,82] Real-time
MR temperature imaging can be used to monitor heating with interstitial
ultrasound applicators and control applied power or applicator positioning to
compensate for tissue changes during treatment.[18,58,82] However, MR
temperature monitoring is very susceptible to errors from any movement during
imaging. Mechanically rotating a device during treatment may cause motion of
the tissue or the device, which will cause an error in the MR temperature images.
Cylindrical phased array applicators have been developed to control the angular
shape of a heating distribution in an MR scanner without rotating the
device.[65,79] This approach can provide good spatial control of a temperature
distribution, however, the diameter (>10 mm) of the device is not practical for
minimally-invasive interstitial approaches.[65] A small diameter (<2.5 mm)
interstitial ultrasound device with dynamic angular control of typical heating
patterns for hyperthermia or thermal ablation that required no mechanical
manipulation during treatment would be desirable, especially for MR guided
procedures.

The objective of this study was to develop MR compatible, small diameter
interstitial ultrasound applicators that can dynamically control hyperthermia and
thermal ablation treatments in the angular dimension without requiring any
mechanical applicator movement. Applicators were constructed in both

internally-cooled[27] and catheter-cooled[34] configurations (1.9 mm - 2.4 mm
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OD), each containing a tubular ultrasound transducer with three individually
controlled sectors. These multi-sectored ultrasound devices were characterized
and evaluated by acoustic beam plots, biothermal simulations, and ex vivo and in
vivo heating studies. Experiments were performed using MR temperature
monitoring to evaluate the applicators’ heating characteristics and determine
their MR compatibility. The capabilities of these multi-sectored applicators to
improve the spatial control of thermal treatments and further the use of real-time
MR temperature monitoring to guide interstitial ultrasound thermal ablation is

presented in this work.

3.3 Methods

3.3.1 Applicator Design and Construction

Two types of tri-sectored angularly directive (TriAD) interstitial
ultrasound applicators were fabricated in this study. An internally-cooled, direct
coupled interstitial ultrasound applicator (TriAD/DC) for thermal treatment was
constructed with a 1.8 mm OD and 10 mm long tri-sectored transducer (Boston
Piezo Optics, Bellingham, MA). The transducer was sectored into three 120°
partitions by cutting a small notch in the outer electrode and part of the ceramic
(Figure 3.1[a]) using a computer controlled silicon wafer saw (Automatic Dicing
Saw DAD-2H/6, Disco Abrasive Systems, Tokyo, Japan). The silicon wafer saw

allowed for small accurate cuts less than 0.7 mm in width, with less than 1 % of
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the total surface area of the transducer being removed. Also, to achieve electrical
and acoustic isolation between individual sectors, the depth of each cut was
more than 50 % of the transducer thickness. Each sector of the transducer had a
separate power lead soldered to the outer surface with a common return power
lead soldered to the inner surface electrode, enabling each transducer partition to
be powered individually at independent frequencies and power levels.

Cooling water flow was delivered by two small pieces of polyimide
tubing on the inner surface of the applicator, with an additional piece of
polyimide tubing to provide structural support. The transducer was mounted
directly over the polyimide tubing inner lumen (Figure 3.1[a]). The return water
cooling flow follows the inner surface of the transducer, convectively cooling it
from the inside out.[27] The outer surface of the transducer is covered with a thin
layer of epoxy and polyester for biocompatibility and electrical isolation. The
applicator (1.9 mm OD) is designed to be placed directly into the tissue (Figure
3.1[b]). The tri-sectored, catheter-cooled interstitial ultrasound applicator
(TriAD/CC) consisted of a 1.5 mm OD, 10 mm long tri-sectored ultrasound
transducer inserted into a 2.4 mm OD, 10 cm long catheter (Figure 3.1[c]). Water
cooling flow enters through a single piece of polyimide tubing on which the
transducer is mounted and returns through the catheter over the outer surface of
the transducer.[34,81] The transducer was sectored into three 120° partitions,

each attached to separate power leads, as described above.
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Figure 3.1: (a) Schematic drawing of a tri-sectored tubular ultrasound transducer
with internal water-cooling. Pictures of (b) TriAD/DC and (c) TriAD/CC
applicators constructed with polyimide tubing.
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3.3.2 Acoustic Evaluation

A force balance technique for cylindrical ultrasound sources measured the
acoustic efficiency of the power output from each applicator.[54] The
measurements were done over a small frequency range at net applied electrical
powers of 3 and 7 W for each individual sector on a transducer. The force balance
technique also determined the optimal driving frequency as defined by the
frequency with maximum measured efficiency.

The acoustic beam profiles of the TriAD/DC and TriAD/CC applicators
were measured using a scanning hydrophone (NTR Systems, Seattle, WA) in a
tank of degassed, deionized water. The beam profiles were measured to
determine the amount of acoustic dead zone between individual sectors on a
transducer and whether the sectors were electrically and mechanically isolated
from another. Rotational beam plots were performed by scanning the needle
hydrophone axially at a fixed radial distance of 8 mm from the transducer while
the applicator was rotated in 2.5° steps.[36] The applicators were scanned with
active water cooling flow (30 ml min?) and each sector was individually
rotationally scanned. Also, 360° rotational plots of the acoustic output were

created with all three sectors active concurrently.

3.3.3 Biothermal Simulations

A two-dimensional finite difference acoustic and biothermal model was
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used to evaluate the performance of both types of multi-sectored interstitial
ultrasound applicators in simulated, perfused tissue; in particular, the ability to
create contiguous heating distributions without apparent cold zones between
sectors and the ability to control the angular shape of a thermal lesion with and
without temperature feedback control. The capability of multi-sectored
interstitial ultrasound devices to create continuous heating distributions with no
heating distribution cold zone between sectors and to control the angular shape
of a thermal lesion with and without temperature feedback control was
evaluated with the biothermal model. A two-dimensional finite difference
acoustic and biothermal model was used to evaluate the theoretical performance
of both types of applicators. The model was based on the Pennes bioheat
equation in cylindrical coordinates, incorporating dynamic changes in
attenuation and perfusion as a function of temperature and thermal dose.[108]
Thermal dose was calculated from transient temperatures using the iso-effect
thermal dose equation. Thermal dose is a descriptive term commonly used for
predicting thermal damage from the temperature and duration of thermal
exposure.[30] The accrual of thermal dose has been shown to increase
exponentially as a function of temperature elevation and linearly with respect to
time. A thermal dose threshold of 200 min at 43 °C was used in our study for
describing tissue destruction, where ts3 values of ~50-240 min have been verified
in vivo to correlate to thermal damage in different tissue types.[32] Acoustic

attenuation was modeled to vary linearly with the log of thermal dose from 102
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to 107 equivalent minutes at 43 °C (EMa3°c), following experimental data.[22]
Perfusion in the simulated tissue was homogeneous and once the tissue reached
a thermal dose of 300 EM4s°c there was no perfusion because the tissue was
considered necrosed.[10]

The temperature distributions were calculated numerically using the
Crank-Nicholson method, a mixed implicit and explicit integration technique,
which improved simulation speed and stability of fine spatial grid spacing.[92]
Further details of the model development, including in vivo verification were
described by Tyreus and Diederich.[108] Applicator beam profiles were modeled
from the measured acoustic characteristics of the TriAD applicators by
approximating the acoustic output of each independent sector as uniform in the
angular dimension.

Many different model parameters were varied in the biothermal model to
evaluate the TriAD applicators. Variable node spacing was employed in the
radial dimension following a continuous smooth sigmoidal function from 0.01
mm near the transducer to 1 mm at the model boundary. The angular node
spacing was fixed at 2°. Simulations were solved with a 0.1 s time step and a
multi-point maximum temperature controller (bang-bang) with fast update times
(0.5 s) was selected for temperature based power control in the simulations. The
automatic controller utilized multiple temperature points along the heating
radius extending from the center of each sector in the simulations. This type of

controller was easy to implement and, at fast simulation update times, performs
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equivalent to a well-tuned PID controller. The simulations were performed in
generic normal tissue similar to brain and prostate tissue (0.53 W m! K-! thermal
conductivity, 6.7 Np m! MHz1 acoustic attenuation). Heating distributions were
simulated at different perfusions (1, 4, 7, 10 kg m?3 s1), treatment times (5, 10, 15,
20 min), and maximum temperatures in the tissue (55, 65, 75, 85 °C) with the
internally-cooled (TriAD/DC, 2700 W m! K- convective cooling coefficient) and
catheter-cooled applicators (TriAD/CC, 3000 W m' K1 convective cooling
coefficient). The minimum and maximum radius of a thermal lesion, defined as
the outer boundary of a thermal dose equivalent to 200 EMy3°c, was measured
after simulated heats with the TriAD applicators. Hyperthermia simulations
were performed at low maximum temperatures (45, 48 °C). The 40 °C
temperature contour outlined the effective hyperthermia treatment region at

steady-state.

3.3.4 Ex Vivo Tissue Studies

The heating performance of the TriAD applicators was evaluated in ex
vivo freshly butchered, degassed beef liver at a baseline temperature of 37 °C in a
saline water bath. The applicators were inserted directly into the tissue and were
connected to a closed water-cooling flow loop (22°C). A multiple channel radio
frequency amplifier system (Advanced Surgical Systems, Tucson, AZ) powered
the devices. Heating experiments were conducted with both types of TriAD

applicators with one, two, or three sectors active on the applicator at different
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cooling flow rates (25-35 ml min) and power levels (5-10 W) for 10 min.

3.3.5 MR Compatibility

The compatibility of TriAD devices with MR temperature monitoring was
evaluated by measurements of the MR image artifact patterns. The applicators
were filled with water, placed in a beef muscle tissue phantom, and imaged in an
interventional 0.5 T MR scanner (Signa SP, GE Medical Systems, Milwaukee, WI)
and a 1.5 T whole body scanner (Signa EXCITE, GE Medical Systems). The
applicators were aligned parallel to the magnetic field and evaluated at
excitation sequences commonly used for MR temperature monitoring based on
the proton resonance frequency (PRF) shift method. The applicators were also
aligned perpendicular to the magnetic field to determine the effect of the
orientation of the applicators on their MR susceptibility. An in-house five inch
surface coil was used as the receive coil in the experiment in the 0.5 T with a fast
spoiled gradient echo sequence (TE = 14.3 msec, TR = 150 msec, flip angle = 60,
bandwidth = 12.5 kHz, FOV = 21 c¢m).[14,96] In the 1.5 T scanner (TE = 20.45
msec, TR = 41 msec, flip angle = 30°, bandwidth = 3.52 kHz, FOV = 19 cm)[78],

fast spoiled gradient echo sequences were used with a standard knee receive coil.

3.3.6 Tissue Studies under MR Temperature Monitoring

3.3.6.1 MR Temperature Monitoring



53

MR temperature monitoring during the treatment was accomplished
using the proton resonance frequency (PRF) shift method.[14,58,93] PRF is a
phase subtraction method where an image is subtracted from a baseline pre-
treatment image to create a temperature map. The PRF of water varies linearly
with an increase of temperature, and can be measured using phase images. The
applied imaging parameters (TE = 14.3/28.6 msec, TR = 190 msec, flip angle =
60°, bandwidth = 6.95 kHz, FOV = 20 cm) allowed the temperature map to be
updated about every 15 s. Three transverse slices (thickness 5 mm) in the target
region, orthogonal to the applicator and centered in the middle of the transducer,

were monitored and displayed continuously.

3.3.6.2 Applicator Hardware

The multiple channel radio frequency amplifier system was located
directly outside the MR suite and supplied power to the applicator. Coaxial
cables from the amplifier were connected to the applicator through a shielded
access panel. In-line, high-power, 0-11 MHz low-pass 60 dB filters (Werlatone,
Brewster, NY) were used to reduce RF noise from the amplifier cables and
prevent degradation of the MR images. Room temperature, degassed cooling
water was provided to the applicator (30 ml min?) from a peristaltic pump
positioned outside the MR suite. The in-house surface coil was used as the
receive coil in experiments with the TriAD/CC devices and an endorectal receive

only coil was used in experiments with the TriAD/DC applicators.
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3.3.6.3 Ex Vivo

The heating effectiveness and the ability of TriAD/DC and TriAD/CC
applicators to dynamically control the angular shape of a heating pattern was
examined in ex vivo beef muscle tissue at room temperature. The heating studies
were done under MR temperature monitoring in the 0.5 T interventional scanner
with the in-house surface receive coil. In each experiment, the applicator was
placed in the center of the beef and 6 to 8 W of power were applied to each
individual sector for 5 min. Each applicator heated with one, two, or three sectors

active and had a convective water-cooling flow of 30 ml min-.

3.3.6.4 In Vivo

The heating distribution of a TriAD/CC applicator was evaluated within
in vivo canine thigh muscle using MR temperature monitoring during the
procedure. Animal experiments were reviewed and approved by Institutional
Animal Use and Care Committee at Stanford University in accordance with the
Guide for the Care and Use of Laboratory Animals. The animal was anesthetized
with subcutaneous atropine (0.05 mg kg1), followed by ketamine (0.5 mg kg7)
and valium (10 mg kg') given together intravenously. The dog was intubated
and maintained on isoflurane gas inhalation anesthesia for the duration of the
procedure. Prior to the study, the animal received nothing by mouth (NPO) for

24 h. The animal was positioned supine, headfirst into the 0.5 T interventional
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scanner and its vital signs were continuously monitored. The applicator was

inserted directly into the thigh muscle.

3.4 Results

3.4.1 Acoustic Evaluation

The acoustic output characteristics of each TriAD applicator were
evaluated using measurements of acoustic efficiency and beam distributions. The
TriAD/DC applicator transducer sectors had an acoustic efficiency between 30-
40 %. Similarly, the sectors of the TriAD/CC transducers had acoustic
efficiencies of 35-50 %, which was reduced to 20-35 % within a catheter. At a
higher power applied of 7 W, the acoustic efficiencies were similar to the
efficiencies measured at 3 W, and the values were within the reported range. The
operating frequency of each sector was determined by the frequency with the
maximum acoustic efficiency and visual inspection of the ultrasound beam in
water. The operating frequencies of each sector varied slightly within the wall
thickness tolerance of the transducers or +/- 0.1 MHz.

Rotational beam profiles of the applicators displayed an active acoustic
sector of about 85° from a 120° sector as defined by 10 % of the peak intensity
(Figure 3.2). Individual 360° scans of each sector’s acoustic output displayed that
the active acoustic zone was isolated to an area directly in front of the sector. A

360° scan with all three sectors simultaneously active correlated directly to a plot
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Figure 3.2: Rotational beam plots of a (top) TriCC applicator and (bottom) TriAD
applicator at 8 mm radial distance. The figure represents the normalized
intensity of the ultrasound beam profile of a transducer with all three elements
active, measured at a radial depth of 8 mm. Each sectored element had an active
surface area of ~85°.

merging the individually scanned sectors” beam profiles. There was a clear
acoustic dead zone between each sector in Figure 3.2 and visual inspection of the
beam profile displayed that the sectors were individually isolated. Also, beam
profiles measured with a hydrophone and visual inspections of the ultrasound
beam displayed that as increased power was delivered to one sector on the

transducer, it did not affect the beam profiles of the other sectors. The sectors

were electrically and mechanically isolated from each another.

3.4.2 Biothermal Simulations

The biothermal model was used to analyze the radial penetration and
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continuity of the angular heating pattern as a function of applicator operating
parameters and tissue characteristics. Different methods of controlling the
angular shape of a thermal lesion from a TriAD applicator were simulated at a
moderate tissue perfusion (2 kg m3 s1) in Figure 3.3. These methods included
delivering power simultaneously to all elements at different applied power
levels (9, 6, and 3 W) (Figure 3.3[a]) and delivering the same amount of applied
power (10 W) to each sector for different durations (200, 400, and 600 s) (Figure
3.3[b]). Also, the angular dimension of a thermal lesion was controlled by
individually activating two sectors (Figure 3.3[c]) or one sector (Figure 3.3[d]).

A multi-point maximum temperature controller was used to dynamically
control the penetration and angular shape of a heating distribution from a TriAD
applicator (Figure 3.4). The maximum temperature in a region directly in front of
each sector was used to control the applied power to the individual sectors. All
three sectors of the TriAD/CC (Figure 3.4[a]) and TriAD/DC (Figure 3.4[b])
applicators were controlled to a maximum temperature of 85 °C in perfused
tissue (4 kg m=3 s1), demonstrating similar shapes and slightly greater radial
penetration with the TriAD/CC applicator. Also, in 2 kg m3 s perfused tissue,
the sectors of a TriAD/CC applicator were controlled to maximum temperatures
of 85, 70, and 70 °C (Figure 3.4[c]) and 85, 75, and 65 °C (Figure 3.4[d]) to
demonstrate the ability of the applicators to vary the angular shape of a heating

pattern.
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Figure 3.3: Simulated temperature distributions and thermal lesions created by a
TriAD/DC applicator. (a) Different applied powers (9, 6, 3 W) for 600s were used
for each sector. (b) 10 W was applied to each sector for different activation times
(200, 400, 600 s) to control the angular shape of a thermal lesion. (c) Two sectors
and (d) one sector active for 600s with 10 W applied power.
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Figure 3.4: A maximum temperature controller was used to control the angular
shape of simulated thermal lesions with TriAD/DC and TriAD/CC applicators.
All three sectors were independently controlled to maximum temperatures of
(a,b) 85 °C, (c) 85, 70, and 70 °C, or (d) 85, 75, and 65 °C to demonstrate real-time
temperature feedback control for shaping a heating pattern. The simulations in
the top half of the figure (a,b) was conducted in 4 kg m-3 s perfused tissue and
in the bottom half of the figure (c,d), the perfusion rate was 2 kg m-3 s-1.
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A series of simulations with both TriAD applicators with three sectors
controlled to the same maximum temperature (similar to Figure 3.4[a,b])
examined the continuity of the thermal lesion borders at different maximum
temperatures, tissue perfusions, and treatment times (Figure 3.5). These
simulations were also conducted to display that the heating pattern did not have
a discernable cold zone between transducer sectors or clover leaf shape, but
rather, was continuous along the border. The minimum and maximum radial
penetration of the resulting thermal lesions and the difference from the median
radius were presented as error bars in Figure 3.5, reflective of the shape at the
lesion boundary. The thermal lesion was defined by the 200 EMs3°c thermal dose
contour. The heating distribution was more circular at higher control
temperatures (85, 75 °C) than at lower temperatures (65, 55 °C). However, in both
the high and low temperature cases, a consistent lesion shape was observed with
minimum heating loss between sectors. In the simulations shown in Figure 3.5,
the TriAD/DC applicator created slightly smaller lesions than the TriAD/CC
applicator, but created a pattern with greater continuity of the lesion boundary.
At a maximum control temperature of 85 °C in mildly perfused tissue (1 kg m?3 s-
1) and 10 min treatment duration, both TriAD designs achieved a maximum
thermal lesion diameter of at least 3.5 cm with the radius differing from the
median by no more than 5 %. The lesion boundary became increasingly more
continuous at longer treatment times and increased perfusion reduces radial

penetration. Homogeneous perfusion primarily affected the size of the median
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Figure 3.5: Radial measurements of simulated thermal lesions at different maximum
control temperatures, treatment times, and tissue perfusions. The median radius of a
lesion is plotted with the error bars representing the variation of the radius for each

thermal lesion. (a,b) Simulated thermal lesion radius at moderate tissue perfusion (4 kg
m™ s™). (c,d) Power applied of 10 W to all three sectors of a tri-sectored interstitial

ultrasound applicator for 10 min.

lesion radius and had little effect on the shape of the thermal lesions at thermal
ablation temperatures.

The penetration and angular continuity of a heating pattern from
TriAD/DC and TriAD/CC applicators were also evaluated for delivering
hyperthermia temperatures. Low maximum temperature simulations were run
in the same simulated tissue as the thermal therapy simulations (Table 3.1). At a
control temperature of 45 °C, the 40 °C contour of the heating pattern created by
the TriAD/DC and TriAD/CC applicators had a maximum radius of 1.83 and

1.96 cm, respectively. At a higher tissue perfusion (10 kg m3 s7), a clover leaf
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Maxi . Simulated tissue 40 °C contour 40 °C contour
aximum tissue . X . . . . . !
temperature (°C) perfus3|0(\1 (kgm~  TriAD Applicator maximum radial minimum radial
s) depth (cm) depth (cm)
45 2 DC 1.83 1.58
CcC 1.96 1.66
10 DC 1.16 0.88
CC 1.36 0.89
48 2 DC 1.92 1.74
CcC 2.07 1.81
10 DC 1.21 0.98
CC 1.29 1.05

Table 3.1: Simulated thermal heating distribution from the TriAD/DC and
TriAD/CC applicators at a maximum tissue temperatures suitable for
hyperthermia. The radius of the 40 °C contour line was measured with all three
sectors active for 30 min.

shape at the periphery of the heating distribution between sectors was slightly
more pronounced than at the lower perfusion (2 kg m? s?) at hyperthermia
temperatures. At a maximum control temperature of 48 °C, the 40 °C contour
from a TriAD/DC had a maximum and minimum radius of 1.92 and 1.74 cm
from the applicator. The higher maximum temperature in the tissue appeared to

increase overall border continuity.

3.4.3 Ex Vivo Tissue Studies

The radial depths of thermal lesions created by the TriAD applicators in ex
vivo liver tissue are shown in Table 3.2. A thermal lesion was defined as tissue
that changed color or lightened. Lesion radii varied from 13 to 18 mm at different
applicator flow rates and power levels. The maximum radius from a TriAD/DC

applicator was 18 mm with two sectors active at 7 W of applied power. The
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. . . Maximum
Applicator Active Cooling f!ow rate Applied power per sector lesion radius
sectors (ml min-1) (W)

gmm!

TriAD/DC 3 30 5 16
2 30 7 18
1 30 7 14
TriAD/CC 3 35 7 16
2 35 7 14
1 35 7 13
3 25 10 18

Table 3.2: Maximum thermal lesion radius produced by tri-sectored interstitial
ultrasound applicators in 37 °C ex vivo beef liver tissue. Power was applied to the
applicators for 10 min.

TriAD/CC applicator created a lesion with a maximum radius of 18 mm with all
three elements active on the transducer at 10 W of applied power.

The radial distances of the ex vivo lesions created were similar to the
simulated thermal lesions controlled to a maximum temperature of 75 °C or
greater with a maximum applied power of 10 W. Both in simulations and in ex
vivo tissue, the applicators were able to create lesions greater than 3.0 cm in
diameter. These radial depths of the lesions created by the TriAD applicators in
ex vivo beef liver were similar in size to lesions created by other interstitial
ultrasound sources. Interstitial ultrasound applicators with similar transducer
diameters (1.5-3.0 mm OD) created lesions of 2-3.5 cm in diameter in ex vivo beef
muscle.[18,81,109] The applicators developed in this study were able to maintain
the radial depths and control of similar interstitial ultrasound devices, while
adding a significant amount of angular control of the shape of the thermal

lesions.
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Figure 3.6: Magnitude and phase images of tri-sectored interstitial ultrasound
applicators inserted into beef muscle tissue in a 1.5 T MR scanner. (a) Images of
an applicator with negligible MR susceptibility artifact and (b) the maximum
applicator susceptibility artifact seen in this study of about 3 mm in radius.

3.4.4 MR Susceptibility Artifact

The MR temperature compatibility of the two types of applicator
configurations was examined at different magnetic field strengths (0.5, 1.5 T).
The image artifact from the devices was measured with the applicators aligned
both parallel and perpendicular to the magnetic field. In Figure 3.6, magnitude
and phase images were used to determine the susceptibility artifact of both types
of applicators in this study in a 1.5 T scanner. Artifact in the phase images
minimally increased with a change in orientation and the applicators were
determined to be suitable for MR temperature procedures. An example of an
applicator with negligible susceptibility artifact was seen in Figure 3.6(a). The
image artifact associated with the TriAD/CC applicator in Figure 3.6(b)

represents a worst-case artifact, which was not present on all devices that are
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properly screened and fabricated. The presence of this artifact was not ideal and
extended to 8 mm in diameter. However, devices with artifact were still be
suitable for use in MR guided thermal ablation procedures as long as the critical
zone of temperature monitoring (e.g., outer boundary of the treatment) was
beyond the artifact.[82] This experiment was also conducted in the 0.5 T

interventional scanner with very similar results (not shown).

3.4.5 Tissue Studies under MR Temperature Guidance
3.4.5.1 Ex Vivo

Each of the TriAD applicators was tested in beef muscle with non-invasive
MR temperature monitoring. MR temperature maps created by a TriAD/CC
applicator with one, two, and three active elements with 8 W of applied power
for 5 min displayed little to no clover leaf shape of the heating pattern (Figure
3.7). Similarly, Figure 3.8 displayed a time sequence of the heating pattern in beef
muscle of a TriAD/DC applicator with 7 W applied power for 10 min to all three
elements demonstrating the continuity of the heating boundary in the angular

dimension throughout the treatment.

3.4.5.2 In Vivo
Evaluation of the heating from tri-sectored interstitial ultrasound
applicators were performed in in vivo canine thigh muscle under MR

temperature imaging in the 0.5 T interventional scanner. Both the TriAD/DC and
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Figure 3.7: MR thermal images of a TriAD/CC temperature distribution in a beef
muscle sample. (a) One, (b) two, (c) or three elements were activated with an
applied power of 10 W per sector for 5 min.
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Figure 3.8: Time sequence of a heat with a TriAD/DC applicator in room temperature
beef muscle with MR temperature monitoring in the 0.5 T interventional MR. The blank
spot in the top right of the heating pattern is due to a strip of fat running through the
tissue.
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TriAD/CC applicators were able to create thermal lesions more than 10 mm in
radius in less than 10 min. The applied power to each sector was manually
controlled during the experiments with visual feedback from the MR
temperature measurements. The in vivo studies also showed that despite
perfusion in the tissue, there is no heating dead zone between sectors of the
transducers and they created thermal lesions with continuous borders. The in
vivo results corresponded well with the ex vivo experiments and biothermal
simulations.

When 10 W was applied to two sectors of a TriAD/CC applicator for 5
min, a temperature increase of 10-15 °C, from the baseline temperature of 34 °C,
was observed 12-14 mm radially from the applicator (Figure 3.9). The
temperature artifact at the top of the image was due to movement of the skin and
adjacent tissue as there was an observable shift in the tissue position during
treatment and the temperature artifact remained throughout the sequence of
images after the shift was observed. Variable low levels of noise were seen in the
MR temperature measurements during some of the experiments, but this noise
was eliminated or reduced by RF filtering and shielding the effects on the MR
images. A TriAD/DC heating sequence with all three sectors active on the
transducer was illustrated in Figure 3.10. The 15 °C temperature increase contour
corresponded closely to the to the thermal dose distribution in the tissue. The
sequence displays no heating dead zone between the sectors and radial heat

penetration of about 10-15 mm. The heating patterns in the images supported the
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temperature increase (°C) [}

Figure 3.9: TriAD/CC heating pattern in in vivo canine thigh muscle with two
active sectors. The temperature distribution displayed no unheated area between
sectors and effective radial penetration. The color seen at the top of the image is
due to motion of the skin and adjacent tissue during the procedure.

baseline
P

temperature increase (°C)

Figure 3.10: Time sequence of a heat with a TriAD/DC applicator in in vivo
canine thigh muscle with MR temperature monitoring in the 0.5 T interventional
MR. The 15°C temperature increase contour (orange) corresponds closely with
the thermal dose delivered.
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simulation and ex vivo results of this study and displayed that heating with

TriAD applicators under MR temperature monitoring is possible.

3.5 Discussion

In tissues with deep-seated, localized tumors, interstitial heating devices
can be inserted directly into the target tissue and may be a more effective way of
delivering localized thermal therapy in areas that may be difficult to treat with
external thermal therapy or other approaches. Ultrasound devices have distinct
advantages over other interstitial thermal therapy devices including offering
increased radial penetration from a single heating source. Applicators utilizing
planar and single-sectored tubular ultrasound transducers have been shown to
provide good spatial control and penetration of a thermal treatment.[37] Tubular
transducers sectored into one directional element (e.g. 90°, 180°) are able to
control both the radial penetration and directionality of a thermal treatment.
These applicators have a fixed heating pattern and cannot vary the angular
spatial control during treatment without mechanical manipulation.[26] MR
temperature monitoring technology provides real-time temperature feedback for
controlling heating devices. The PRF MR temperature monitoring method may
be sensitive to errors created by movement of any objects in an image, including
rotating or translating thermal therapy devices. Thus, the objective of this study

is to investigate an interstitial thermal therapy device that can dynamically
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control the angular shape of a heating distribution during treatment without
requiring applicator manipulation, and maintain the axial and radial control
advantages of interstitial ultrasound.

Interstitial ultrasound applicators (1.9-2.4 mm OD) with multi-sectored
tubular transducers were developed and evaluated in this study to demonstrate
dynamic angular spatial heating control can be achieved without mechanical
movement and coagulate tissue to radial depths of at least 1-2 cm (Figures 3.5,
3.8, 3.9, 3.10). Temperature distributions and thermal lesion dimensions are
similar to interstitial ultrasound applicators with fixed-directional, small tubular
ultrasound transducers.[27,64] In this study, the ultrasound transducers are
sectored into three sectors due to the small dimensions and the experimental aim
of testing feasibility. This represents a practical test configuration for
demonstrating angular control while maintaining small applicator diameters,
which are adequate for minimally invasive thermal treatment.

One of the experimental aims in this study is to determine that TriAD
applicators can create continuous thermal lesions without obtaining a clover leaf
heating pattern between sectors. The biothermal simulations and ex vivo and in
vivo tissue studies show thermal redistribution filled in potential dead spots of
ultrasound energy from the sectoring of the surface of the transducer (Figure
3.5). The simulations also provide insight into the use of a tri-sectored applicator
design for creating modified thermal lesions. A simple multi-point maximum

temperature controller has been used in many of the simulations with a separate
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control point in the tissue in front of each sector to allow for control of heating
distributions from multi-sectored interstitial ultrasound applicators (Figure 3.4).
In in vivo canine thigh muscle both the TriAD/DC and TriAD/CC applicators
can create thermal lesions more than 10 mm in radius in less than 10 minutes
(Figures 3.9, 3.10). The in vivo studies also show that despite perfusion in the
tissue, the temperatures are continuous between the sectors of the transducers
and they can create thermal lesions with continuous borders. This work
corresponds well with the ex vivo experiments and biothermal simulations.

A feedback controller may be used with the TriAD applicators using real-
time MR temperature measurements to more accurately treat a target tissue
volume. In this study, the update time of the temperature imaging is 15 s.
Treating a large area all at once in 5-15 min means the MR temperature imaging
does not need to be as fast as with external high intensity focused ultrasound
devices that heat in short times. The 15 s sampling time is currently inherent to
the 0.5 T MR scanner for the heat treatments discussed in this work. The MR
temperature monitoring software used in this study is currently under active
development, hence the slight differences in the temperature monitoring
sequences used in this study. Additional research is being done to improve the
MR temperature accuracy and the speed of image acquisition in the 0.5 T
interventional scanner to allow for real-time applicator feedback control. The
increased angular control offered by a multi-sectored applicator and MR

temperature monitoring could allow thermal targeting to a specific
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predetermined volume and reduces the chance of heating healthy tissue.

The applicators created in this study are non-ferrous and MR temperature
monitoring compatible. Image susceptibility artifact, as seen for a TriAD/CC
applicator in Figure 3.6, is dependent upon contaminates obtained by a device
during the construction of the ultrasound transducers or the applicator itself.
This study shows that the applicator MR susceptibility artifact at different
magnetic strengths (0.5, 1.5 T) ranges from negligible to a maximum case of ~3
mm in radius from the applicator. This could be due to differences in the
thickness of the electrical plating on the surface of the transducers or possible
contamination during construction. Previous studies have shown that this
artifact is not dependent on the direct-coupled or catheter-cooled designs.[58]
Although the maximum artifact case is not ideal, applicators with this amount of
susceptibility artifact are still suitable for thermal ablation MR procedures where
the boundary of heating is the primary concern. More careful transducer
manufacturing, screening of materials, and applicator construction should
eliminate most MR compatibility issues. The cooling water flow did not disturb
the MR images and RF power can be applied to the applicators and adjusted
with minimal disturbance of the MR temperature images without requiring the
power delivered to be turned off during image acquisition.[38,82]

The two TriAD applicator designs evaluated in this study provide very
similar angular thermal lesion control and radial penetration. The internally

cooled applicator (TriAD/DC) was smaller in total diameter (1.9 mm) and
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contains a larger diameter transducer (1.8 mm) than the catheter-cooled
applicator (TriAD/CC) (1.5 mm OD transducer, 2.4 mm OD catheter). When
using a maximum temperature controller, the TriAD/CC offers better radial
temperature penetration than the TriAD/DC applicator due to more effective
water-cooling. However, because the maximum temperature of a treatment is
farther into the tissue, thermal lesion border continuity is slightly less than the
lesions created by the TriAD/DC applicator, which maintains the maximum
tissue temperature closer to the applicator due to less effective tissue cooling.

Hyperthermia temperatures often increase the efficacy of chemotherapy
and radiotherapy by increasing cell oxygenation and tumor blood flow.[120] The
applicators developed in this study may also be able to increase the accuracy of
heating a specific tissue at lower temperatures. The results in Table 3.1 suggest a
TriAD applicator with a low control temperature can control the angular shape
of a heating distribution. The simulated 40 °C contour extends as far as 2 cm into
the tissue at moderate tissue perfusions (2 kg m? s1). For single applicator
implant hyperthermia treatments, a larger applicator may improve heating
border continuity because the percentage of transducer surface area lost to
cutting the transducer is much smaller than with the small diameter applicators.
However, simulations of the applicators in this study provide evidence that a
TriAD applicator could be effective in delivering a hyperthermia dose to a target
area.

Angular control of a heating distribution during treatment has been
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explored with numerous types of ultrasound applicators. One method for
achieving angular control of these distributions is heating with a fixed-
directional applicator that rotates or sweeps during treatment. Rotating sectored
tubular and planar ultrasound applicators have been shown to improve the
angular control of a heating distribution from an interstitial or intracavitary
ultrasound applicator.[18,64,96] These applicators can create precise lesions from
thermal treatments in longer treatment times (>30 min). These larger diameter
(>4 mm OD) applicators can also treat large areas accurately, such as the entire
prostate gland, and can be controlled with MR temperature monitoring.[16,97] A
cylindrical, intracavitary ultrasound phased array applicator is a sophisticated
approach that does not require applicator movement during treatment and has
also been shown to provide very good angular control of a thermal lesion.[79,80]
An electronic beam rotation of a plane wave beam is used instead of mechanical
rotation of a planar transducer to selectively heat discrete regions.[65] Theses
devices have been effectively demonstrated for intracavitary applications in the
esophagus and rectum, but due to size constraints this technology may not be
practical for interstitial applications where devices smaller than 2.5 mm OD are
desired.

The multi-sectored ultrasound heating configurations developed in this
work require no mechanical manipulation during treatment, maintain good
angular spatial control, and offer a simpler approach for dynamically tailoring

thermal therapy in the angular dimension. They also should be able to heat a
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large area in a shorter time (<15 min) than rotating devices and do not require
control over an additional parameter, rotation rate. Multi-sectored ultrasound
devices are also small in diameter for practicality for minimally invasive
interstitial procedures, while providing heating penetration that is similar to
more complex rotating and phased array approaches. Another notable difference
is that rotating phased arrays and planar transducer devices require multiple
shots of heat treatment, whereas the multi-sectored interstitial ultrasound
applicators heat the treatment volume in a single heat, with simultaneous
angular control. Devices with multiple transducers along the length of the
applicator could provide longitudinal control in addition to angular control of
thermal therapy. Multi-sectored device configurations overcome some of the
difficulty faced by rotating applicators, including MR temperature movement
sensitivity and potentially longer treatment times for achieving an adequate
thermal dose over a large area. Furthermore, the diameters (1.9-2.4 mm) of the
TriAD applicators are significantly smaller than interstitial applicators with a
rotating, planar transducer (>3.8 mm OD).[17] These smaller applicators create
lesions in ex vivo liver tissue with very similar radial depths (up to 15 mm, Table
3.2) to lesions created by larger, rotating interstitial ultrasound applicators.[18]

In summary, this study outlines the capability of small, multi-sectored
interstitial ultrasound applicators with dynamic angular heating control to create
adaptable and targeted thermal lesions without requiring mechanical

manipulation of the device during treatment. Furthermore, incorporating multi-
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sectored interstitial ultrasound applicators with real-time MR temperature
feedback may provide a treatment method that allows quick, adjustable heating
in the angular and radial dimensions without requiring movement of the
applicator. This could better account for tissue boundaries, irregularities in
tissues, blood vessels and perfusion, and other factors that often complicate
heating. These applicators have the potential to greatly improve the
conformability of a thermal treatment delivered to a predetermined target region
in tissue sites with deep-seated tumors inaccessible to surgery and external

heating methods.
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Chapter 4

Comparison of Rotating Sectored and
Stationary Multisectored Tubular

Interstitial Ultrasound Applicators

4.1 Abstract

Hyperthermia and high temperature thermal therapy are currently used
in the clinical treatment of a variety of cancers. Despite the increasing use of
thermal therapies, heat treatments have not gained large-scale clinical
acceptance, due in part to inconsistencies in controlling heat deposition in vivo

and the lack of precise temperature measurement. Interstitial ultrasound
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applicators provide superior spatial control over power deposition and heating
patterns compared to other interstitial techniques. Real-time MR temperature
imaging provides thermal therapies with an accurate, non-invasive method for
measuring temperature within the body during treatment. In this study, three
MR-compatible water-cooled interstitial ultrasound applicator designs were
developed and evaluated for dynamic angular control of the thermal dose to a
target area. Two of the applicator designs utilize an ultrasound transducer
separated into three individually powered sectors allowing the user to control
heating deposition without manipulating the device. The third design utilizes a
90° sectored transducer that can be rotated to target the thermal treatment to a
specified area. A tri-sectored water-cooled applicator (TriAD) and a rotating
catheter water-cooled applicator (RIUS) angularly controlled thermal dose to a
target area. Both devices were small in diameter (1.8-2.4 mm), making them
clinically feasible for minimally invasive treatment in size-sensitive tissues.
Comparisons and predictions of the in vivo performance of all applicators was
examined by biothermal model simulations and in ex vivo tissue experiments.
The biothermal model incorporated changes in acoustic attenuation and
perfusion as a function of thermal dose. Ex vivo experiments with real-time MR
temperature monitoring correlated well with results from the biothermal model.
The results of this study bracketed the feasibility and potential in vivo
performance of the applicator designs for minimally invasive cancer treatment

with MR guidance.
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4.2 Introduction

Thermal treatment of cancer and benign disease has achieved been slow to
be accepted in the clinic due to uncontrollable temperature distributions. The
major successes in the field have typically been achieved through the
development of devices that are able to accurately distribute a thermal dose to a
target area. This device development coupled with major improvements in
temperature monitoring within the body may provide the future of thermal
therapy. Different modalities for treating tissue with heat have been thoroughly
explored, including radio-frequency,[51] microwave,[104] laser,[107] and
ultrasound.[37] While all modalities have proven useful for different types of
disease, ultrasound has some inherent advantages regarding control of the
thermal dose delivered to a target area. Ultrasound has a small wavelength that
allows for favorable penetration and control of energy deposition, thus it offers
an inherent advantage in controlling the amount of heat deposited in the tissue.
Varying the frequency and power of the ultrasound energy can control the radial
penetration depth. By placing a small ultrasound transducer on the tip of a small
catheter or needle, the energy source can be directly inserted into a tumor.
Interstitial ultrasound applicators have been demonstrated to maintain a high
degree of control of the radial penetration depth and axial location of heating

energy.[18,65,83]
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Different sectoring sizes of a tubular ultrasound transducer allow for
control of the shape and size of a lesion in a certain direction. Recent studies
involve rotating a sectored ultrasound applicator to effectively “paint’ a target
region with a thermal dose.[96] These studies offer good control of the angular
dimension of a thermal lesion; however, the applicator designs become
significantly more complicated and require manipulation of the device during
treatment. Rotating applicators also increase the total treatment times needed to
thermally ablate a large area of tissue, perhaps up to two hours. However, at the
current time, rotating ultrasound applicators provide the most control of a
thermal lesion in the angular dimension.

High temperature thermal therapy (>50 °C) can selectively destroy regions
of tissue. Thermally coagulating a selected area of tissue has been used as a
minimally invasive treatment option for recurrent malignancies and benign
prostate tumors. Thermal therapy has not become a widely accepted treatment
option for many diseases because of inherent difficulties in heating physiological
tissue sites. Dynamic and heterogeneous tissue thermal properties and heat
transport properties of blood and blood vessels create a major obstacle in
accurately modeling and predicting the thermal dose in living tissue. Thus,
accurate real-time temperature monitoring is needed to understand temperature
distributions in vivo. MR temperature imaging has recently provided thermal
therapy with an accurate (+2 °C) and precise (¥1 mm) non-invasive method of

monitoring temperatures during treatment.[93] This technology has excited new
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interest and investigation into thermal therapy treatments and sparked research
towards the development of thermal therapy devices for accurate delivery of
heat to a prescribed area.

The majority of MR thermal monitoring utilizes the PRF phase shift which
varies linearly with increases in temperature. This method is a phase subtraction
method, where each successive image is subtracted from a baseline image to
determine the total phase shift and in turn, temperature rise. PRF phase
subtraction is very sensitive to motion and any slight shifts in tissue position can
disrupt images or lead to false measurements.

In this study, two applicator designs with multiple individually controlled
sectors on a single tubular ultrasound transducer and an applicator design with a
rotating 90° sectored transducer were evaluated in biothermal model simulations
and ex vivo heating studies with MR temperature imaging. This study displays
the feasibility of both types of applicators for clinical use and their anticipated
performance in vivo. This chapter emphasizes the rotating interstitial device.
Interstitial ultrasound coupled with real-time MR temperature imaging offers a

promising approach for thermally treating cancerous tissue.

4.3 Applicator Construction and Characterization

A tri-sectored angularly directive applicator design consisting of a single
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Figure 4.1: Heating schema for (a) a tri-sectored tubular ultrasound applicator
and (b) a rotating 90° sectored tubular ultrasound applicator. The rotating
applicator can be a single heating shot (left) or rotating the applicator and
heating in steps.

ultrasound transducer mounted on polyimide tubing was developed in this
study. The transducer was sectored into three individually controlled 120° active
elements by a silicon wafer dicing saw. Power leads were soldered to each
element allowing for separate power control to each sector. Two different
catheter designs were created using the tri-sectored ultrasound transducer as
described in Chapter 3. One applicator was developed with internal water
cooling (TriAD/DC) and the other applicator (TriAD/CC) was convectively
cooled on the outside of the transducer using a catheter-cooled design.[81]

A rotating interstitial ultrasound applicator (RIUS) was developed for
controlling the angular shape of a thermal lesion. It consisted of a 90°-sectored
1.5 mm OD transducer (7.2 MHz) inserted into a 2.4 mm OD Celcon catheter. The
RIUS applicator had a built-in rotating hub, which allows the transducer

assembly to rotate freely within the catheter.

The RIUS applicator design was constructed similarly to the TriAD/CC
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Figure 4.2: Rotational beam profile of a 1 cm long, 90° sectored tubular

ultrasound transducer that can be incorporated into a rotating interstitial
applicator.

applicator. Figure 4.1 shows general heating schema for both the tri-sectored
applicators and the RIUS. The RIUS applicator can be used as a single shot or
rotated to conformally treat an area. All the applicators used in this study were
characterized with acoustic beam plots. The RIUS applicator beam profile
showed a single 60° acoustic output zone as seen in Figure 4.2. The acoustic
output zones of the transducers are smaller than the actual electrode surface
possibly due to mechanical damage from cutting a transducer, diffraction effects,
and clamping the edge of the transducer.

A force balance technique for cylindrical ultrasound sources measured the
acoustic power output of each applicator.[54] The goal of the experiments was to
determine the acoustic efficiency of each individual sector and the frequency at
which powering the sector would result in the most acoustic energy deposited in

the tissue. Tests were done at a net applied electrical power of 3 W to determine



84

the acoustic efficiency of each individual sector on the transducer over a small
frequency range. The TriAD applicator achieved acoustic efficiencies of 30-40 %,
while the catheter cooled applicators achieved acoustic efficiencies of 40-50 %
outside of the catheter and 20-30 % within the catheter. The differences between
the two applicator designs may explain the differences in the measurement of
acoustic power output seen in these experiments. The internally cooled
applicator design may decrease the acoustic efficiency of the transducer due to
the cooling flow structures on the inside of the transducer. Also, the catheter in
which the catheter cooled applicators are inserted clearly reflects or absorbs some

of the ultrasound energy aimed at the tissue.

4.4 Biothermal Model Simulation Results

A finite difference biothermal model based on the Pennes bioheat
equation was used to evaluate the theoretical heating performance of each
applicator at different blood perfusions, attenuations, and heating times. The 2D
model accounts for changes in attenuation and perfusion as a function of thermal
dose.[108] A multi-point bang-bang controller was used in the model to control
the maximum temperature in simulated in vivo tissue. Simulations were done
using a maximum temperature of 65, 75, and 85 °C to evaluate the size and shape
of the lesions created by all the applicator designs. Other parameters including

tissue perfusion and duration of treatment were also modified to display
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increased performance of the applicators. The shape of the acoustic power
distribution obtained from the acoustic beam plots was approximated in the
model.

The model showed controlled continuous lesions could be made by the
TriAD and RIUS applicators at nominal values of attenuation and perfusion in
brain (6.7 Np MHz1 attenuation, 7.0 kg m-3 s blood perfusion) and prostate (7.0
Np MHz1 attenuation, 5.0 kg m s blood perfusion) tissue. Simulated results in
normal tissue with the TriAD and RIUS applicators are shown in Figure 4.3. The
RIUS applicator was rotated stepwise in the simulations to dynamically control
the angular shape. The results of these in vivo simulations indicate the feasibility

of controlling the size and shape of thermal lesions in the clinic.

4.5 Ex Vivo Tissue Experiments

Thermal lesions were created using both types of applicators in ex vivo
tissue. The experiments were conducted in a water bath at 37 °C. Thermal dose
contours from the biothermal model correlated very well with the coagulated
zones in the tissues. All the experiments were done in fresh beef liver (harvested
the same day.) All the applicators created relatively large lesions in the tissue up
to 2 cm in radius. Room temperature cooling at a flow rate of 35 ml min! cooled
all the applicators during the experiments. The RIUS applicator was rotated

using an ultrasound motor connected to the rotating hub. These experiments
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Figure 4.3: Simulated thermal lesions in prostate tissue. The top left figure is a
TriAD applicator with three active sectors individually controlled to maximum
temperatures of 85, 75, and 65 °C. All other lesions were created by controlling the
maximum temperature to 85 °C. The lesion on the bottom right was created by a
TriAD with two active elements. The four lesions on the right are simulated RIUS
lesions rotated stepwise 30° every two minutes to create conformal angularly
controlled lesions.

provide good correlation to the biothermal model simulations and display the
ability of interstitial ultrasound applicators to create large controllable thermal
lesions in the angular dimension. Lesions created by the tri-sectored applicators
are shown in Figure 4.4.

The TriAD and RIUS applicators were also evaluated in beef muscle tissue

under MR temperature imaging in a GE 0.5 T interventional scanner. The PRF



Figure 4.4: Thermal lesions in ex vivo turkey breast tissue with (A) 3 active sectors
and (B) 2 active sectors with a TriAD/DC applicators. Thermal lesions in ex vivo
beef liver with a RIUS applicator (C) rotated and (D) a single shot treatment.

MR temperature imaging method is sensitive to movement in the tissue because
it is a phase subtraction method. The TriAD applicator required no manipulation
or movement of the applicator during the treatment to achieve dynamic angular
control. A RIUS applicator heated the beef muscle similarly to the TriAD
applicator under MR temperature guidance. It was rotated in 30° steps with a
MR compatible ultrasound driving motor every two minutes to demonstrate the
control of the angular shape of the heating pattern of the applicator. The
applicator heated in a single shot toward the top of the image, then it was rotated
120° and power was applied continuously as the device rotated 30° every 2 min
thereafter to display the angular control of the rotating interstitial applicator. The
sequence of MR temperature images is shown in Figure 4.5. The cumulative
temperature map from a treatment is shown in Figure 4.6. The stepwise rotation
of the RIUS applicator allows for a higher degree of control of the lesion shape
and size than the TriAD. The RIUS applicator requires manipulation within the

catheter during treatment and could affect temperature measurements in real-
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Figure 4.5: Time sequence of MR temperature images during heating in beef
muscle with RIUS applicator (8.9 W applied power.) Applicator was rotated 120°
at 250 s and 30° every 120 s thereafter.
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Figure 4.6: MR temperature images of a RIUS applicator. Image on left is a single
shot heating pattern. The image on the right shows the cumulative maximum
temperature distribution achieved during the experiment in beef muscle
sequenced in Figure 4.5.
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time. The internal rotation of the transducer within the catheter did not affect the
temperature measurements in this study. The RIUS applicator was able to
accurately treat a prescribed area under MR temperature imaging guidance. The
heating patterns of both applicator designs corresponded very well to the
biothermal model simulations.

The ex vivo tissue experiments conducted in this study outline the
potential in vivo performance of the tri-sectored applicator design and the
rotating interstitial design. The rotating applicator can provide a more accurate
thermal dose than the tri-sectored applicator; however, in this study and
previous studies, the treatment time is substantially longer, up to 1 hour, and the
applicator requires movement during treatment which could create inaccuracies
in measuring temperatures with the motion-sensitive PRF MR temperature

imaging method.

4.6 Discussion

The TriAD and RIUS interstitial ultrasound applicators created and
evaluated in this study allow for the control of the angular shape and radial size
of a thermal lesion. Each applicator has different advantages for tailoring a
treatment to a prescribed area. The TriAD applicators are smaller in size and do
no require external movement, allowing for shorter treatment times and less

perturbation during MR temperature imaging. The devices also incorporate
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internal water cooling, directly coupling the ultrasound energy to the target
tissue. The TriAD/CC applicator has similar advantages to the TriAD/DC;
however, due to the catheter water cooling system, ultrasound energy is
deposited the farther into the tissue, creating slightly larger lesions as seen in the
simulation charts. The RIUS applicator and the use of a rotating ultrasound
driving motor allow for very precise control of power deposition into a tissue
and the creation of accurate, conformal thermal lesions. As mentioned above, the
RIUS applicator had significantly longer treatment duration in this study and
requires manipulation during treatment.

Interstitial ultrasound applicators provide superior spatial control of
power deposition and heating patterns compared to other interstitial techniques.
Real-time MR temperature imaging provides thermal therapies with an accurate,
non-invasive method for measuring temperature within the body during
treatment. The combination of these technologies and improvements to the
existing technology, such as the applicator designs evaluated in this study, could
lead to improved thermal treatments for cancerous and benign tumors. In vivo
evaluation needs to be conducted for the RIUS design, but the ex wvivo
experiments and biothermal model simulations at different perfusions bracket
their anticipated performance in living tissue. These applicators in conjunction
with MR temperature imaging provide a promising, practical approach to the

thermal ablation of tumors.
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Chapter 5

Transurethral Ultrasound Applicators
for Dynamic 3D Control of Prostate

Thermal Therapy under MR Guidance

5.1 Abstract

Thermal therapy can be used as a minimally-invasive alternative to surgical
methods for the treatment of localized prostate cancer and benign prostate hyperplasia
(BPH). In this study, transurethral ultrasound applicators incorporating a linear array of
two multisectored tubular transducers (7.8-8.4 MHz, 3 mm OD, 6 mm length) were

evaluated in vivo in three canine prostate glands under MR temperature guidance. The
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transurethral catheter provided water flow cooling to the applicator (100 ml min™) and
consisted of an expandable urethral cooling balloon (10 mm diameter). Also included
was an integrated positioning hub for accurate targeting of the thermal therapy by
rotating and translating the transducer assembly within the catheter. The transducers
consisted of three independently powered sectors that emitted a 90-100° acoustic pattern
from the 120° partition characterized by rotational acoustic beam plots. In the in vivo
experiments, these devices created large contiguous thermal lesions that extended to
border of the prostate (>13 mm) in a single short heat treatment (<10 min). Also, by
adjusting individual applied power levels to each sector on both transducers, the radial,
angular, and longitudinal dimensions of the heating pattern were effectively controlled to
treat a target area in the prostates. MR temperature guidance was used to monitor the
treatments in the axial and coronal imaging planes, and provided real-time visual
feedback for manually adjusting the power delivered to the applicators (8-16 W). The
MR temperature measurements were used to track the 52 °C iso-contour during treatment
and calculate the delivered thermal dose, which corresponded well to gross histology of
the canine prostates. Other studies with MR controlled, rotating transurethral ultrasound
devices have shown good control of the angular shape of the thermal lesion, but required
monitoring in the axial imaging plane, longer treatment times (>30 min), and mechanical
movement during treatment. The multisectored transurethral applicators designed and
evaluated in this study offered fast, conformal therapy of the prostate in three dimensions,
without requiring mechanical manipulation of the device. In addition, these devices could
be monitored and controlled with MR temperature imaging in both the axial and coronal

imaging planes, possibly making them more suitable and practical for thermal therapy of
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the prostate under MR temperature guidance. In this study, multisectored transurethral
ultrasound applicators created contiguous, conformal thermal lesions in three dimensions
under MR temperature guidance, which demonstrated the potential of these devices for

treating targeted prostate volumes for BPH and cancer therapy.

5.2 Introduction

High-temperature thermal therapy devices have been developed and
utilized for treatment of benign and malignant prostate disease. Many modalities
of heating have been used for prostate thermal therapy, including radio-
frequency (RF),[11] microwaves,[4,69,102] and ultrasound.[12,110] In most cases,
prostate heat treatments are being used and studied as an alternative to surgical
procedures, and are often delivered with transurethral or transrectal devices. For
benign prostate hyperplasia (BPH) therapy, recent reviews and studies have
suggested similar results with transurethral microwave therapy (TUMT) devices
compared to transurethral resection of the prostate (TURP) surgeries, but with
less major complications when using TUMT.[4,25] In addition, studies have been
conducted that indicate higher temperatures produced from high-energy TUMT
devices may improve post-procedure symptom scores.[24,59] Transurethral
thermal therapy appears to be an effective option for treating BPH, but the
evidence suggests that increased spatial control of the temperatures and more
accurate targeting of the anterior/lateral lobes of the prostate may further

improve treatment.[50,71] For treating prostate cancer, thermal therapy is
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typically used as an alternative to radical prostatectomy in high risk patients
who are not surgical candidates and for treatment of local recurrence after
external beam radiotherapy.[6,12] Cancer treatments require accurate targeted
thermal dose delivery to assure destruction of the cancerous tissue, while
avoiding damage to surrounding tissues (rectum, prostatic sphincters,
neurovascular bundles). Transrectal high-intensity focused ultrasound (HIFU)
devices offer a high degree of control over the creation of a thermal lesion in the
prostate,[7,43,110] and recent advancements in ultrasound imaging-based
treatment monitoring may further improve treatment results.[56] However,
transrectal HIFU devices require significant treatment times to ablate large
volumes and face difficulties targeting the anterior portion of the gland.[110]
Magnetic resonance (MR) imaging techniques are being investigated for
non-invasive monitoring of thermal therapy.[93] MR temperature monitoring
offers the potential to guide the delivery of thermal treatments and improve the
accuracy of delivering target thermal doses. Recently, MR guided thermal
therapy with HIFU devices has become commercially available for the treatment
of uterine fibroids.[77,106] Non-invasive MR monitoring of thermal treatment of
prostate tissue has been applied in canine models[49,89] and humans.[13]
Prostate thermal therapy devices with a greater degree of spatial control during
treatment can take advantage of real-time MR temperature measurement
feedback and offer a more accurate way to target and verify thermal treatment.

Transurethral ultrasound devices are currently under pre-clinical
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evaluation as an alternative technique for thermal treatment of BPH and
cancer.[38] Directional planar,[16,67,96] curvilinear,[97] and single-sectored
tubular[33,39] ultrasound transducers have been incorporated into transurethral
heating applicators. By rotating the transducer assembly or applicator during
treatment, heating can be conformed to a target boundary, accurately treating a
predetermined region of prostate.[16,96] These applicator configurations have
been studied both in simulations and preliminary canine prostate studies. Planar
ultrasound applicators appear to provide good penetration and control of
thermal lesions, however, due to narrow acoustic beam width (~4 mm), they
require many rotations and significant treatment times (>30 min) to ablate a large
area of the prostate.[96,97] Mechanical manipulation of the applicators during
treatment can create problems and inaccuracies with proton resonance frequency
(PRF) based MR temperature imaging because phase subtraction methods are
very sensitive to movement in a series of images. As the number of rotations and
heat treatment durations increase, the more likely it is that applicator movement,
tissue movement, image phase drift, or a change in prostate dimensions will
create significant inaccuracies in temperature measurement. A device that does
not require mechanical manipulation during heating and can accurately treat a
target volume in a relatively short period of time should further decrease
temperature monitoring errors. Similar advantages have recently been
demonstrated with interstitial ultrasound applicators, consisting of small

multisectored tubular ultrasound transducers [<1.8 mm outer diameter (OD)],
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which are able to conform heat treatment in the angular dimension without
requiring applicator movement during treatment.[61] A stationary, larger
multisectored transducer configuration incorporated into a transurethral catheter
could offer a practical solution for prostate thermal therapy with MR guidance.
The objectives of this study were to design, develop, and evaluate
multisectored transurethral ultrasound applicators for three-dimensional
dynamic control of prostate thermal therapy under MR guidance. A linear array
of multisectored transducers, with independent power control to each sector,
could be adjusted to control both the angular and axial heating pattern without
requiring mechanical movement of the device during treatment. This design
concept was validated in this study using bench top acoustic measurements and
in vivo canine prostate heating experiments under MR guidance. In the
experiments, real-time MR temperature maps, thermal dose calculations, and
visual inspection of thermal lesions demonstrated the flexibility of angular and

longitudinal control of thermal treatment with these devices.

5.3 Materials and Methods

5.3.1 Design and Characterization of Multisectored Applicators
The transurethral heating applicators designed in this study incorporated
two high-frequency tubular ultrasound transducers (7.8-8.4 MHz, 3 mm OD, 6

mm length) sectored into three independent 120 partitions with a silicon wafer
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dicing saw (Automatic Dicing Saw DAD-2H/6, Disco Abrasive Systems, Tokyo,
Japan). Each sector was individually powered through small diameter (0.1 mm)
silver wire (California Fine Wire, Grover Beach, CA) leads soldered to the outer
transducer electrode, with a common ground soldered to the inner electrode. The
wires were then connected to miniature coaxial cables (0.69 mm OD, Temp-Flex
Cable, South Grafton, MA) that were fed to a 6-pin quick connect (REDEL,
Alpine Electronics, San Jose, CA) on the back end of the applicator. To construct
an applicator, the two transducers were aligned with the same orientation and
mounted onto an inner polyimide tubing lumen with a silicone adhesive (NuSil,
Carpinteria, CA). This inner lumen would also provide input of water flow
cooling to the delivery catheter and urethral cooling balloon described later. The
outer surface of the transducer assembly was coated with a thin layer of mineral
oil and covered with thin-walled (0.025 mm) PET tubing (Advanced Polymers,
Salem, NH). Another polyimide tube was placed over the inner polyimide lumen
to protect the lead wires from damage and applicator cooling flow. A plastic Y-
connector (Qosina, Edgewood, NY) at the proximal end of the applicator isolated
the input water cooling flow from the miniature coaxial cables.

The catheter was designed in this study to contain the applicator and
provide return water cooling flow through a urethral cooling balloon. The main
portion of the catheter consisted of TPAX tubing (4.3 mm OD) secured to a large
bore, Touhy-Borst hub at the proximal end. The distal portion of the catheter

consisted of a PET urethral cooling balloon (10 mm OD, 40 mm length,
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Figure 5.1: (a) Schematic diagram of the interior of the transurethral catheter and
incorporated multisectored transducer. (b) Diagram of the tip of the
multisectored transurethral ultrasound applicator with concentric water flow
cooling, urethral cooling balloon, and urinary bladder placement balloon. (c)
Photograph of the applicators used in this study with a translating and rotating
hub for accurate positioning of the transducer assembly.
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Advanced Polymers) secured to a PEBAX tip (4 mm OD, Danforth Biomedical,
Santa Clara, CA). A polyimide tubing lumen ran the down the center of the
catheter to provide a filling system for a C-Flex urinary bladder balloon
(Extrusioneering, Placentia, CA) that was secured to the PEBAX tip. An MR-
compatible titanium rod (0.71 mm OD) was inserted within the center polyimide
tubing lumen to provide structural support to the catheter. The multisectored
applicator was placed within the transurethral catheter, allowing for concentric
water cooling flow through the inner lumen of the applicator assembly and out
through the catheter and positioning hub. The water flow through the urethral
balloon provided acoustic coupling of the ultrasound energy to the tissue and
cooled both the applicator and adjacent tissue. The hub at the proximal end of
the catheter enabled both rotation and translation of the applicator within the
catheter for accurate positioning before heating. Manganin wire (0.025 mm OD,
California Fine Wire) was wrapped around the catheter near the proximal end of
the urethral cooling balloon to act as a fiducial marker in MR images. A
generalized design scheme of the applicator design is shown in Figure 5.1, along
with a photograph of one of the constructed devices.

The force balance technique for cylindrical ultrasound sources[54]
measured the acoustic output power and acoustic efficiency, the percentage of
RF power converted to ultrasound, of the multisectored transducers. For each
sector on each transducer, the optimal operating frequency, as defined by

maximum efficiency, was determined by conducting measurements at net
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applied powers of 3 and 7 W for every 0.1 MHz step between 7.6-8.5 MHz. The
acoustic output pattern was determined by obtaining rotational beam plots[33] of
the normalized pressure-squared as measured from a computer-controlled
scanning needle hydrophone (NTR Systems, Seattle, WA). The applicators were
scanned within the catheter with the urethral balloon (10 mm OD) inflated by
active water cooling flow (100 ml min). The hydrophone was scanned 10 mm
axially in 0.2 mm steps at a fixed radial distance, 4 mm from the outer surface of
the urethral balloon, while the applicator was rotated 360° in 2.5° steps. These
rotational acoustic beam plots were used to characterize the angular acoustic
output pattern of each multisectored transducer, the acoustic dead zone between
individual sectors, and whether the sectors were electrically and mechanically

isolated from another.

5.3.2 MR Temperature Monitoring

MR temperature imaging was used to monitor and evaluate the heating
performance of the multisectored applicators during in vivo experiments. The
temperature images were based on the proton resonance frequency (PRF) phase
subtraction method[93] and acquired with a receive-only prototype endorectal
coil 0.5T interventional scanner (Signa SP, GE Healthcare, Milwaukee, WI). The
endorectal coil was fitted with a water cooling flow jacket to protect the rectum
during heat treatments. The specific imaging parameters for each in vivo canine

experiment are listed in Table 5.1. Three echo times were acquired in 1 or 2
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MR parameters Canine 1 Canine 2 Canine 3
Echo time (TE) 14.3/21.5/28.6  14.3/21.5/28.6  14.3/21.5/28.6
TE1/TE2/TE3 (ms)
Acquisitions 2 1 2
Relaxation time
(TR) (ms) 170 160 190
Flip angle (FA) (deg) 60 60 60
Field of view (FOV) (cm) 18x12.5 16x16 18x12.5
Acquired resolution 256x72 96X96 19272
(pixels)
Reconstructed
temperature map 96x72 96x96 96x72
resolution (pixels)
Bandwidth (kHz) 15.6 12.5 12.5
Slice thickness (mm) 5 5 5

Table 5.1: MR imaging parameters used for the in wvivo canine prostate
experiments.

acquistions and averaged to increase the signal-to-noise ratio (SNR) and improve
the accuracy of the temperature measurements in post-processing. During the
real-time monitoring, one of these echo times was used to display the
temperature maps. The reconstructed temperature resolution was used for both
real-time monitoring and post-processing.[91] The temporal resolution of the
temperature monitoring was 12-15 s in the experiments. Three imaging slices (5
mm thick with 1 mm spacing), centered in the middle of the transducer
assembly, were used for real-time monitoring. The baseline temperatures used
for the MR thermal imaging were determined immediately prior to heating using
invasive measurements of core body temperature as described later. Custom

software displayed the temperature maps in all three image slices during
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treatment and allowed the user to set three different temperature thresholds (e.g.
48, 52, and 60 °C) for monitoring the temperature in real-time. The software also
had the capability of monitoring cumulative temperature and thermal dose.

The cumulative thermal dose, measured in equivalent minutes at 43 °C,
was calculated from the post-processed MR temperature data, where the SNR
was improved by averaging all the echo times. The calculation was performed
using the Sapareto-Dewey isoeffect thermal dose equation as a function of

temperature and time:[30,99]

:hﬂ"

1=

where R =2 for T 243 °C, R =4 for T > 43 °C, T is measured temperature (°C), At
is the time between temperature measurements, and #s:a is the total heating time.
R is a constant that is empirically derived from Arrenhius analysis of thermal cell
killing and protein denaturation.[30] A thermal dose of ts3 = 240 min was used to
define the thermal lesion boundary, based on previous studies of the
temperatures and thermal dose that caused thermal necrosis in soft tissue,[32]

including prostate tissue.[70,89]

5.3.3 In Vivo Canine Prostate Experiments

The heating performance of the multisectored transurethral applicators
was tested in three separate in vivo canine prostate glands following procedures

approved by the Institutional Animal Use and Care Committee at Stanford
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University. The animals were anaesthetized and intubated for the duration of the
procedure, and their vital signs were continuously monitored. Due to differences
between human and canine anatomy, an urethrostomy was performed to access
the urethra, and a 20 French introducer sheath was inserted into the urethra. The
animals were positioned supine, headfirst into the 0.5 T interventional scanner
and the bottom part of the abdomen was secured to minimize movement due to
breathing. The multisectored transurethral applicator being tested was inserted
into the introducer sheath, which was subsequently removed. The bladder
placement balloon was then filled with 8-10 ml of a 4% gadolinium solution and
the applicator was gently retracted until firmly seated within the bladder neck.
The endorectal imaging coil with a water cooling jacket was inserted within the
rectum and positioned adjacent to the prostate. Based upon pre-treatment MR
images and integrated fiducial markers that marked the position of the
applicator, the transducer assembly was rotated and translated within the
catheter for positioning in relation to the predetermined target region. Once
positioned, the applicator was locked into place and the urethral cooling balloon
was expanded with degassed water. A screen captured MR image (resolution 256
x 128 pixels, FOV 20 x 20 cm, TE/TR 13/150 ms, flip angle 60°, bandwidth 6.94
kHz) of the setup of the applicator in the prostatic urethra is labeled and
displayed in Figure 5.2.

Immediately prior to applying power to the applicator, ambient
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Figure 5.2: Screen captured MR image of the applicator setup in the prostatic
urethra. The applicator, endorectal coil, and prostate are labeled on the image.

temperature water flow cooling was provided by peristaltic pumps outside the
MR suite to the endrorectal jacket (60 ml min™) and applicator (100 ml min). RF
power was applied to the applicator by two custom, four channel RF amplifiers
(Advanced Surgical Systems, Tucson, AZ) located outside the suite. Coaxial
cables from the amplifier were connected to the applicator through a shielded
access panel. RF noise at the Larmor frequency of the 0.5 T scanner was reduced
by in-line, high power, 0-11 MHz low-pass filters with 60 dB attenuation at 20
MHz (Werlatone, Brewster, NY) to prevent degradation of the MR images. The
core body temperature of the animal was measured by a deep nasal
thermocouple probe before each heating trial to establish the baseline
temperature for MR temperature imaging.

After treatment, the animals were removed from the scanner and
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sacrificed ~60-90 min later. The prostate was removed and cut into ~5 mm serial
slices, which were immediately placed into a 2% triphenyl tetrazolium chloride
(TTC) stain for 15-20 min. TTC is a redox indicator that is reduced by enzymes in
viable tissues, and stains those tissues red. It can be used to distinguish viable
and non-viable cells and clearly mark the border of thermal coagulative
necrosis.[14]

Each of the canine prostate experiments was performed under MR
guidance to evaluate the heating performance of multisectored transurethral
applicators and establish compatibility within the MR suite. In Canine 1, the
transducer assembly was positioned toward the base of the prostate and rotated
to direct two active sectors (S1, S2) toward the ventral portion of the gland and
the remaining inactive sector toward the rectum. Different power levels were
applied to the active sectors on each transducer (T1, T2) [Figure 5.3(a)] and
adjusted during treatment to contour the lethal thermal exposure towards the
outer boundary of the prostate, according to the MR temperature measurements.
Temperature was continuously monitored in three MR axial imaging slices. The
central slice was positioned through the center of the transducer assembly,
serving as the primary images for monitoring treatment progression and
controlling the applicator power levels. Temperature thresholds and thermal
dose calculations from the MR temperature measurements determined the extent
of thermal damage and were correlated with the acute TTC stained tissue.

In Canine 2, the transducer assembly was positioned mid-gland with all
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Figure 5.3: Power delivered to 2 active sectors (51, S2) on both transducers on an
applicator (T1, T2) in (a) Canine 1 and (b) Canine 3, as adjusted by hand using
visual MR temperature feedback.

three sectors active to target the whole angular cross-section area of the prostate.
The transducers were rotated to position sector 1 (51) on both transducers (T1,
T2) ventrally and sectors 2 and 3 (S2, S3) dorsally, with the acoustic dead zone
between S2 and S3 directed toward the rectum. The applied RF power levels
delivered to all elements (~11 W/sector) remained constant for the duration of
the treatment (15 min). The MR temperature images were obtained in three axial
slices as described for Canine 1.

In Canine 3, the transducer assembly was translated and positioned
toward the proximal end of the urethral cooling balloon to target the apex of the
prostate. The applicator was rotated and positioned to target the ventral portion
of the gland, as described for Canine 1. Three coronal MR imaging slices were

used to monitor temperature during treatment, with the central slice in plane
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with the applicator. The applied RF power to each sector (S1, S2) on each
transducer (T1, T2) was adjusted [Figure 5.3(b)] to fit the 52 °C temperature
contour to the border of the prostate, according to visual feedback from the MR

temperature measurements in the center imaging slice (slice 1).

5.4 Results

Prior to the animal experiments, the multisectored transurethral
applicators were characterized by measurements of acoustic power output
efficiency and beam distributions. The peak acoustic efficiencies, at the optimal
drive frequencies of each sector, ranged from 41-53 %, within a frequency range
of 7.8-8.4 MHz. Rotational beam plots demonstrated 90-100° active acoustic
patterns associated with each 120° partition with no apparent cross-coupling
between sectors (Figure 5.4). Measurements were made with both two and three
sectors active on the transducer. In consideration of experiments performed in an
MR suite, separate RF electrical power measurements indicated ~30 % of the RF
power delivered by the amplifier to the applicator was lost in the ~15 m coaxial
cable and low-pass RF filters. The initial driving power of each sector in three in
vivo canine experiments was adjusted according to the measurements of acoustic
efficiency and transmission loss in the coaxial cable sets.

The ability of the multisectored applicators to control the angular shape

and radial depth of clinically relevant heating patterns was examined in three in
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Figure 5.4: Rotational beam plots of a three-sectored transurethral ultrasound
transducers (3 mm OD, 6 mm length) with (a) 2 and (b) 3 sectors concurrently
active.

vivo canine prostate glands. These experiments were carried out under MR
temperature imaging guidance to assess the controllability of the devices using
either axial or coronal imaging planes. In Canine 1, two sectors were active and
the third sector was inactive, to ablate a large ventral portion of the gland, while
directing heat away from the rectum. Figure 5.3(a) displays the power levels
applied to sectors S1 and S2 on each transducer (T1, T2) over the course of the
treatment. Higher power levels were delivered to S1 on T1 and T2 than to S2 in
order to evaluate the heating patterns attainable with different maximum
temperatures from each sector and demonstrate the effectiveness of independent
power control. The 52 °C contours were displayed continuously during
treatment with MR temperature monitoring and were used to control applied
power levels during the treatment. The radial progression of the 52 °C contour
during the procedure is displayed in Figure 5.5(a) for different time points (80,

180, 355, 505 s). The radial temperature profiles extending from the center of S1
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and S2 [corresponding to the linear track denoted by arrow in Figure 5.5(a)] are
shown in Figures 5.5(b,c) for the four time points. The temperature profiles
increased quickly as a function of radial distance within 1-2 mm of the urethral
cooling balloon and gradually decreased after reaching a peak temperature 3-4
mm from the applicator, as expected due to the urethral cooling. At 505 s, the 52
°C contour had penetrated to the prostate boundary. The lower power delivered
to S2 translated into a lower peak temperature in the tissue adjacent to this sector
and slightly less radial penetration of the 52 °C contour. Thermal redistribution
and conduction filled in any gaps in ultrasound energy that was seen in the
acoustic pressure profiles and created a contiguous 52 °C boundary, predictive of
the thermal destruction. These results demonstrate the potential of multisectored
transurethral ultrasound applicators to produce conformal, contiguous heating
patterns in the angular dimension through differential power level control to
each sector.

Figure 5.5(d) shows the contours of lethal thermal dose threshold (ts =
240 min) as calculated from the MR temperature measurements at the same time
points during treatment (80, 180, 355, and 505 s). An aberration in the thermal
dose contour at 505 s was noted outside the ventral portion of the prostate gland
and was most likely caused by temperature measurement artifact in one of the
MR images. The MR image SNR, which determines the accuracy of the
temperature measurement, decreases rapidly with increasing distance from the

endorectal coil. Therefore, temperature measurement artifacts are more likely to
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occur where image SNR is low. Furthermore, the cumulative thermal dose
distribution, based upon calculations that are nonlinear with respect to
temperature rise, was calculated without temporal filtering and was very
susceptible to artifacts and small transient errors in MR temperature
measurement. Figure 5.5(e) displays the TTC-stained prostate section obtained
after thermal treatment and demonstrates a clear contiguous thermal lesion in
the targeted portion of the gland, while the red-stained viable tissue indicates the
dorsal portion of the prostate toward the rectum was protected from thermal
damage. The lethal thermal dose contour and final 52 °C contour [Figure 5.5(a)]
appeared to correspond very closely to the outer boundary of thermal
destruction identified from the histological analysis.

In Canine 2, fast, complete thermal bulk ablation of the prostate was
performed. The experiment was conducted with all sectors active on each
transducer at constant applied power levels. The progression of the 52 °C
contour, as monitored in central MR imaging slice during treatment, is shown in
Figure 5.6(a) at selected treatment times (150, 240, 360, and 450 s). The
corresponding cumulative lethal thermal dose contours (ts3 = 240 min) at the
different treatment time points are shown in Figure 5.6(b). Within 4 min, thermal
redistribution filled any gaps in the heating pattern and created a contiguous
lesion shape. The radial temperature profiles as a function of time in front of each
sector are shown in Figures 5.6(c-e) corresponding to the arrows (S1, S2, S3) in

Figure 5.6(a), respectively. The peak temperature was 4-5 mm from the urethra
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temperature (C)

Figure 5.5: MR temperature and thermal dose measurements of a 2 active sector
(S1, S2) heat from a multisectored transurethral ultrasound applicator at 80 s
(eee), 180 s (e—e), 355 s (— —), and 505 s (solid). The 52 °C contour throughout
time (a) and the radial profile of the heating along the white arrows (51, S2) (b,c)
are shown. The thermal dose (ts3 = 240 min) at the different times (d) was
calculated from the MR temperature measurements and corresponded with
acute gross histology of the thermal lesion (e).

and the 52 °C contour reached the edge of the prostate (>10 mm radial) in less
than 8 min.

Experiments in Canine 3 evaluated the ability to use multiple coronal MR
imaging planes to monitor and adjust the heating pattern. The transducer
assembly was translated to the proximal portion of the urethral cooling and
rotated for positioning to selectively direct heating to the ventral portion of the

apical region of the prostate. The power levels applied during treatment were
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Figure 5.6: MR temperature and thermal dose measurements of a 3 active sector
(S1, S2, S3) bulk ablation of a canine prostate with a multisectored transurethral
ultrasound applicator at 150 s (eee), 240 s (e—e), 360 s (— —), and 450 s (solid). The
52 oC temperature contours (a) expanded throughout the treatment and thermal
conduction filled in the heating pattern at 240 s. The thermal dose contours (ts3 =
240 min) (b) fit closely to the 52 °C contour at the different time points and
showed bulk ablation of the prostate in less than 7 min. The peak temperatures of
the heating distribution from S1 (c), S2 (d), and S3 (e) were about 5 mm from the
urethral cooling balloon.

manually adjusted [Figure 5.3(b)] using visual feedback from the MR
temperature monitoring to extend the 52 °C contour to the outer edge of the
prostate. In this experiment, the temperature was monitored in three imaging
slices, but the power levels were based upon the measurements in the center slice
(slice 1). Figure 5.7(a) displays the MR temperature map in slice 1 at the end of

the thermal treatment where the 52 °C contour has reached targeted boundary of
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Figure 5.7: Three coronal MR temperature images at the end of a 10 min heat
treatment and gross histology of the resulting thermal lesion from a
multisectored transurethral applicator with two active transducer elements. (a)
The 52 °C contour was manually fitted to the border of the prostate according to
visual MR temperature feedback. The thermal dose contour (ts3 = 240 min) (solid
line) was calculated from the MR temperature measurements. A schematic of the
approximate applicator and transducer position is overlaid on the image. The
imaging slices directly above (b) and below (c) the applicator displayed the large
thermal dose delivered to the ventral portion of the gland and the protection of
the tissue in the dorsal gland, respectively. (d) TTC stain of the thermal lesion
and the approximate location of the monitored coronal imaging slices.
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the prostate. The cumulative lethal thermal dose contour (ts3 = 240 min)
calculated from the MR temperature images is overlaid as a solid line on the
temperature map and reaches the target boundary. In addition, the approximate
position of the applicator and transducer assembly is displayed on the
temperature image. The ventral prostate tissue experienced higher temperatures
(slice 2) [Figure 5.7(b)] due to the angular position of the applicator. Slice 3 in
Figure 5.7(c) demonstrates that the prostate tissue below the applicator did not
experience high temperatures and inferred that the rectum was protected. Along
the length of the applicator, two transducers (6 mm length, 2 mm spaced) created
a thermal lesion 15-18 mm in length and 13-16 mm in radius from the urethra
during a short 10 min treatment. The 52 °C contours were contiguous and
displayed the ability of multiple transducer arrays to control heat delivery along
the length of the applicator. The TTC-stained prostate, sliced axially, reinforced
the temperature and thermal dose data acquired in the MR [Figure 5.7(d)] and
corresponded to the 52 °C and thermal dose contours in slices 1 and 2 [Figures
5.7(a,b)]. The setup of MR imaging slices used to monitor the treatment is shown
on Figure 5.7(d), but the true locations of the imaging may be slightly different
from those displayed due to differences with the slicing of the prostate for

histological analysis.

5.5 Discussion
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Multisectored transurethral ultrasound applicators were developed and
evaluated to determine their potential for delivering conformal thermal ablation
to targeted regions of prostate tissue in conjunction with MR guidance and
temperature monitoring. Furthering a design strategy first discussed for
interstitial ultrasound technology,[61] the transurethral applicator developed in
this study was constructed with a linear array of larger diameter tubular
radiators, each with three independently powered 120° sectors, for dynamically
tailoring heat treatments in angle and length without requiring mechanical
manipulation during treatment. The transducer assembly incorporated into the
devices was capable of rotation and translation within the catheter for accurate
positioning and selective targeting of thermal treatment. In a series of three in
vivo experiments within canine prostate glands, these devices proved to be
capable of conforming heat treatments to large target volumes in a relatively
short treatment times. The treatment times and radial heating penetration were
consistent throughout the three canine prostate experiments. By adjusting
applied power levels to each sector on multiple transducers, the heating pattern
could be effectively directed and controlled in the radial, angular, and
longitudinal dimensions under MR temperature guidance.

The experiments performed in Canines 1 and 3 used two active sectors on
each transducer, directed ventrally, to produce a well-defined thermal lesion that
extended toward the outer boundary of the prostate, with no energy or heating

directed toward the rectum (Figures 5.5, 5.7). The active cooling within the
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urethral cooling balloon provided a protective effect extending 1-2 mm from the
urethra [Figures 5.5(e), 5.7(d)]. Angular control over the heating penetration was
possible by applying different powers to each set of independent sectors (S1, S2)
and controlling treatment duration (Figure 5.3), according to MR temperature
monitoring of the 52 °C contour. In the Canine 2 experiments, the transducer
assembly was rotated and positioned with a sector notch and inherent acoustic
dead zone directed toward the rectum. All three sectors on each transducer
segment were activated to produce fast thermal ablation conforming to the
whole prostate gland axial imaging cross-section, with reduced maximum
temperatures directly toward the rectum. Together these three in wvivo
experiments consistently demonstrated these applicators are capable of fast
thermal ablation (7.5-10 min) extending 12-15 mm from the applicator to the
prostate boundary, with the ability to shape the angular heating pattern by
appropriate sector activation and positioning. The power handling capabilities
and penetration depths of these multisectored transurethral applicators are
similar to previously reported values for fixed, single-sectored directional
tubular transurethral devices,[39,96] but with the significant advantage of
dynamic angular control.

An additional objective of this study was to determine the effect, if any, of
the acoustic dead zone that exists between sectors has on the angular heating
distribution in prostate with multisectored transurethral ultrasound applicators.

The loss of acoustic output at the edge of the transducer sector of a tubular
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source is documented and can be attributed to physical loss of material during
cutting, de-poling of material adjacent to the notch, and near-field diffraction
patterns.[33,61] Recent investigations have demonstrated that the presence of
acoustic dead zones on small diameter multisectored tubular transducers (<1.8
mm OD) for interstitial applications did not significantly impact angular control
of heating.[61] The larger diameter transurethral transducers (3 mm OD) used in
this study displayed a 90-100° active acoustic zone from a 120° sector as
measured outside the urethral cooling balloon (Figure 5.4). In this study during
power application with two or three sectors active, discontinuity in the 52°C
contour due to the acoustic dead zone was noted during the initial phase of
power application, but by 4 min the effects were negligible as higher
temperatures were achieved and thermal redistribution filled in the heating
pattern. Additionally, as demonstrated in Figure 5.5, the 52 °C contour and
resulting thermal lesion remained contiguous despite driving sectors at different
power levels and creating different maximum temperatures adjacent to each
sector.

Heating control along the length of the applicator was accomplished using
a linear array of two short transducers (6 mm). A linear array of ultrasound
transducers has been shown to provide adaptable lesion control along the length
of a heating applicator,[39] however, as more transducers are added to the array,
the power control and driving systems become significantly more complicated.

The transducer assembly designed in this study could be translated into a
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designated heating position without moving the catheter, allowing for heating
one area in the prostate and then moving to a different area. Heating in multiple
steps with two transducer arrays may be practical with multisectored
transurethral ultrasound applicators because of the short treatment time to ablate
a large tissue area. In addition, heating the entire prostate in multiple steps
should simplify the applicator power delivery system and setup and provide an
alternative to large transducer arrays.

Currently, the methods available for heat treatment of prostate cancer
with ultrasound are external and transrectal HIFU devices that typically involve
rapid thermal damage (<10 s) to multiple small volumes of tissue.[47,110] MR
verification of the delivered temperatures from HIFU devices has been recently
approved for the treatment of uterine fibroids.[77] For prostate cancer,
ultrasound imaging has recently been suggested and used as a non-invasive
temperature monitoring system for improving treatment heating patterns with
HIFU devices by adjusting the treatment parameters between pulses.[56]
Regardless of the method used to monitor and control HIFU prostate thermal
therapy, the heating requires significantly long treatment times for prostate
cancer (169 min average).[110] When monitoring the temperature with MR, the
cost and resources involved can become significant with this long treatment. In
comparison, an important benefit of multisectored transurethral ultrasound
applicators for treating prostate cancer and BPH is their ability to ablate a large

volume in a short period of time, while controlling the shape of a thermal lesion
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in the angular dimension. In this study, bulk ablation of the prostate area was
accomplished in a short treatment duration (<10 min) (Figure 5.6) under MR
temperature monitoring.

Transurethral ultrasound applicators are currently under pre-clinical
evaluation as an alternative to HIFU for high-temperature ultrasound thermal
therapy. Transurethral devices heat larger volumes in a single treatment and
offer less severe thermal gradients at the boundaries of heating than HIFU
devices. The slower growth of the thermal lesion boundary and shorter overall
treatment times possibly make the transurethral devices more practical for use
with MR temperature feedback.[19,49,96] The multisectored transurethral
ultrasound applicators developed in this study were evaluated in a 05 T
interventional magnet because of the ease of access to the canine during
experimental setup. A recent study explored the optimal spatial and temporal
resolutions in the 0.5 T scanner to balance image and temperature map resolution
with higher SNR.[91]

Rotating transurethral applicators with planar or curvilinear transducers
can thermally ablate narrow zones of prostate tissue extending 15-20 mm
towards the boundary of the gland in around 60 s.[16,96,97] In order to treat
larger target volumes, many mechanical rotations are required to sweep out and
contour a composite ablative region while using MR temperature imaging as
feedback with these devices, which can significant increase overall treatment

duration. Previous studies with directional tubular transurethral ultrasound
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applicators (180° sector) were able to ablate a large tissue volume in a short
treatment, but these devices lacked the flexibility to more carefully control the
angular dimension of the thermal lesion during treatment.[33,38] With a very
directional sectored transducer (90°), angular control was accomplished by
rotating the transducer during treatment;[96] however, this extended the overall
treatment time and introduced mechanical movement during treatment.
Although these rotating transurethral devices are very controllable, the
requirement to rotate or sweep during therapy delivery can induce movement
artifact or errors in PRF-based MR temperature monitoring, due to the sensitivity
of the measurements to any motion with respect to the initial baseline image. In
addition, the longer treatment duration associated with rotating transurethral
heating applicators could also introduce temperature measurement errors
associated with image phase drift or a change in prostate dimensions due to
heating. When controlling rotating transurethral applicators with MR
temperature feedback, the treatments must be monitored in the axial imaging
plane. As seen in Figure 5.5, multisectored transurethral applicators can be
monitored in the other imaging planes (coronal, sagittal), because the device
power control does not have to depend on the temperature maps in the axial
imaging plane. When compared to rotating transurethral ultrasound applicators,
multisectored devices offer less angular control of heating patterns, however, the
multisectored devices allow much simpler heating control with MR temperature

feedback and do not require any device manipulation during treatment. These
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factors and the short treatment times to ablate a large volume of tissue, as found
in this study, contribute to multisectored transurethral ultrasound applicators
possibly being more suitable and practical for prostate heat treatments with MR
temperature monitoring.

This study has demonstrated the feasibility and clinical potential of this
design concept for prostate thermal therapy. The multisectored tubular
ultrasound device configuration could be useful for thermal ablative treatment of
BPH, which typically targets the anterior/lateral lobes of the human prostate to
reduce obstructive hyperplasic tissue.[24,59,122] Compared to TUMT devices,
these multisectored transurethral ultrasound applicators offer increased spatial
heating control both in positioning toward the bladder neck and in directing the
energy into the anterior/lateral portion of the gland. This improved control,
coupled with faster treatment times and greater heating penetration, may
improve overall clinical efficacy and durability.[38] Other multisectored
transducer configurations (e.g. number of sector and angles, intentional dead
zones) may be applicable or tailored to BPH treatment. Although not required
for treating BPH, using MR temperature guidance with these ultrasound devices
would allow more precise and thorough targeting of the obstructive tissue and
patient specific therapy. In contrast, cancer treatment would require MR
temperature monitoring to ensure that the targeted cancer region receives a
prescribed thermal dose, while avoiding damaging the rectum, sphincters, or

neurovascular bundles. Additional studies are warranted to optimize applicator
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design, including the number of sectors and transducers, and develop disease
specific treatment strategies to ensure adequate target destruction and protection
of non-targeted tissues.

In conclusion, multisectored transurethral ultrasound devices offer
dynamic angular and longitudinal control over the creation of contiguous
thermal lesions conforming to prescribed target regions within the prostate. Fast
treatment times (10-12 min), radial heating penetration (12-15 mm), and
formation of contiguous thermal lesions (180-360°) were consistently achieved in
the three in vivo canine prostate experiments. The multisectored transurethral
ultrasound applicators were designed to be practical for controlled heating in
conjunction with MR temperature guidance. These devices and MR temperature
monitoring provided real-time angular and longitudinal control over heating
distributions without introducing any device motion during treatment.
Treatment times were dramatically reduced by the ability to simultaneously
apply and control power to all required sectors. Multisectored transurethral
ultrasound heating devices coupled with MR thermal monitoring are useful for
conforming a thermal dose to either discrete target volumes or the entire gland

for cancer treatment or reducing obstructive symptoms of BPH.
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Chapter 6

Hyperthermia of the Prostate with
Multisectored Transurethral

Ultrasound Applicators

6.1 Abstract

Transurethral multisectored ultrasound applicators have been shown to
provide excellent heating penetration and control of prostate high temperature
thermal therapy in canine studies. These applicators have an acoustic dead zone
between the sectors due to surface cuts. Thermal effects and smearing allow for

the creation of contiguous thermal lesions with high maximum temperatures in
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the tissue. In the case of hyperthermia (<48 °C), this study showed that despite
the lower maximum temperature than the thermal ablation studies, thermal
effects still created a contiguous therapeutic heating pattern in three canine
prostates. Also, when low power levels were applied to the ultrasound
applicators (<3 W), the temperature in the tissue was maintained at non-lethal
hyperthermia temperatures for up to 20 min. In all three in vivo canine prostate
experiments, the heating pattern reached the prostate boundary in a single heat
treatment. This study and the study in Chapter 5 displayed the flexibility of
multisectored transurethral ultrasound applicators to deliver both high-
temperature thermal therapy and hyperthermia with a minimally-invasive

approach.

6.2 Introduction

Quality of life is a major concern for treating prostate cancer. Many men
do not suffer from the symptoms of the disease at the time of diagnosis, but as it
progresses they can potentially enter into years of therapy. Short term side effects
of treatments become a major factor affecting the quality of life. When treating
the prostate with radiation, a number of patients suffer from treatment failure.
As an adjunct to radiation therapy, hyperthermia can be administered to

improve the overall efficacy of treatment. In general, the late-stage clinical results
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from this method have shown a significant improvement in the efficacy of
therapy when compared to stand-alone radiation therapy.[3,116,118]

Different heating methods have been used to deliver hyperthermia to the
prostate including transurethral and transrectal ultrasound devices.[45,53] As
detailed in the previous chapter, transrectal ultrasound can have limitations,
including long treatment times. A transurethral device that can accurately
deliver hyperthermia temperatures (<48 °C) may be a simpler way to deliver
treatment. However, to be used for prostate cancer treatment, the device needs to
be able to treat up to the capsule of the gland. In addition, a device that could
heat discrete target volumes of the prostate could further improve treatment by
limiting side effects like incontinence.

In this study, multisectored transurethral ultrasound applicators were
used to deliver standard hyperthermia temperatures in three in vivo canine
prostates. The treatment was monitored with MR temperature imaging for
verification and control of the heating. The purpose was to test the ability of the
multisectored transurethral devices to deliver hyperthermia temperatures and

determine the shape and effect of the heating pattern from the applicators.

6.3 Experimental Methods

The multisectored transurethral ultrasound applicators designed,

characterized, and described in Chapter 5 of this work were used to provide non-
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MR parameters Canine 1 Canine 2 Canine 3
Echo time (TE) 14.3/21.5/28.6 14.3/21.5/28.6 14.3/21.4/28.6
TE1/TE2/TE3 (ms)
Acquisitions 2 2 2
Relaxation time
(TR) (ms) 170 190 150
Flip angle (FA) (deg) 60 60 60
Field of view (FOV) (cm) 18 x12.5 18 x12.5 16 x 12
Acquired resolution 256 X 72 192 x 72 256 X 72
(pixels)
reconstructed 96 x 72 96 x 72 96 x 72
temperature resolution
Bandwidth (kHz) 15.6 12.5 12.5
Slice thickness (mm) 5 5 5

Table 6.1: MR temperature monitoring imaging parameters for the in vivo canine
hyperthermia experiments

lethal hyperthermia tissue temperatures to canine prostate glands in vivo (n = 3).
The animals were prepared and the applicators inserted into the prostates in the
same manner as those described in Chapter 5. The experiments were conducted
in a 0.5 T interventional MR suite. The MR imaging was done in a similar manner
to the high temperature in vivo canine experiments in Chapter 5, with multiple
echoes being used to acquire the images to improve the signal-to-noise ratio
(SNR) in post-processing. The temperature imaging for all the animals was done
with three axial imaging slices using the custom software that allowed for three
temperature contours to be monitored continuously. The imaging parameters are
shown in Table 6.1. The prototype receive-only endorectal coil was covered with
a jacket for water cooling flow (60 ml min') to protect the rectum. The MR

temperature images were used to adjust the power levels to the applicators and
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monitor the treatments. Urethral water cooling flow (60 ml min) was turned on
to the applicator immediately before treatment. Because the baseline
temperatures of the animals were lower than normal body temperatures (37 °C),
the goals of the hyperthermia treatments were to elevate the temperature 2 °C
above baseline in a contiguous area of the prostate, while keeping the maximum
temperature <10 °C above baseline, for a period of at least 10 min. In all of the
experiments, all three sectors were active on both multisectored transducers, and
low powers levels were applied to each sector independently.

In Canine 1, the multisectored transurethral applicator was positioned
with one sector aimed directly toward the rectum and the other two sectors
aimed toward the ventral portion of the prostate gland. All three sectors on the
applicator were active for 10 min. The power levels applied to the two ventrally
aimed sectors were 2.9-3.3 W, while the applied power to the third sector was
0.4-0.6 W. The baseline temperature in Canine 1 was 33 °C and the temperature
thresholds used to evaluate the treatment were 35, 38, and 41 °C.

The applicator was positioned in Canine 2 with one sector aimed
ventrally, while the other two sectors aimed toward the dorsal/lateral lobes of
the prostate. All sectors were activated for 20 min and the applied power levels
(1.9-3.0 W) to the ventrally aimed sector was adjusted according to the MR
temperature measurements to accomplish the treatment goals. The power levels
delivered (1.0-2.0 W) to the other two sectors were adjusted in a similar manner,

while remaining slightly lower to avoid heating the rectal tissue. In Canine 2, the
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baseline temperature of the animal was 32 °C and the temperature contours used
to evaluate the treatment were 34, 37, and 40 °C.

In Canine 3, the multisectored applicator was aimed in a similar fashion to
the experiment in Canine 2, with one sector aimed ventrally. All sectors were
active for a 10 min treatment, during which the applied power levels were
adjusted according to the treatment goals and MR temperature measurements.
The sector aimed ventrally had power applied at 2.1-2.9 W, while the other two
sectors, which treated near the rectum, received applied powers of 1.4-1.5 W. The

baseline temperature was 30 °C and the evaluation temperature contours were

32, 35, and 38 °C.

6.4 Results and Discussion

Hyperthermia of the prostate requires a device that can deliver a
consistent temperature distribution throughout the gland. In Canine 1, one of the
primary goals of the treatment was to avoid high temperatures in the tissue near
the rectum. A higher thermal dose to the rectum can result in serious
complications after treatment. However, hyperthermia temperatures should not
be lethal, so heating near the rectum is of slightly less concern than with high
temperature thermal ablation treatments. By positioning one of the three sectors
directly toward the rectum and only delivering a very low amount of power, a

lower maximum temperature was attained in the posterior portion of the gland.
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temperature (°C)

Figure 6.1: MR temperature images of a hyperthermia treatment in canine
prostate. The heating was accomplished with a multisectored transurethral
ultrasound applicator with all three sectors active. The sector aimed towards the
rectum was delivered lower power than the other two sectors.

In the anterior portion of the gland, the temperature rose to ~10 °C above the
baseline, similar to a standard hyperthermia treatment. In traditional
hyperthermia treatments, an elevated temperature is maintained for 30-60 min.
Figure 6.1 shows that after 7 min of heating, the temperature was consistent
throughout the gland and was maintained at very similar levels for the final 3
min of experimental treatment time. In addition, the flexibility of a multisectored
applicator for delivering low temperature heat treatments was observed, as the
area of the prostate near the rectum, where more sensitive structures exist (as
outlined in Chapter 5,) was maintained at 3 °C less than in the anterior portion of

the gland. Finally, this experiment also demonstrated the ability of a single
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minimally-invasive transurethral ultrasound applicator to heat to the boundary
of the prostate in a single treatment.

In Canine 2, the applicator was positioned to examine another method of
treatment setup. In this experiment, the heat treatment was monitored in two
axial slices along the length of the applicator as seen in Figure 6.2. This gives a
better picture of the volume of the thermal lesion and displays the ability of MR
temperature imaging to monitor the target volumes. In addition, the heating was
carried out for 20 min and the multisectored devices were again able to maintain
consistent hyperthermia temperatures for an extended period of time. The
applicator was positioned in a similar fashion in the experiment in Canine 3
(Figure 6.3) and supported the results from Canine 2.

One of the concerns with hyperthermia heat treatments is thermal
redistribution from perfusion. The heating experiments in this chapter do not
seem to show major effects of thermal redistribution. There are no major blood
vessels in the prostate, which is one reason that the prostate is an excellent
candidate for thermal therapy. In addition to perfusion concerns, multisectored
tubular ultrasound transducers have an acoustic dead zone in their energy
output pattern due to the cuts in the surface. A possible concern with delivering
low temperature heat treatments with these types of transurethral applicators
was whether the heating pattern would become contiguous because of thermal
conduction and smearing. In this study, thermal effects filled in the heating

pattern as seen in Figure 6.1, and did not require a significant increase in the
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temperature (°C)

Figure 6.2: Hyperthermia treatment in canine prostate with a multisectored
transurethral ultrasound applicator active for 20 min.

temperature (°C)

3538 4]

Figure 6.3: Hyperthermia treatment in canine prostate with a multisectored
transurethral ultrasound applicator active for 10 min.

maximum temperature in the tissue. An additional concern for hyperthermia
treatments is heating the entire prostate gland. In all the experiments, therapeutic
temperatures reached the edge of the prostate gland using the transurethral

multisectored ultrasound devices.
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6.5 Conclusions

Hyperthermia has been shown to be an effective adjuvant to radiotherapy.
In order to gain widespread clinical acceptance, prostate hyperthermia needs to
be able to treat the entire prostate gland in a reasonable treatment time (~30-60
min) using an approach that is minimally-invasive and simple to set up.
Radiotherapy treatments can be very successful in a cancerous prostate if the
disease is at a fairly early stage. Combining radiotherapy with hyperthermia has
been shown to increase the efficacy of treatment[3,52] and may offer the
possibility of delivering lower radiation doses to the target tissue, which would
help protect healthy surrounding tissue. A transrectal HIFU device can provide
accurate heat deposition, but is probably more suited for thermal surgery than
hyperthermia treatments because of the large amount of time required to set up
and deliver heat to the entire gland. Interstitial heating devices would require
many invasive implants into the tissue, which increases set up time and the
possibility of set up errors. An exception to this would be in the case of
brachytherapy, where interstitial heating devices can be inserted into the
radiotherapy implant catheters that are already in place.[Sneed 1998] This
approach has many benefits, but adjusting the power deposition from multiple
applicators can be difficult. TUMT devices offer excellent minimally-invasive
access to the prostate, but they may not be suitable for cancer treatments because

the radial heating penetration depth is limited. The transurethral multisectored
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ultrasound applicators studied in this work maintain many of the qualities of
transrectal HIFU devices in terms of heating control, while offering shorter
treatment times. In addition, as seen in the experiments in this study, these
devices can deliver therapeutic temperatures to the capsule of the prostate for

cancer treatment.
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Chapter 7

Biothermal Modeling of Multisectored
Transurethral Ultrasound Heating

Applicators

7.1 Abstract

Mathematical models of human body systems are difficult to formulate
and solve because of the complexity of living tissue. A biothermal model based
on the Pennes bioheat equation relies on simple assumptions in tissue without
large blood vessels. The most important of these assumptions is the convective

heat transfer in these tissues occurs at the capillary level and that the capillaries
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are evenly distributed throughout the tissue. In this work, 2D and 3D cylindrical
models based on the bioheat equation were created and modified for the
evaluation of multisectored transurethral ultrasound applicators. Using bang-
bang and pilot point control systems, the heating capabilities and flexibility of
this applicator configuration could be examined. In studies with a 2D R-0 model,
three and four sectored applicators were able to conform a thermal dose to
predetermined target area in simulations. In order to evaluate the 3D control
offered by multielement, multisectored transurethral applicators, a 2D R-Z
model was used to evaluate the heating pattern and heating strategies of adding
multiple transducers of varying size along the length of the applicator. In
addition, this study shows the results of using a two transducer array to treat a
large area along the length of the applicator by heating in two separate steps
with translation of the assembly within the catheter in between the steps. These
studies show the ability to control thermal lesion shape along the length of the
applicators with multiple transducers or with translation of the transducer
assembly. A 3D model was also developed to further the understanding of
ultrasound tissue heating and could offer excellent insight in the future. The
biothermal model simulations in this study outline some of the potential for

conformal thermal lesion creation with temperature feedback controllers.

7.2 Introduction



137

Computer-aided mathematical modeling of complex systems is important
for understanding situations and nuances that cannot be easily experimentally
replicated. In the case of thermal therapy, a biothermal model that accounts for
tissue changes and blood perfusion becomes increasingly complex and difficult
to solve. Very intricate tissue and patient specific models may be necessary to
create a model that is accurate enough for treatment planning.[112] In Chapter 2,
a finite difference biothermal model based on the Pennes bioheat equation in
cylindrical coordinates was created and modified to evaluate ultrasound heating
devices. An important role of thermal therapy models is evaluating design
parameters and treatment strategies. In this work, multisectored transurethral
ultrasound applicators have been designed and developed in Chapter 5 and the
model described in Chapter 2 has been a very important tool in evaluating their
performance. The model can be modified for many different applicator design
parameters including: applicator type, applicator diameter, applicator length,
transducer diameter, transducer length, multisectored transducers, acoustic
efficiency, transducer frequency, applied power, applied power control systems,
applicator cooling flow, applicator cooling temperature, and applicator rotation.
Tissue properties are also very important for evaluating applicator heating
performance. Many tissue properties can be adjusted by the user including: type,
density, specific heat, acoustic absorption and attenuation, perfusion, and

thermal conductivity.
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Figure 7.1: Experimental heating schema and setup in a canine prostate along the
length of a transurethral ultrasound applicator

Figure 7.2: Experimental heating schema for three-sectored and four-sectored
multisectored transurethral ultrasound applicators.

7.3 Simulations

7.3.1 Applicator Configuration

The multisectored ultrasound applicators were modeled as modified
tubular ultrasound transducers as detailed in Chapter 2. The experimental
applicator setup and heating schemes in the R-6 (Figure 7.1) and the R-Z (Figure
7.2) planes needed to be modeled accurately. The R-6 model was modified to

incorporate the acoustic dead zone (ADZ) between sectors on a multisectored
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transducer. The energy delivered (q) from the different sectors was independent
in the model and programmed into the mesh as seen in Figure 7.3. In the R-Z
model, the applicator was assumed to have symmetric power deposition for
tubular transducers. As elements are added along the length of the model, they
can be adjusted to be different sizes and have independent control of energy
deposition (Q). The R-Z model setup for multielement tubular transurethral

applicators is shown in Figure 7.4.

7.3.2 2D R-0 Model

Utilizing the bang-bang and pilot point control systems incorporated into
the model, the heating pattern from a multisectored transurethral ultrasound
applicator can be controlled to fit a target area. In the case of treating benign
prostate hyperplasia (BPH), only the anterior/lateral lobes of the prostate are
targeted. By placing pilot points at the edge of the outlined treatment boundary,
the multisectored applicators have the ability to conform treatment to a target
area because of their independent sector control. The pilot points turn off the
applied power to their controlled sector when the tissue temperature reaches 52
°C at those points. When coupled with a bang-bang maximum temperature
controller, the simulations show that these applicators can create contiguous and
conformal thermal lesions. In Figure 7.5, a three-sectored transurethral
ultrasound applicator was simulated for BPH treatment. A pilot point was

placed on a predetermined target boundary for each active sector and the
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Figure 7.3: Biothermal modeling schema of the acoustic output from a three-
sectored multisectored transurethral ultrasound applicator. qi, q2, and g3
represent the heat generation terms from each individual sector on the

transducer in the 2D R-6 model. The acoustic dead zone (ADZ) does not see any
ultrasound energy during simulations.

Figure 7.4: 2D R-Z model schema of modeling tubular ultrasound transducers
along the length of a heating applicator. Qi, Q2, and Qs represent the areas that
receive heat generation from the individual transducers.

simulation shows conformal thermal treatment was achieved in less than 10 min.
Another important feature is that the model in this work was adjustable
according to the number of sectors incorporated onto a tubular transducer and
the angular size of the sectors. While the experiments in Chapters 5 and 6 were
conducted with three-sectored applicators, the biothermal model allows for
exploration of the heating patterns from two-, four-, and five-sectored
transducers as well. This is an excellent example of the utility of a model to
evaluate heating strategy and applicator design parameters. In Figure 7.6, a four-
sectored (90° sectors, 70° active area) applicator simulated treatment is shown to

treat a large area of the prostate. Each sector still had independent bang-bang
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Figure 7.5: Conformal heating simulation with a three sectored transducer. The
target was outlined before treatment simulation (black line) and pilot point
control was implemented for each sector (stars). The maximum temperature was
controlled with a bang-bang controller to 85 °C. Each image represents 60 s of
heating time.

Figure 7.6: Conformal heating simulation with a four sectored transducer. The
target was outlined before treatment simulation (black line) and pilot point
control was implemented for each sector (stars). The maximum temperature was
controlled with a bang-bang controller to 85 °C. Each image represents 60 s of
heating time. The pilot point controller turned off the power to the lateral sectors,
while the anterior sector continued heating to create a conformal lesion.
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Figure 7.7: Heating pattern radial penetration depth and time from a
multisectored transurethral ultrasound applicator with varying applicator and
tissue parameters.

maximum temperature control as well as independent pilot points. In this case,
the anterior sector needed the heat to reach farther into the tissue than the lateral
two sectors. As seen in the time steps of the simulations in Figure 7.6, the power
was turned off to the lateral sectors, while it continued to heat toward the
anterior portion. This is an example of independent sector control for creating
conformal thermal lesions.

The effects of perfusion and other tissue properties can change the shape
and size of thermal lesions produced by multisectored ultrasound applicators.
These applicators can account for tissue and heating pattern changes by adjust
ing treatment during heating. In Figure 7.7, the radial penetration of the heating
pattern from tubular transurethral ultrasound applicators was simulated and
quantified according to differences in maximum tissue temperature, tissue

perfusion, and urethral balloon cooling temperature.
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7.3.3 2D R-Z Model

The 2D R-Z model can be used to evaluate ultrasound heating along the
length of the applicator. In this work, the model was programmed to be
adjustable to user inputs of the number of transducers and transducer length.
This is an important design consideration for controlling a thermal treatment in
three dimensions. In Figure 7.8, the heating patterns from applicators with one (1
cm long,) two (1 cm long,) and four (6 mm long) transducers along the length of
the applicator are examined. They show excellent radial penetration of the
heating pattern and also display the effects of the tissue properties on the edges
and shapes of the thermal lesion.

The applicators developed in this work and described in Chapter 5 have a
unique hub that allows for translation of the transducer assembly within the
catheter. Currently, most MR temperature monitoring image slices are 3-5 mm
thick [Chopra, Rieke], which makes it difficult to understand and control
multiple transducers along the length of the applicator when monitoring in the
angular dimension. As more transducers are added, more and smaller imaging
slices will be needed. This can tax the parameter limitations of non-invasive MR
temperature monitoring. When using multisectored transducers and multiple
transducers, the number of elements driven with independent applied power can
become significant (>10). As the number of channels increases, RF noise in the

MR suite increases and device construction and applicator control systems
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Figure 7.8: Simulated heating patterns along the length of a transurethral
applicator. In the two images on the left, the applicator consists of 10 mm long
transducers. The righthand image shows an applicator with four 6 mm long
transducers.
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become more complicated. By creating an applicator where the transducer
assembly can translate without moving the catheter, multiple heat treatments
could be done to heat the prostate along the length of a transurethral applicator.
This strategy would simplify the applicator construction and MR temperature
monitoring requirements. To evaluate this strategy, the R-Z model was used to
simulate a two transducer array heating in one area, was subsequently
translated, and then treated a second area. An alternative strategy would be to
incorporate five transducers along the length of the applicator. The thermal dose
patterns and maximum temperature maps from these two applicator
configurations are shown in Figure 7.9. Both strategies appeared to offer similar
heating patterns and are viable solutions for controlling thermal lesion formation

along the length of a transurethral ultrasound applicator.

7.3.4 3D Model

A 3D biothermal model for ultrasound heating applicators was developed
in this work. This model has the potential to accurately describe heating patterns
from multisectored ultrasound applicators and possibly offer treatment planning
simulations. Due to technical limitations of the finite difference method as
outlined in Chapter 2, the 3D model was utilized in this work on a limited basis.
However, as the technical limitations are overcome, the model created and
developed in this work can serve as the basis for future simulation studies.

Examples of the amount of information that can be obtained from the 3D model
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Figure 7.10: Surface plot representation of 3D biothermal simulation of an
interstitial ultrasound applicator (6 mm OD) with two tubular transducers.

Figure 7.11: 3D slice representation of the simulation shown in Figure 7.10. The
figure was created in MATLAB and any slices throughout the volume could be
chosen.

are shown in Figures 7.10 and 7.11. In these experiments, a tubular interstitial
ultrasound applicator (6 mm OD) heated generalized tissue. Using MATLAB to
visualize the simulation results renders a surface area plot as well as slices

through any part of the heated volume.
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7.4 Conclusions

Multisectored transurethral ultrasound applicators offer incredible
flexibility of control over heating deposition for thermal therapy. The biothermal
model developed and modified in this work is a powerful tool for identifying
and exploring this flexibility and new heating strategies. The simulations
throughout this work all display excellent correlation to experimental studies
and give quantitative insight into the heating penetration of thermal lesions. In
addition, the controllers incorporated into the model display the potential of
using non-invasive MR temperature monitoring for applicator feedback control.
The model also explores heating strategies that take advantage of the MR

compatibility of the applicators and offers practical solutions.
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Chapter 8

Conclusions

8.1 Research Summary

Multisectored tubular ultrasound transducers provide an accurate
technique of shaping a thermal lesion in three dimensions without requiring
movement of the device during treatment. These transducers can be incorporated
into different types of delivery devices, including interstitial and transurethral
heating applicators. Multisectored ultrasound applicators were designed in this
work for use with MR temperature monitoring. Due to some of the technical
limitations and specifications of MR temperature imaging, these devices were
developed to be stationary during treatment, provide excellent control over the

shape of a heating pattern with MR temperature feedback, and offer simple MR
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guided treatment setup.

In order to evaluate the utility of multisectored ultrasound applicators, a
finite difference biothermal model based on the Pennes bioheat equation in
cylindrical coordinates was modified as detailed in Chapter 2 of this work. The
model accounts for changes in attenuation and perfusion with changes in
thermal dose. In this work, bang-bang, pilot point, and manual control systems
were developed and programmed into both 2D R-6 and R-Z models. The models
were also developed to incorporate multisectored tubular ultrasound
transducers with independent power control. The multisectored transducers
could be programmed with a variable number of sectors and different sector
sizes. The 3D model developed in this work offers the first steps of creating an
accurate simluation tool for evaluating ultrasound heating applicators and heat
treatment planning.

Interstitial ultrasound applicators offer accurate heat delivery directly to a
target tissue. Unlike HIFU applicators, interstitial ultrasound applicators have
the advantage of being inserted directly in the target site, which eliminates
concerns about ultrasound properties as the energy travels through tissue
interfaces. In addition, interstitial applicators can heat a large volume in a single
treatment in a much shorter time than HIFU devices. In most cases, the
applicator setup, design, and power driving systems are simpler for interstitial
devices. The advantages of HIFU devices are non-invasive treatment options and

very accurate control over the size and shape of heating patterns. In Chapter 3,
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new interstitial ultrasound device designs were thoroughly evaluated with
biothermal simulations, ex vivo heating experiments, and in vivo experiments
conducted under MR temperature monitoring. The multisectored ultrasound
transducers provided a novel heating strategy, where a heating pattern could be
shaped during a single heat treatment without mechanically manipulating the
interstitial device during treatment. In Chapter 3, internally-cooled and catheter-
cooled interstitial applicator designs with multisectored ultrasound transducers
with individual sector power control demonstrated excellent conformity of
heating pattern deposition. These new device designs and treatment strategies
were compared with a novel rotating interstitial ultrasound applicator in
Chapter 4. These devices improve thermal therapy by offering shorter treatment
times, accurate heat deposition, and an adaptable strategy for heating with MR
temperature monitoring.

In Part II of this work, the strategies incorporated into interstitial heating
devices were translated into transurethral prostate thermal therapy applicators.
A new transurethral catheter featuring concentric water flow cooling was
designed in this work. The device was constructed to be flexible and MR
compatible for use with MR temperature monitoring. Also, a unique hub was
developed that allowed rotation and translation of the ultrasound transducer for
accurate setup and placement. Following other transurethral ultrasound device
designs and utilizing MR temperature monitoring for feedback control of

prostate heating, the devices created in this work were specifically designed and
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developed for use with MR temperature monitoring. Other transurethral
ultrasound applicators have been designed to rotate during treatment to deliver
conformal therapy. This can cause issues with MR temperature monitoring
because of the PRF method’s sensitivity to motion in the images and the
extension of treatment times. Multisectored transurethral ultrasound applicators
allow for similar angular control over heating patterns as rotating devices,
decrease treatment times, and are stationary during treatment. Finally, the
capability of these applicators in combination with prostate thermal treatment
strategies was explored with biothermal model simulations. The control systems
incorporated in the model demonstrated the potential for using real-time MR
temperature feedback to control individual sectors on the multisectored
applicators.

The work presented in this dissertation includes the design and
development of new interstitial and transurethral heating devices, thorough
characterization of applicator capabilities, novel thermal treatment strategies,
preclinical animal studies, and development of MR temperature monitoring

feedback systems coupled with ultrasound heating devices.

8.2 Future Directions

Future directions of the studies and devices presented in this work

include moving the experiments from preclinical studies to first stage clinical
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treatment strategies. Catheter and device designs need to be finalized for
robustness and mass production for the clinical studies. MR temperature
monitoring systems need to be further evaluated for their accuracy. Temperature
feedback control systems can be developed to provide additional treatment
accuracy, improving the safety and practicality of heat treatments. This work
establishes a new heating device design and strategy for advancing the clinical

acceptance of thermal therapy under MR guidance.
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