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Abstract

Endocavity Ultrasound Thermal Therapy of Pelvic Malignancies:
Modeling and Device Development
by

Jeffery Howard Wootton
Doctor of Philosophy in Bioengineering
University of California, San Francisco and Berkeley

Chris Diederich, Ph.D., Dissertation Research Director and Chair

Catheter-based ultrasound technology has demonstrated locally targeted heating
for ablation or hyperthermia treatment of cancerous tissue with minimal heating of organs
at risk. Site-specific selection of device parameters and treatment strategies is necessary
for achieving thermal goals. This dissertation investigates the influences of applicator
parameters and treatment strategies on heating patterns in the prostate and cervix using
biothermal simulation, which translates into the design of an intrauterine ultrasound
applicator that is experimentally characterized and implemented in clinical treatment.

Thermal therapy offers potential for prostate cancer/BPH treatment with reduced
morbidity. Ultrasound absorption by pelvic bones can cause pain and damage to adjacent
nerves. Guidelines for device properties and treatment regimens in relation to prostate

size and pelvic bone distance are developed by analyzing their impact on bone heating



v

and treatment time during transurethral prostate ablation. A sectored tubular design is
superior to planar and curvilinear designs in reducing bone heating and treatment time
with bone <3 c¢m from the gland.

The feasibility of the endocavity ultrasound device, consisting of an array of
multi-sectored tubular transducers, to heat tumor targets in the cervix is explored with
extensive theoretical analysis. Coverage of 4-5cm targets with therapeutic temperature
(>41°C) is possible, using sector orientation for preferential avoidance of rectum and
bladder. Hyperthermia delivery in conjunction with interstitial devices is investigated
using treatment planning software for 14 patient cases. Temperatures >41°C throughout
targets are achieved in most cases using sectoring and aiming to limit Ty, <47°C and
rectum and bladder <41.5-42.5°C.

Devices were characterized for acoustic emission, imaging compatibility,
radiation attenuation, and thermal output using implanted thermometry and MR
temperature imaging. Collimated acoustic output with independent power control to
sectors and transducers is demonstrated and used to produce tailored heating along the
device length and in angle with temperatures of 41°C >2cm in tissue. Thermal delivery
is more penetrating than implantable RF devices and more controllable than deep heating
technology. The applicator was implemented in two clinical treatments, demonstrating
facile integration with HDR brachytherapy, delivery of temperatures >41°C throughout
the target, and resulting in disease remission without adverse side effects in one patient.
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Chapter 1

Introduction

1.1 Thermal Therapy

The elevation of temperature in bodily tissues above normothermia (37°C) can be
used for the targeted destruction of tumors. Thermal therapy is divided into two realms
based on temperatures achieved: 1) thermal ablation, where tissue temperature is elevated
greater than 50 — 60°C, and 2) hyperthermia, where tissue temperature is raised to 40 —
45°C. Whereas thermal ablation is typically a standalone treatment causing direct tissue
destruction, hyperthermia is typically an adjunct therapy that sensitizes tissue to the

effects of standard cancer treatment involving radiotherapy and chemotherapy.

1.1.1 Thermal Ablation

Exposure of tissue to temperatures >60°C causes thermal fixation, tissue
coagulation, cellular destruction and vascular disruption within seconds. At temperatures
of 45 — 60°C, changes in tumor physiology and cellular biology lead to necrotic cell

death over the course of minutes and hours. Cell membrane poration, mitochondiral



degeneration, and release of lysosomal enzymes causes widespread cellular destruction.
Vascular degeneration exacerbates hypoxia and acidosis within the tumor enhancing
necrosis [1, 2].

The extent of thermal damage to tissue can be characterized by the temperature
achieved coupled with the duration of treatment. Thermal damage can be expressed by an
Arrhenius model derived from a series of skin burn experiments [3-6] which can be used
to express the % probability of damaged proteins after thermal exposure [7]. The more
commonly used thermal dose parameter described by Sapareto and Dewey [8, 9]

0.25, T <43°C
EM .. =tR"”" where R= (1.1)
0.5, T >43°C

defines a time-temperature relationship using a unit for equivalent minutes at 43°C
(EMy3ec) for inducing cellular damage, and is based on the analysis of a vast amount of in
vitro and in vivo cell survival data. This expression is useful in a temperature range from
~40 — 60°C. Physically, this equation relates to the inactivation rate of enzymes. Below
43°C, cells are able to adapt to cope with thermal stresses, and thermotolerance from the
heat shock response is thought to lead to the lower R value below this cutoff point [7, 10].
Practically, the thermal dose definition means that for every degree below 43°C, the
duration of heating must be increased by a factor of 4 to achieve the same cell kill, while
above 43°C, every degree increase means that the cell survival will decrease by a factor
of 2 for the same heating duration. Thresholds for thermal destruction based on the
Sapareto-Dewey relationship are tissue dependent, which is particularly important when
considering thermal effects on non-targeted organs at risk; while complete thermal
destruction might be achieved in the prostate at 50 — 52°C and 240 EMusec [11-13],

significant thermal damage might occur in the rectum and bladder at much lower thermal



dose thresholds [10]. Particular care must be taken when treatment is delivered close to
tissues that experience preferential heating by the treatment method, such as absorption
of ultrasound by bone [14] or absorption of electromagnetic energy by fat [15, 16].

The ability to monitor thermal therapy delivery is crucial both to ensuring that
adequate temperature and thermal dose are achieved in order to assure tumor destruction,
and that toxicity is avoided by minimizing temperature and thermal dose accumulation in
non-targeted structures. The most basic and straightforward method for treatment
monitoring is implantation of thermometry catheters, but this requires additional
intervention that may increase morbidity. Methods have been developed using MRI for
thermometry, based on the temperature-dependent proton resonance frequency shift of
water molecules, with <1°C temperature accuracy and update times of seconds [17, 18].
Although costly, MR temperature imaging provides real-time, 3-D temperature
information in a completely non-invasive manner. MR thermometry has been used to
guide numerous ablation treatments such as during in vivo experiments in prostate [12,
19] or clinical treatments in breast, brain, or uterine fibroids [20-22]. Due to the physical
changes in tissue induced by thermal ablation therapy, lesion volumes can also be
visualized directly with imaging, with thermometry as a secondary verification. MRI or
contrast-enhanced CT or ultrasound can be used for monitoring of the ablation volume
during or post-treatment [23].

The appeal of thermal ablative therapies is the potential for non-invasive or
minimally invasive tumor destruction that yields efficacy rates similar to or better than
standard treatments with decreased morbidity. Ablation treatments are generally less

costly, can be performed as outpatient procedures, are repeatable, and can be combined



with other treatments. Thermal ablation is particularly attractive in cases where disease is
refractory to other therapies or surgery may be contraindicated [24]. Treatment
monitoring and verification is highly important to ensuring effective treatment with
minimal side effects, and is possible with implanted thermometry or imaging methods.
Thermal ablation treatment can be augmented at the border, where temperatures in the
hyperthermic range of 40 — 43°C are obtained, with radiation [25] or thermally-sensitive

liposomes containing chemotherapeutic drugs [26].

1.1.2 Hyperthermia

Hyperthermia involves the use of mild heating to sensitize cancerous tissue to
conventional treatments such as radiotherapy or chemotherapy. Temperatures in the 40 —
45°C range cause a number of changes in cell physiology that enhance the cytotoxicity of
radiation or chemotherapeutic drugs [27, 28]. Increased tumor oxygenation due to
increased blood flow increases radiation- and drug-induced damage to DNA from oxygen
free radicals, while impairing the DNA repair machinery to prevent successful recovery
[29-32]. Mild heating increases the action of chemotherapeutic drugs along with
increasing their local and intracellular concentration [33, 34]. Exposure to 40 — 45°C is
also directly cytotoxic to cells in a hypoxic, low pH, nutrient-deprived environment
typical of tumors [27, 35-37]. Although cells are sensitive to both heat and radiation in
the mitotic phase, due to the precise nature by which chromosome alignment and
separation must occur, cells are resistant to radiation in the S phase because DNA is
protected from oxidative damage by the replication machinery. They are, however,
sensitive to heating, which denatures proteins involved in replication, thus exposing cells

to oxidative damage in their most radioresistant phase [7, 38]. Since tumor cells are



primarily in S phase due to their rapid growth, this contributes to the tumor-selective
effect of hyperthermia. Increased oxygen tension is an important result of heat exposure;
marked hypoxia in tumor is linked with poor outcome after radiotherapy due to radiation
resistance of hypoxic cells [39]. Hypoxia increases radioresistivity but also increases
thermosensitivity, and thus the adjunct of hyperthermia to radiotherapy will enhance cell
kill both by direct cytotoxicity to hypoxic cells and increased efficacy of radiotherapy
due to increased tumor oxygenation.

The success of clinical hyperthermia is dependent on sufficient heat delivery. A
number of trials have demonstrated dramatic improvements in tumor control and overall
survival when hyperthermia is added to radiation or chemotherapy treatments [40-46].
There are studies that have failed to demonstrate a clinical benefit of hyperthermia, but
this has been linked to the use of inadequate heating techniques for the treatment site or
inadequate thermal monitoring and treatment standardization [47-49]. Heat delivery can
be quantified by the Sapareto-Dewey relationship for thermal dose, with the overall
thermal dose value taken as the cumulative thermal dose delivery over all hyperthermia
treatments. Cumulative thermal dose thresholds of 6 — 10 EMy43;oc have been identified
for thermal enhancement of radiotherapy [50-52]. Jones et al. [52] identified a
particularly dramatic improvement in complete response to hyperthermia (adjunct to
radiotherapy) in previously irradiated patients with superficial tumors, from 24% with <1
EMysoc delivered and 68% with >10 EMy3-c delivered.

The efficacy of hyperthermia also depends on the timing of delivery. In vitro and
in vivo data suggest that the thermal enhancement of cell kill by hyperthermia when

combined with radiotherapy is greatest when the modalities are delivered simultaneously



[53-56], and has led to device development and clinical investigations for sites such as
deep pelvis [57] and recurrent chest wall [58-60]. Any device which minimizes the delay
between delivery of heat and radiation will make the combined treatment more effective.
While adequate thermal dose delivery to the tumor is necessary for therapeutic
response, thermal dose delivery to sensitive organs must be limited to avoid thermal
damage. Maximizing efficacy of thermal treatment while minimizing toxicity requires
precise delivery of thermal energy confined to the treatment site. While the goal of
thermal therapy is to maximize thermal dose accumulation in the tumor, non-targeted
organs must receive limited thermal dose. Examples of thresholds for gross thermal

damage are 20 — 40 EMysec for the rectum and 80 EMysec for the bladder [7, 10, 61].

1.2 Pelvic Malignancies

1.2.1 Prostate Cancer

Prostate cancer is the most commonly diagnosed cancer in men in the United
States, with 200,000 new cases reported annually and 35,000 deaths [62]. Worldwide,
prostate cancer causes over 220,000 deaths [63]. Although no causal relationship has
been proven, there are pathologic links between the development of benign prostatic
hyperplasia (BPH) and prostate cancer [64]. BPH is highly prevalent in older men, with
histologic evidence of disease observed in 50% of men age 51 — 60 and 90% of men age
81 — 90. Moderate to severe lower urinary tract symptoms are observed in 33% of men
age 51 — 60 and 46% of men age 70 and older [65], leading to 117,000 emergency room

visits and 90,000 prostatectomies annually [66, 67].



Thermal therapy is becoming more acceptable as a minimally invasive alternative
to surgery or transurethral resection of the prostate (TURP) for treating prostate cancer or
BPH [68-70]. Prominent technologies for delivering heat to the prostate include laser,
thermal conduction or hot source devices, microwave, radiofrequency, and high-intensity
focused ultrasound (HIFU) [2, 68]. The clinical safety and efficacy of transurethral,
interstitial, and transrectal approaches with these technologies have been demonstrated
[71-76]. Their success depends on achieving complete thermal coagulation of target
zones within the prostate while avoiding damage to non-targeted tissue. Transrectal
HIFU offers precise control over thermal coagulation, has been effective in treating
recurrent or advanced prostate cancer [77, 78], and can be integrated with MRI for
treatment guidance by temperature measurement and lesion verification [79]. Long
treatment times may be required for larger prostate volumes [78, 80, 81], however, and
the anterior portion of the gland may remain untreated due to limitations in accessibility

[82].

1.2.2 Cervical Cancer

Cervical cancer causes more than 250,000 deaths per year worldwide [63].
Although stage I (FIGO) disease can generally be well managed, treatment of more
advanced tumors is often unsuccessful; 5-year survival for stage II disease is 70%,
dropping to 40% for stage III and 15% for stage IV [83]. The standard of care for
cervical cancer has traditionally been surgical excision for early disease (stage I — IIA)
and for locally advanced disease (stage IIB — IVA), administration of a radiotherapy
regimen consisting of external beam irradiation and high-dose-rate (HDR) brachytherapy

[84]. The efficacy of radiotherapy can be limited, however, by extensive hypoxia



characteristic of cervical cancers, with the degree of hypoxia correlated with poor
prognosis due to radiation resistance of hypoxic cells [39, 85, 86]. This is particularly
pronounced in more advanced cervical cancers, with radiotherapy failure rates up to 75%
for stage III (FIGO) disease [87].

Multi-modality therapy can potentially overcome limitations in efficacy due to
development of resistance to a single form of treatment. In the 1990s, a series of studies
were conducted showing that concurrent administration of chemotherapy with the
standard radiotherapy regimen significantly improved tumor control and patient survival
[88-92]. Unfortunately, the toxicity was also greatly increased, with grade 3 toxicities of
98% vs. 10 — 15% for the combined treatment vs. radiotherapy alone, and grade 4
toxicities of 22% vs. 2% for the combined treatment compared to radiotherapy alone.
Toxicity included leucopenia, thrombocytopenia, gastrointestinal damage, nausea, and
diarrhea.

Hyperthermia, when combined with radiotherapy, has shown particularly
dramatic improvements in tumor control and overall survival compared to radiotherapy
alone in the treatment of cervical cancer, but with toxicity comparable to radiotherapy
alone [43, 46, 93, 94]. The large, multicenter, phase III trial by van der Zee et al. [46]
exhibited improvements in complete response from 57% to 83% and in 3-year overall
survival from 27% to 51% with the addition of hyperthermia to radiotherapy. For the
more advanced cancers, further improvements in efficacy may be obtained by tri-
modality therapy; a Phase II study employing the combined delivery of radiotherapy,
chemotherapy, and hyperthermia has demonstrated promising initial results [95], and a

multicenter Phase III trial is underway [96].



Although the results of the van der Zee trial are promising, hyperthermia was
performed with a deep regional heating technique which requires bulky equipment and
elevates temperature throughout the entire pelvic region. This results in low temperature
and thermal dose delivery to the cevix (Toy < 40°C, <1.5 EMu3ec), with temperatures in
the rectum and bladder at or above tumor temperature [95, 97]. Hot spots created by
microwave arrays due to the differing electrical properties of muscle, fat, and bone can
occur outside the cervix and result in thermal toxicity [98, 99]. The production of these
hot spots and the ability to treat deep-seated tumors are dependent on patient weight and
position [100, 101]. Endocavity devices for localized hyperthermia in the cervix have
been developed based on radiofrequency or microwave sources, but these devices have

limited thermal penetration or limited control over temperature distributions [102-104].

1.3 Heating Modalities

There are a number of energy sources available for administering thermal
therapies, including radiofrequency, microwave, thermal conduction sources, laser, and
ultrasound. Radiofrequency applicators deliver alternating current between implanted
electrodes at 375 — 500 kHz and the movement of ions creates frictional heating.
Microwave applicators deliver electromagnetic waves at 60 — 3000 MHz, which causes
frictional heating by water molecules rapidly rotating to align with the field. Laser fibers
deliver light at 800 — 100 nm wavelength, which is absorbed by tissue-specific
chromophores and transferred to heat [1, 24]. Ultrasound is propagated mechanically
through tissue in the form of pressure waves typically at 1 — 10 MHz with sub-millimeter

wavelength in soft tissue. Frictional heating and mechanical losses occurs from tissue
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particles oscillating in the acoustic field [105]. Due to the small wavelength of
ultrasound and the ability to create transducer arrays of any shape, ultrasound is more
highly controllable than other heating modalities yet still has good penetration in tissue
compared to implantable RF devices because of more energy propagation [106]. This
allows for more accurate targeting of heating in order to maximize temperature elevation

in the tumor while minimizing heating of organs at risk.

1.4 Catheter-Based Ultrasound

Catheter-based ultrasound devices have been developed for interstitial and
transurethral implantation and treatment delivery [107]. The transurethral device offers
increased access to the entire prostate gland, more extensive penetration and spatial
control than microwave and RF transurethral technology, and potentially decreased
treatment times with respect to transrectal HIFU techniques. The ability of transurethral
ultrasound devices to produce precise coagulation zones in vivo under guidance from MR
temperature imaging has been demonstrated [12, 108-111]. The pattern of energy
deposition from these applicators can be controlled by selecting the shape, size, and
frequency of the transducer arrays. Applicators based on planar, curvilinear, and tubular
transducers have all shown success in conformal thermal therapy of the prostate tissue in
vivo [12, 109, 111-113]. Smaller interstitial devices implanted directly in tissue have
been used alone or in conjunction with the transurethral device to augment thermal
ablation treatment in the prostate [112, 114]. Single-sectored and multi-sectored devices
have been used for highly controllable energy deposition confined to the prostate

boundary [115, 116].
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In the cervix, an implantable intrauterine ultrasound applicator could be used to
further improve upon positive results in the treatment of cervical carcinoma with deep
regional heating techniques by creating conformable heating zones in close proximity to
cervical lesions. This would maximize thermal dose coverage of the tumor and minimize
damage to non-targeted structures. The applicator would be more easily disseminated,
heat treatment easier to deliver than with regional heating devices. Interstitial devices

could be implanted along with an intrauterine device to create larger heating volumes.

1.5 Research Goals

Adequate thermal dose delivery to a target tumor volume with minimal dose to
non-targeted tissue is crucial to the clinical efficacy of thermal treatments and the
reduction of side effects. Catheter-based ultrasound offers the ability to create highly
conformable heating patterns in order to satisfy these thermal goals, for both thermal
ablation and hyperthermia. The effects of parametric changes in ultrasound device and
catheter parameters are explored in their effects on heating of pelvic tumors using
biothermal modeling. Specifically, the influence of pelvic bone heating and thermal
damage on the ability to treat the prostate with transurethral ultrasound devices is
explored, along with the ability to heat the cervix using an endocavity device. This
implantable intrauterine ultrasound applicator is proposed as a means of obtaining
improved heating localization over deep regional techniques in tumors of the cervix. By
incorporating HDR radiation sources, this device could create highly conformable and
controllable heating patterns monitored with non-invasive MR temperature imaging and

aligned with conformal radiation to improve the clinical success of cervical hyperthermia.
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The development of this device, from theoretical analysis to experimental
characterization and eventual implementation in clinical treatments, is detailed in this
report. The specific goals of the research project are summarized as follows:

1) Analyze the influence of transducer parameters on treatment time and pelvic bone
toxicity during transurethral thermal ablation, and determine new designs and
delivery strategies to improve use of this technology

2) Perform a theoretical, parametric study to determine optimal design parameters
and treatment delivery strategies for heating clinically relevant cervical tumor
volumes

3) Develop an implantable intrauterine ultrasound hyperthermia applicator, capable
of incorporation with HDR brachytherapy delivery, with preferential targeting of
tumor volumes

4) Characterize applicator performance based on acoustic output and temperature

distributions during ex vivo experiments and clinical delivery

1.5.1 Thesis Content

In this dissertation, extensive theoretical analysis is presented on the effects of a
number of different applicator parameters and treatment delivery strategies on
temperature distributions produced by catheter-based endocavity devices in the prostate
and cervix. These include ultrasound transducer parameters such as shape, frequency,
length, and angular sector distribution on tubular devices; catheter parameters such as
thickness, attenuation, cooling flow rate, and cooling flow temperature; and the
influences of tissue parameters such as attenuation and blood perfusion, which change

with temperature. A thorough analysis of thermal profiles produced by planar,
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curvilinear, and tubular applicators during transurethral ablation of the prostate and the
influences of device properties and aspects of treatment delivery by mechanical rotation
on treatment times and bone heating. The feasibility of hyperthermia in the cervix by a
catheter-based endocavity device is assessed by comparing temperature distributions
produced using a wide variety of applicator parameters to clinical target volumes for
radiotherapy. The ability of the endocavity device to deliver therapeutic heating levels to
targets in the cervix with minimal temperature elevation in the rectum and bladder, alone
or in conjunction with interstitial ultrasound devices, is directly investigated using
thermal treatment planning software with actual patient cases. Implant and treatment
delivery strategies are devised for achieving thermal goals of sufficient temperature
elevation throughout tumor targets in the cervix without excessive maximum temperature
or thermal dose delivery to the rectum and bladder. Theoretical work is translated into
the production of devices that are integrated within an HDR brachytherapy delivery
applicator, and that use linear arrays of multi-sectored tubular transducers for production
of heating profiles tailored in length and angle. Experimental characterization of these
devices is conducted, including assessment of acoustic output using two detection
methods and measurement of temperature distributions on the benchtop or with MR
temperature imaging. The feasibility of clinical hyperthermia delivery using this newly
designed device is explored during implementation in two clinical treatments as part of a
pilot trial underway at UCSF.

The text consists of 7 chapters that are divided into two sections. In Section I, the
results of studies using biothermal modeling and patient-specific treatment planning of

heating with transurethral, endocavity, and interstitial ultrasound devices are presented.
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These studies employ extensive parametric analysis of a variety of ultrasound applicator
parameters in their effects on thermal delivery by transurethral and intrauterine
ultrasound devices for ablation and hyperthermia. This leads to insight on site-specific
parameter selection, treatment delivery strategies appropriate for each site and thermal
goals, and establishes feasibility of clinical hyperthermia delivery with endocervical
ultrasound device. Section II describes the experimental methods used to characterize the
newly developed endocervical hyperthermia device and inform its design, along with the
results of initiallinical implementation of the device.

Chapter 1 provides an overview of thermal therapy, prostate and cervical cancer
along with their treatment, heating modalities, and catheter-based ultrasound technology.

Chapter 2 describes a thorough parametric study of the effects of transurethral
ultrasound device parameters on pelvic bone heating and treatment time for thermal
ablation of the prostate. Thermal delivery by planar, curvilinear, and tubular devices are
modeled with variations in maximum power, frequency, and device rotation rate during
sweeping treatment of prostate glands with varied dimension and bone at varied distance.
Full acoustic field calculations are performed, changing tissue properties are considered,
and two models of acoustic absorption by bone are used. The work in this chapter was
published in the International Journal of Hyperthermia [117].

Chapter 3 analyzes the effects of transducer and catheter parameters on heating
profiles for the endocavity ultrasound hyperthermia device. Clinical feasibility of the
device is assessed by comparing heating profiles to radiotherapy clinical target volume
dimensions and location of organs at risk. The work in this chapter is part of a paper

accepted for publication in Medical Physics [118].
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Chapter 4 uses treatment planning and optimization software to analyze heating
patterns by endocavity and interstitial ultrasound devices in a number of patient cases to
explore potential clinical feasibility and devise strategies for implant geometry and
delivery of clinical hyperthermia.

Chapter 5 presents the endocavity ultrasound applicator along with experimental
characterization methods to evaluate imaging compatibility, radiation attenuation,
acoustic output, and thermal output in phantom and ex vivo tissue. The work in this
chapter is part of a paper accepted for publication in Medical Physics [118] and presented
at SPIE [119].

Chapter 6 describes the first clinical treatments using the endocavity ultrasound
applicator as part of a pilot trial at UCSF. The feasibility of clinical hyperthermia
delivery at therapeutic levels is investigated. The work in this chapter was presented at
ISTU [120].

Chapter 7 summarizes the catheter-based ultrasound device development work

and discusses future directions for related research.
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Part 1

Biothermal Modeling and Patient-Specific
Treatment Planning: Theoretical Studies

Towards Device Design and Performance
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Chapter 2

Prostate Thermal Therapy with High
Intensity Transurethral Ultrasound: The
Impact of Pelvic Bone Heating on

Treatment Delivery

2.1 Abstract

This study was designed to assess pelvic bone temperature during typical
treatment regimens of transurethral ultrasound thermal ablation of the prostate to
establish guidelines for limiting bone heating. Treatment with transurethral planar,
curvilinear, and sectored tubular applicators was simulated using an acoustic and
biothermal pelvic model that accommodates applicator sweeping, boundary temperature

control, and changes in perfusion and attenuation with thermal dose to more accurately
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model ultrasound energy penetration. The effects of various parameters including power
and frequency (5 — 10 MHz) on bone heating were assessed for a range of prostate cross-
section (3 — 5 cm) and bone distance (I — 3 cm). All devices can produce significant
bone heating (temperatures >50°C, thermal dose >240 EMy;:c) without optimization of
applied frequency or power for bone <3 cm from the prostate boundary. In small glands
(~3 cm) increasing operating frequency of curvilinear and planar devices can increase
bone temperatures, whereas the tubular applicator can be used at 10 MHz to avoid likely
bone damage. In larger prostates (4 — 5 cm wide) increasing frequency reduces bone
heating but can substantially increase treatment time. Lowering power can reduce bone
temperature but may increase thermal dose by increasing treatment duration. All
applicators can be used to treat glands 4 — 5 cm or larger with limited bone heating by
selecting appropriate power and frequency. Pubic bone heating during ultrasound
thermal therapy of the prostate can be substantial in certain situations. Successful
realization of this therapy will require patient specific treatment planning to optimally
determine power and frequency in order to minimize bone heating.

This chapter represents published work (J. H. Wootton, A. B. Ross, C. J.
Diederich. Prostate thermal therapy with high intensity transurethral ultrasound: the
impact of pelvic bone heating on treatment delivery. Int J Hyperthermia, 23(8), 609-22,

2007).

2.2 Introduction

Thermal therapy is an alternative to prostatectomy or can be an adjunct to

radiotherapy in the treatment of prostate cancer, or an alternative to TURP or
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pharmaceutical approaches to alleviating BPH. Transrectal HIFU has been used
effectively for targeted thermal coagulation of the prostate or for hyperthermia as an
adjunct to radiotherapy. Long treatment times and the inability to properly access the
anterior portion of the prostate gland may limit the use of this technology. Transurethral
ultrasound applicators have been developed to address these limitations by offering the
ability to rapidly coagulate the entire prostate gland with targeted thermal delivery, which
has been demonstrated during in vivo experiments using MR temperature imaging for
feedback power control [121].

A general schematic of transurethral devices with three transducer configurations
as being developed by our group is shown in Fig. 2.1. Transducers used in experimental
prostate treatments by this group and others have typically been 3.5 — 4 mm wide, 6 — 20
mm in length and have operated at a frequency between 4.7 and 10 MHz [109-111, 113,
116, 121]. Transurethral cooling is implemented for thermal protection of the urethra.
Planar and curvilinear devices each produce narrow heating zones and utilize mechanical
sweeping to treat a large portion of the prostate. Directional tubular transducers,
designed with 90- to 270-degree active sectors [12, 110, 112, 122] can be used either
without rotation to coagulate sector zones or rotated to treat larger prostate regions. The
transducer shape and frequency affect the penetration of ultrasound energy; the planar
transducer has a narrow, penetrating unfocused beam, the curvilinear transducer lightly
focuses ultrasound energy, producing a narrower beam compared to the planar
transducer, and the tubular transducer exhibits a radial decay (1/r) of energy emitted over
a pre-defined sector with distance. Recent efforts by Chopra et al.[109, 123] have

developed a planar transducer configuration that allows frequency modulation between
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FIG. 2.1: Generalized schematic of the catheter-based transurethral ultrasound applicator
capable of mechanical rotation within an inflatable urethral cooling balloon, with cross-
sections of planar, curvilinear, and sectored tubular transducers (single active 90° sector).
Heating profiles for the three transducer types taken from temperature contours during
simulated treatments are shown.

4.7 MHz and 10 MHz to adjust the radial depth of average energy deposition. The
specific applicator configuration and corresponding energy penetration must be carefully
considered in order to properly target specific treatment zones, reduce treatment duration,
and avoid the accumulation of thermal dose in sensitive structures beyond the prostate.
The thermal treatment of soft tissue by ultrasound can be complicated by the
presence of bone, causing unwanted heating. High temperature rises at the soft
tissue/bone interface can be produced by ultrasound, primarily due to preferential energy
absorption [14] resulting from a 20 — 30 fold greater attenuation in bone than in soft
tissue [124]. This can cause patient pain [125], soft tissue necrosis in regions adjacent to

bone, and possibly compromise long term bone integrity by inducing osteocyte necrosis
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[126]. Ultrasound treatments in sites such as the chest wall, brain, and neck necessitate
treatment planning and carefully considered applicator design to achieve therapeutic
temperature rises in the target tissue while avoiding excessive temperature rises in
adjacent bone [127-130]. In contrast, HIFU can be used to specifically target bone for
palliation of pain in patients with bone metastases, taking advantage of high bone
attenuation to preferentially localize treatment to nerves at the cortical shell of the bone
[131]. In addition, there is anecdotal evidence of preferential heating (~50°C or greater)
of bone interfaces, located within 1 cm proximity of the canine prostate, occurring during
some in vivo evaluations of transurethral planar ultrasound devices under rotation control,
as noted from inspection of previously reported temperature distributions [132, 133].

An inspection of pelvic anatomy reveals that the pubic bones are often in close
proximity to the prostate, as seen in Fig. 2., and they should therefore be considered when
planning transurethral ultrasound treatments. The position of the pubic bones varies
widely among patients, but they can be less than 1 cm from portions of the gland [134-
137]. Treatment limiting pain has been documented in ultrasound hyperthermia of the
prostate [138] and chest wall [139], highlighting a need to identify and implement
strategies to avoid bone temperature rises that may either prevent successful treatment
delivery or produce unanticipated tissue damage outside targeted regions.

The objective of this study is to investigate the potential impact that pelvic bone
may have on applicator design and treatment strategies specific for the three general
configurations of transurethral ultrasound devices currently under development. An
acoustic and biothermal model of these devices in prostate [111] that incorporates pubic

bone was used for this analysis. Ranges of prostate diameter (3 — 5 cm) and pubic
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F1G. 2.2: Transverse CT sections depicting example cases of two separate patients, one
with a 5 cm gland (top) and the other with a 3 cm gland (bottom), that show the pubic
bones in close proximity to the prostate.

bone distance from the prostate (I — 3 cm) were considered in order to model natural
patient variation. Bone temperature rises were assessed during simulated treatment of a
portion of the prostate with planar, curvilinear, and tubular applicators for various
operating parameters: power, frequency, transducer size, radius of curvature (curvilinear),
and sweeping rate (planar and curvilinear). The results of this study were used to identify

applicator and treatment parameters that dominantly affect bone heating, determine
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criteria to establish when treatment planning around bone may be necessary, and provide
recommendations for applicator design and treatment strategies to limit bone heating
during transurethral ultrasound thermal therapy. The intent is to provide general
guidelines for the various applicator types, and not to provide a critical assessment of any

one approach for applying transurethral ultrasound to the prostate.

2.3 Methods

2.3.1 Acoustic and Biothermal Solver

Theoretical simulations of prostate ablation with transurethral ultrasound devices
were performed using a transient acoustic and biothermal model [111, 133, 140] modified
to include pelvic bone. The model employs finite difference methods to solve for

temperature distributions using the Pennes bioheat transfer equation [141]:

caT’
Pzzat

=Vik VT +aw,c,(T,-T)+q @.1)

where p; is the tissue density (kg m™), ¢, is the tissue heat capacity (J kg™ °C™), 7, is the
tissue temperature (°C), ¢ is time (s), k; is the conductive heat transfer coefficient (W m™
°C™") in the tissue, T} is the blood temperature (°C), w; is the mass flow rate of the blood

(kg m™ s, and gis the power deposition (W m™). At time t=0, T, = T,=37°C. The
tissues within the model are assumed to be isotropic, which reduces the V £, term in

Equation 1 to k,. The ultrasound power deposition in the tissue was calculated by:
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where « is the acoustic absorption coefficient (Np m" MHz ') and v is the ultrasound

propagation velocity (m s”'). The acoustic pressure distribution pi(x,y,z) was

calculated by the Rayleigh-Sommerfield diffraction integral for the planar and curvilinear
transducers using the rectangular radiator method that accounts for wave interactions
[142]. The acoustic pressure distribution for the tubular transducer is calculated by a
proven geometric method that accounts for transducer shape and tissue attenuation [133,
140]. The Crank-Nicholson method involving mixed implicit and explicit integration is
used to improve numerical stability in time with fine grid spacing [140].

In order to accurately model the large change in attenuation between soft tissue
and bone, and to achieve stable solutions at tissue interfaces, a radial spacing of 0.05 mm,
an angular spacing of 1°, and a temporal spacing of 0.2 s were applied. The large discrete
increase in attenuation between bone and periprostatic soft tissue was modeled as a linear
increase over 0.5 mm as a means of improving the numerical stability of the finite
difference solver. For increased spatial and temporal resolution to achieve higher
accuracy with decreased simulation time, a 2D model was considered appropriate. This
model is expected to provide a reasonable approximation for determining the extent of
potential bone heating and evaluating the impact on applicator design and treatment
delivery strategies.

The biothermal model uses cumulative thermal dose thresholds to dynamically
change perfusion and acoustic attenuation within soft tissue during heating. Thermal
dose is calculated by the method of Sapareto and Dewey [7, 143]. The perfusion is reset
from its baseline normothermic value to zero above a thermal dose of 300 equivalent

minutes at 43°C (EMasec), with this threshold substantiated by in vivo measurements of
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blood flow and vessel damage obtained in rodents and human tumors during thermal
exposures [144, 145]. Tissue attenuation is increased linearly to twice its original value
as the cumulative thermal dose increases logarithmically from 107 to 107 EMy4; oc, above
which the attenuation no longer increases. This relationship between thermal dose and
attenuation is substantiated directly by the in vivo studies of Damianou et al. within
perfused muscle, liver, and kidney tissue [146], and also supported by numerous in vitro
studies which demonstrated a 1.5 — 2 fold or more increase of attenuation due to heating
[147-150]. These changes in perfusion and attenuation with thermal dose, observed
during in vivo experiments as a result of tissue necrosis and coagulation, are incorporated
to improve the accuracy of the model, particularly in terms of energy penetration and
time required to coagulate tissue out to the prostate boundary. Simulations incorporating
these changes have been performed by our group and lesion sizes matched to in vivo and
ex vivo studies [111, 133, 140, 150]. The threshold for complete soft tissue necrosis is
considered in this study to be 240 EMuysec [11, 13], although tissue damage can still occur

at lower values [7].

2.3.2 Model Geometry and Properties

The model consists of a tranverse section through the midgland of the prostate
including the rectum and pubic bones (Fig. 2.1). The shape of the prostate was
approximated by a cardioid function with the cusp at the posterior margin of the gland,
and was varied from 3 — 5 cm wide at midgland to effectively bracket dimensions
anticipated in the clinic. The urethra is placed at the center of the cardioid. The cooling

balloon contiguous with the ultrasound applicator is located within the urethra and
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FIG. 2.1: Geometry of the biothermal simulation model with a transurethral ultrasound
applicator within the prostatic urethra, the prostate of variable dimensions, the rectum
with endorectal cooling, and a simplified representation of pubic bones at variable
distance from the prostate capsule. The intended target zone for the simulations is
demarcated by a ~90° sector or quadrant of the prostate centered on a pelvic bone.

surrounded by an inflated urethral wall for coupling and protection of the urethral
mucosa. The diameter of the balloon is 10 mm and cooling flow is applied at 23°C with
a convective heat transfer coefficient (h) = 1000 W m™ °C™. The rectal wall is displaced
about 5 mm from the posterior margin of the prostate and is 4 mm thick. An endorectal
balloon provides convective cooling flow for rectal protection within the rectum
(diameter = 18.5 mm, h = 1000 W m™ °C"", 23°C). Periprostatic tissue is modeled as a
mixture of adipose, muscle, and connective tissue. For purposes of this study, two pubic
bones were modeled as ovoids with a short axis of 1 cm and a long axis of 2 cm

orthogonal to a radial line extending from the center of the urethra. They are placed
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TABLE 2.1: Thermal and acoustic parameters used for different tissue types in the
simulations.

Parameter Prostate’ Periprostatic tissue® Bone®  Rectum®
Thermal conductivity e h,i

(Wm™ e 0.56 0.5 0.3 0.55
Density (kg m™) 1050 1000 1700 1044
Specific heat (J kg °C™") | 3639 3600 1250 3639
Attenuation coefficient ad ad ¢

(Np m” MHZ") 53-10.6 5-10 2SQ 6.0
Perfusion (kg m~ s™) 5.0%¢ 4.0° 02k 5.0°

*Increases with thermal dose

®Reduces to 0 kg m> s at 300 EMuy; ¢
‘Duck 1990

YWorthington 2002 and Damianou 1997
‘Hynynen 1990

"Diederich 1996 ,

fFujii 1999; hBiyikli 1986; 'Liu 2005
!Moros 2000; *Lin 2000

anteriolateral to the prostate at a distance of 1, 2, or 3 cm from the gland.
The size and shape of the bone in cross-section will vary greatly, and the ovoid shape
used in the model is intended solely as a simple approximation to assess bone
temperature elevation in a straightforward manner as a sweeping ultrasound applicator
rotates from soft tissue and aims directly at bone. The pubic bones have acoustic and
thermal properties similar to cortical bone, but unlike soft-tissue, the attenuation and
perfusion of bone remain unchanged during heating. The acoustic and thermal properties
used for the prostate, bone, rectum, and periprostatic tissue within this model are shown

in Table 2.1 [14, 105, 122, 124, 146, 149, 151-154].

2.3.3 Ultrasound Interaction with Bone
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The absorption, reflection, and transmission of ultrasound energy at a soft-
tissue/bone interface is complex [14, 127, 128, 153, 155-157]. When ultrasound is
aimed directly at bone, ~65% of the incident energy is transmitted into the bone in the
form of longitudinal waves [14, 153]. As the incident angle of ultrasound on bone
increases, the transmission of longitudinal waves decreases but shear waves with a higher
attenuation coefficient than longitudinal waves are generated [157]. The generation of
shear waves depends strongly on angle; at an incident angle near 40°, the absorption of
shear waves can cause temperature rises nearly twice as great as when the angle of
incidence is 0° [14]. Marked ultrasound energy absorption in bone results from an
extremely high attenuation of 150 — 350 Np m”' MHz ' compared to 5 — 10 Np m” MHz"'
typical of soft tissues [105, 158]. For this effort, the propagation of ultrasound energy at
the soft-tissue/bone interface was approximated using two different absorption models to
effectively bracket temperature rises that may occur at the pubic bone: (1) a full
transmission model where all energy is transmitted and absorbed into the bone
independent of incidence angle, thus approximating the complex absorption of
longitudinal and shear waves over all angles; and (2) a partial absorption model where
65% of the energy is transmitted assuming normal incidence and no shear waves. Both
of these models assume that the reflected absorbed energy in soft tissue local to the bone
interface has a small contribution to the local temperature elevation in bone, indicated by
the extreme differences in reported attenuation and absorption [105, 158]. By Equation
2, using values of a, p, and v typical of bone and soft tissue, the energy absorbed by the

periprostatic tissue is only about 6% of that absorbed by the pubic bone.

2.3.4 Treatment Simulations
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The targeted treatment zone for all simulations was defined as a 90° sectored
portion or quadrant of the prostate gland, centered on a pubic bone. The thermal goal of
the treatment is to achieve a temperature of 52°C at the outer prostate boundary, which is
sufficient to deliver a lethal thermal dose and coagulation over the target zone [159-161].
Applied power levels were controlled from preset initial values using a bang-bang power
controller that reduces applied power as necessary to maintain temperatures within the
prostate target below a preset maximum threshold. The maximum temperature threshold
was set at 85 °C for the 3 cm and 4 cm gland, but increased to 90 °C in the 5 cm gland in
order to lower treatment time. Pilot-point treatment control was implemented at the
target boundary [162]. For the planar and curvilinear applicators, power is applied and
regulated as above to treat a narrow zone of the prostate, and successively rotated to the
next scan position when the outer target boundary reaches the 52°C threshold. The 90°
sectored tubular applicator is centered on the target zone and power is applied as above
until 52°C is achieved at the outer boundary — rotation is not required. For each
treatment, the maximum temperature and cumulative thermal dose reached in the bone is
recorded along with the time required to treat the target zone.

During this simulation study a number of parameters were investigated to
determine their influence on temperature elevation at the bone produced with each of the
transurethral applicator configurations: prostate width was varied between 3, 4, and 5 cm;
separation distance of bone from the prostate was varied between 1, 2, and 3 cm; applied
maximum power levels were varied from 3 W to 20 W (with 50% transducer efficiency);
frequency was varied between 5, 6.5, 7, 7.5, 8.5, and 10 MHz; transducer width ranged

between 3.5 — 5.0 mm (default width is 3.5 mm, length is 10 mm); radius of curvature for
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the curvilinear transducers varied from 15 — 22 mm (default is 15 mm); and sequential

rotation step size varied between 2 and 20°, with a default step of 10°.

2.4 Results

2.4.1 Temperature and Thermal Dose Distributions

Temperature and cumulative thermal dose distributions resulting from the three
different applicator test configurations in the prostate/bone model were calculated for the
various applicator design and prostate treatment parameters under consideration. The
heating profiles associated with the planar, curvilinear, and tubular applicators are
demonstrated for typical cases in Fig. 2.. Snapshots of temperature contours during the
thermal ablation sequence are shown for a 4 cm wide prostate, with bone at 1 and 2 cm
distance (Power = 10 W). In Fig. 2.a-b, the curvilinear applicator (6.5 MHz, radius of
curvature = 15 mm) generates a narrow heating zone that quickly penetrates to the outer
capsule of the prostate and is sequentially rotated (10° increments) under temperature
feedback control (52°C at boundary) to closely contour the treatment to the target zone
boundary. Maximum temperatures calculated from the full absorption model at the bone
surface during scanning were 57°C and 54°C for 1 cm and 2 cm bone cases, respectively.
The zone of preferential bone heating tracks the applicator sweeping pattern over the
bone surface. As shown in Fig. 2.c, increasing the operating frequency to 10 MHz
reduces peak bone temperature to 45°C for the 1 cm case but increases the relative

treatment duration from 14 min to 55 min.
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Similarly, a planar applicator (6.5 MHz) contours a selective heating zone for
thermal treatment to the outer target boundary, and generates maximum temperatures
along the bone surface of 54° for 1 cm bone separation and 50°C for 2 cm separation
(Fig. 2.d-e). Increasing the frequency to 10 MHz decreases bone heating to 44°C (Fig.
2.f), while increasing treatment time from 9 min to 24 min.. Fig. 2.g-i depicts the typical
heating patterns of a stationary sectored tubular applicator (90° sector). A sectored
ablation zone extending to the target boundary is produced without applicator rotation.
The maximum temperatures obtained along the bone surface in the full absorption model
with the 6.5 MHz applicator were 50°C for the 1 cm bone and 42°C for 2 cm bone.
Increasing the frequency to 8.5 MHz for the 1 cm case reduces peak bone temperature to
44°C (Fig. 2.1) and only slightly increases treatment time from 4.7 min to 6.4 min. In
contrast to rotating or sweeping devices, the preferential heating in bone extends along

the entire exposed surface over the course of treatment.

2.4.2 Power and Frequency Effects

The maximum bone temperature and cumulative thermal dose delivered to the
pelvic bone during the simulated treatment for the parametric studies is summarized in
Fig. 2.5 — 2.7 and Table 2.2. Temperature and thermal dose values plotted in Fig. 2.5 —
2.7 are from the full absorption model, while corresponding values from the 65%
absorption model are given in Table 2.2. The results are stratified according to prostate
dimension and distance of adjacent pelvic bone. Results for each applicator
configuration within the 3 cm prostate are shown in Fig. 2.. When bone is 1 cm from the

prostate, large temperature rises at the bone interface can occur, particularly when the
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gland is treated with the planar or curvilinear applicator. At 8 W and 8.5 MHz
deleterious bone temperatures of nearly 70°C and necrotic thermal doses of 10® EMys-c
are predicted for the planar and curvilinear devices, while for the tubular device peak
bone temperature is 49°C and accrued thermal dose at the bone is only slightly above 100
EMys-c. In the 3 cm prostate model, increasing the frequency from 8.5 to 10 MHz for the
planar and curvilinear devices causes an increase in bone temperature and thermal dose,
but for the tubular device bone temperature decrease and dose decrease (46°C, 10
EMus:c). Power has notable effects in the small 3 cm gland. The influence of power on
thermal dose accrued at the bone is shown in Fig. 2.b. When the power is reduced from 8
W to 4 W, bone temperature is reduced for all transducer types and thermal dose in the
bone is also reduced for the planar and curvilinear applicators. For the tubular applicator,
this reduction in power pushes the bone dose above the threshold for necrosis (102 to 320
EMusec) as required treatment time is increased from 2 min to 11 min. With bone 2 cm
away, bone temperatures of 47 — 51°C and 45 — 48°C occur with the planar and
curvilinear applicators, respectively, but thermal doses are <20 EMys:c due to short
treatment duration (<12 min). Bone heating is negligible for the tubular applicator when
bone is 2 cm away and for all applicator types when bone is 3 cm away.

As depicted in Fig. 2., for the 4 cm prostate with bone 1 cm away, all applicator
configurations may produce deleterious heating or necrosis. At 6.5 MHz and 10 W, bone
temperatures for the planar, curvilinear, and tubular applicators reach 57°C, 53°C, and
50°C, respectively, with respective accompanying thermal doses of 6297 EMuys:c, 976

EMusoc, and 370 EMus:c. In the 4 cm prostate, increasing the applicator frequency can
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FIG. 2.4: Snapshots of temperature contour profiles for the (a,b,c) curvilinear, (d,e,f)
planar, and (g,h,1) tubular applicators. The planar and curvilinear devices will sweep and
produce temperature elevations along the entire bone surface (arrow indicates direction of
sweeping). Bone heating is compared at 10W with (a,d,g) an applicator frequency of 6.5
MHz and bone 1 cm from the prostate or (b,e,h) 2 cm from the prostate to (c,f,i) heating
with an applicator frequency of 10 MHz. The 52°C contour is bolded in red. A 48°C
bolded contour is shown in green for the sectored tubular applicator at 6.5 MHz (g) at an
earlier time point when bone temperature is higher.
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TABLE 2.2: Simulation results comparing the effects of power, frequency, and absorption
model on bone temperature, dose, and treatment time with bone 1 cm from the prostate.
**Bone is 2 cm from prostate {Prostate attenuation does not change with thermal dose

Prostate  Transducer Freq Power Absorption Maxbone Treatment Max bone
size (cm) shape (MHz) (W) model T (CC) time (min) TD (EMy;-c)
3 Planar 8.5 4 Full 61.5 10.9 7.9x10*
10 4 Full 63.0 10.2 2.2x10°
g5 g Full 68.4 3.0 1.7x10°
(65%) (58.7) (3.0) (2105)
10 8 Full 72.8 3.1 2.7x10’
3 Curvilinear 8.5 4 Full 61.2 8.3 4.5x10
10 4 Full 62.8 8.2 1.5x10°
8.5 g Full 69.4 25 1.9x10°
(65%) (58.8) (2.4) (2059)
10 8 Full 73.5 2.5 2.5x10’
3 Tubular 8.5 4 Full 48.7 11.4 319.9
8.5 8 (ngl}y) 49.8 23 101.9
4 Planar 6.5 4 Full 56.8 31.1 1.4x10*
65 10 Full 57.5 9.2 6297
(65%) (51.5) (8.9) (133.5)
8.5 10 Full 54.0 15.4 1312
10 10 Full 44.9 24.4 5.02
4 Curvilinear 6.5 4 Full 53.3 353 1933
65 10 Full 54.5 13.5 976
(65%) (49.4) (13.2) (53.8)
8.5 10 Full 51.8 26.2 4353
10 10 Full 44.1 54.7 6.07
4 Tubular 6.5 4 Full 47.4 48.6 514.5
65 10 Full 50.3 4.7 370.2
(65%) (46.6) (4.8) (35.9)
8.5 10 Full 44.1 6.4 7.56
Y4 Planar 6.5 10 Full 54.2 9.3 760.0
8.5 10 Full 41.0 15.3 0.07
5 Planar 6.5 6 Full 54.2 41.0 3854
6.5 10 (F 6“51}%) 54.7 (49.6) ?355'%7) 315517)
7.5 10 Full 45.8 62.2 21.7
5 Curvilinear 6.5 6 Full 51.7 68.2 1116
6.5 10 (F 6“52/0) 52.1 (47.8) (667&) (15226)
7 10 Full 47.7 90.5 93.0
5 Tubular 6.5 6 Full 443 29.0 21.5
6.5 10 (Fglsli/o) 45.1 (42.8) (1155'4.‘9) 52‘177)
5% Planar 6.5 10 Full 90.0 6.8 1.2x10"
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FIG. 2.5: (a) Peak temperatures and (b) maximum cumulative thermal dose at the bone
surface for a 3 cm prostate treated with a planar, curvilinear, or tubular applicator at 4 — 8
W and 8.5 — 10 MHz.
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FIG. 2.6: (a) Peak temperatures and (b) maximum cumulative thermal dose at the bone
surface for a 4 cm prostate treated with a planar, curvilinear, or tubular applicator at 4 —
10 W and 6.5 - 10 MHz.
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FIG. 2.7: (a) Peak temperatures and (b) maximum cumulative thermal dose at the bone
surface for a 5 cm prostate treated with a planar, curvilinear, or tubular applicator at 6 —

10 Wand 5 -7.5 MHz.
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reduce bone heating for all applicators. Fig. 2.b illustrates that bone necrosis can be
avoided if the tubular applicator frequency is increased to 8.5 MHz (44°C, 7 EMy3-c) and
the planar and curvilinear applicator frequencies are increased to 10 MHz (planar — 45
°C, 5 EMuyseoc; curvilinear — 44°C, 6 EMuasec). Increasing the frequency increases
treatment time slightly for the tubular applicator from 4.7 min to 6.4 min (6.5 MHz vs.
8.5 MHz) and dramatically for the planar and curvilinear applicators from 9 min to 24
min and from 14 min to 55 min, respectively (6.5 MHz vs. 10 MHz). Reducing the
power from 10 to 4 W at 6.5 MHz slightly lowers bone temperature but increases thermal
dose to the bone due to increased treatment time (planar — 9 min to 31 min, curvilinear —
14 min to 35 min, tubular — 5 min to 49 min). Bone necrosis is still predicted with 2 cm
bone separation for the planar applicator at 6.5 MHz, but can be avoided by increasing
the operating frequency to 8.5 MHz.

Calculations for the 5 cm prostate model are depicted in Fig. 2., indicating the
lower frequency range employed to obtain adequate penetration to the prostate boundary
and reduce treatment duration. With 1 cm bone separation, at a 5 MHz drive frequency,
treatment is complete for the planar and curvilinear applicators within 22 and 29 minutes,
respectively, but bone temperatures exceed 65°C and thermal doses to the bone exceed
10° EMysec. At 6.5 MHz bone heating is lower but still potentially problematic for these
applicators (planar - 55°C, 3524 EMusec; curvilinear - 52°C, 1082 EMuy3ec) and treatment
times have increased to 35 minutes for the planar device and 67 minutes for the
curvilinear device. With a small frequency increase to 7 MHz, bone temperatures below
50°C and doses below the necrosis threshold of 240 EMyszoc are obtained, but the

treatment times increase further to 42 minutes for the planar device and to 90 minutes for
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the curvilinear device. Simulations for the curvilinear device at higher frequency were
not performed due to clinically impractical treatment durations. The planar device can be
operated at 7.5 MHz to reduce thermal dose at the bone to 22 EMus:c in a 62.2 minute
treatment and operated at 8 MHz to further reduce the thermal dose at the bone to 14
EMus:c but the treatment time is 104 minutes. The tubular applicator at 6.5 MHz
produces non-lethal temperature elevations at the 1 cm bone interface (45°C, 20 EMysec)
with a treatment time of 15 min. The bone heating and thermal dose exposures were
minimal for the 2 cm bone case and negligible for the 3 cm bone case for all applicator

configurations.

2.4.3 Other Parameters

Increasing the rotation step size greater than 10° can cause marked increases in
bone temperature but decreasing it can only slightly reduce bone heating. When rotation
step size is increased above 10°/turn (planar applicator, 10W, 5 MHz, 5 cm prostate, bone
1 cm from prostate boundary), bone temperature is maximal when the applicator stops at
one step to aim directly at bone (10°/turn — 70.3 °C, 15°/turn — 75.4 °C, 20°/turn — 80.9
°C) and lesser but still notably increased with respect to the 10°/turn step (that does stop
to aim directly at bone) when the applicator never aims directly at bone (15°/turn — 74.1
°C, 20°/turn — 73.7 °C). If the applicator is not aimed directly at bone for a 10°/turn step
the bone temperature is only reduced from 70.3 to 70.1 °C. Bone temperature decreases
with decreasing sweep step below 10°/turn by only ~1°C at most (5°/turn — 69.8 °C,

2°/turn - 69.3 °C). Treatment times were not greatly increased or reduced by changing
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step size (2°/turn — 23.4 min, 5°/turn — 22.6 min, 10°/turn — 21.5 min, 15°/turn — 20.8 min,
20°/turn — 18.0 min).

Increasing the radius of curvature or applicator width for the curvilinear
applicator had small effects on bone heating. When the radius of curvature was increased
from the default of 15 mm to 22 mm (6.5 MHz, 10 W, 5 cm wide prostate, bone 1 cm
from prostate boundary), peak bone temperature increased from 52.1°C to 53.7°C while
treatment time decreased from 67 min to 55 min. When the transducer width was
increased from the default of 3.5 mm to 5 mm, peak bone temperature decreased from

52.1°C to 50.4°C while treatment duration decreased to 60 min.

2.4.4 Full Absorption and Partial Transmission Models

Table 2.2 summarizes a comparison between maximum temperature and thermal
dose calculated for example cases using both absorption models for bone located within
10 mm of the prostate capsule. Maximum temperatures and thermal dose exposures
using the partial absorption model, which only accounts for partial transmission of the
incident ultrasound, are lower than values predicted with the full absorption model for
each case as anticipated, but still predictive of trends in producing potentially lethal bone
heating (>49°C) and thermal damage (>50 EMu43-c) for all applicator types and prostate
dimensions for bone 1 cm away. An exception is the 6.5 MHz tubular applicator in the 4
cm wide prostate, which produced potentially non-deleterious bone heating (47°C, <36

EMusoc). The change in treatment times calculated between the two models is less than

1%.
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Also shown in Table 2.2 is the marked effect that changing the attenuation within
the prostate as described earlier can have on simulation results. When the attenuation
does not increase with increasing thermal dose, treatment duration is dramatically
reduced and bone temperatures are dramatically increased. For the planar applicator at
6.5 MHz in the 5 cm gland, treatment duration is reduced from 35 min to 7 min and the

bone temperature increases from 55°C to 90°C.

2.5 Discussion

Recent experimental and theoretical studies have demonstrated the potential
advantages of applying transurethral ultrasound for prostate thermal therapy compared to
other clinical modalities, most notably speed of treatment, a high degree of spatial
selectivity or targeting, and compatibility with MR guidance [12, 109-113, 121, 163].
The three general types of transducer configurations being considered (planar,
curvilinear, tubular) each have positive performance data supporting continued
development and eventual clinical implementation. Explicit study regarding the potential
for bone heating and recommendations for avoiding heating with these approaches is
important prior to finalizing designs and implementation in the clinic. Although these
devices can be integrated with MR temperature monitoring for therapy control,
limitations of these monitoring techniques at bone-tissue interfaces reduce the ability to
effectively monitor in areas adjacent to and within bone as a means to avoid or control
bone heating. The results herein clearly demonstrate that bone heating can be significant
and should be considered in applying any of the three techniques. If bone is not properly

accounted for, unwanted temperature elevations could potentially generate bone necrosis,
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treatment limiting pain, and extension or generation of unpredictable soft tissue damage
zones. The presence of pelvic bone is most problematic for these transurethral techniques
when the bone interface is 2 cm or less from the outer boundary of the prostate or target
region. Proper selection of frequency and applied power with a concomitant increase in
treatment duration can be applied a priori to reduce unwanted heating in most cases.

The amount of bone heating generated with these transurethral devices is related
to the transducer shape as well as to the bone distance, prostate size, and applicator
frequency (Fig. 2.4 — 2.7, Table 2.2). The curvilinear applicator has the narrowest
treatment zone, the planar applicator has a slightly wider treatment zone, and the sectored
tubular device can heat over an entire 90° section of the prostate (Fig. 2.). The
curvilinear and planar devices, while under temperature feedback control, will rotate in
sequence over the scan time and produce temperature rises along the bone surface in
discrete steps, typically aligned with the centerline direction of the transducer at each
step. Varying the rotation step size to 10° or smaller (2°, ~continuous) was found to
produce insignificant differences in the extent of predicted bone heating. However, if the
rotation step size was greater than 10°, the amount of bone heating was dramatically
increased. In comparison, the small step sizes (<10°) produce less bone heating since
lower applied power and/or duration is required at each position for achieving 52°C at the
prostate boundary; this is due to more significant pre-heating of the current target zone
from thermal spreading or overlap from the adjacent previously targeted zone, which is in
closer proximity when small step sizes are implemented. The sectored tubular applicator
is stationary and remains aimed directly at the bone during the complete treatment

sequence. Decreasing power can reduce temperatures in bone, but the resultant increase
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in treatment duration (and timing between rotation movement for curvilinear and planar)
can increase thermal dose accumulation. This effect is most dominant in 3 — 4 cm glands,
and less so for the larger 5 cm gland (Fig. 2.5 — 2.7).

Some of the treatment times calculated in this work appear greater than those
predicted for planar applicators in the work of Chopra et al. [109]. These differences can
partly be attributed to slight variations in applicator and tissue parameters and control
mechanisms between the studies, but the dominant factor is likely the incorporation of
attenuation changes in the prostate with accumulated thermal dose in these simulation
studies. Coagulation and thermal fixation of prostate tissue at high temperature will
cause an increase in ultrasound absorption, effectively mimicking a higher frequency
transurethral applicator during a portion of the therapy delivery and therefore limiting
energy penetration. It will then become increasingly difficult to extend the coagulation
zone to the outer prostate boundary and will require longer treatment duration if the tissue
temperature is to be maintained below a maximum threshold. As shown in Table 2.2,
these differences can be considerable, and not taking attenuation changes in the prostate
into account may underestimate treatment duration and are also predictive of much
greater bone temperatures.

The sectored tubular transducer device proved advantageous with respect to the
planar and curvilinear device in its ability to treat a predefined or prescribed zone of
prostate tissue underlying the pubic bone at lower frequencies with notably less bone
heating and shorter treatment times. This was particularly evident when bone was
closest; in the 3 cm gland with bone 1 cm from the prostate boundary, necrotic thermal

doses in the bone could only be avoided by treatment with the tubular applicator.
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Reduced temperature elevation at the bone with the tubular applicator is related to the
radial decay and divergence of ultrasound energy from the transducer. This ensures that
there is lower ultrasound intensity outside of the prostate so that unwanted thermal doses
are less likely to develop in structures such as the bladder, rectum, and pubic bones.
However, since the tubular applicator is stationary and remains aimed directly at the bone
during the complete treatment sequence, bone temperature may be lower but the thermal
dose exposure can be considerable and on level with the curvilinear or planar devices.
The tubular applicator does have less spatial selectivity compared to curvilinear and
planar configurations, so in practice this advantage could be diminished in situations
where boundary control outweighs overall treatment duration and bone heating.
Frequency is the predominant applicator parameter for a given transducer shape
that affects the amount of bone heating. Increasing frequency for the tubular applicator
reduced bone temperatures in all cases. High frequency operation of the planar and
curvilinear applicators enabled a dramatic reduction in bone heating, but only in the 4 and
5 cm glands. In the 3 cm gland, selecting a higher operating frequency for the same
applied power level increases bone heating due to a combination of close proximity of the
bone to the applicator and higher absorption of the propagated energy within the bone.
In larger glands, bone heating is reduced at higher frequency (i.e. 7 — 10 MHz vs. 5 — 6.5
MHz) because the bone is sufficiently far from the applicator and the ultrasound intensity
is sufficiently attenuated by increased absorption within the prostate to compensate for
increased absorption by the bone. Higher frequency can be used to limit energy
penetration outside the target region, but comes at a cost — increased treatment duration

due to limited energy penetration out to the prostate boundary. A novel design
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configuration of planar transurethral applicators has been developed that utilizes
transducers which are capable of emitting multiple distinct frequencies (4.7 MHz and 10
MHz) that can be modulated or blended during treatment delivery [123, 164] as a means
of controlling the depth of power penetration. Based upon the results of our study, such a
device could prove advantageous to a single frequency device in treating a 4 cm prostate.
In the simulations performed in this study, a planar applicator at 10 W and 10 MHz
produced bone temperatures of 44.9°C but took 24.4 min to treat a 90° portion of the
prostate. Operating at 6.5 MHz, the target zone could be treated in 9.4 min but a much
higher peak bone temperature of 57.5°C was produced. A dual frequency device could be
operated at 10 MHz adjacent to bone and at 4.7 MHz away from bone to minimize
treatment duration and bone temperature. In the 3 cm gland, high frequency operation
does not limit bone heating, and in the 5 cm gland, treatment duration may be
prohibitively long at higher frequency, and so the utility of this type of device in small or
large glands is not as clear.

A thermal dose of 240 EMuys-c and a bone temperature of 50°C were used in this
study as thresholds for deleterious effects on the bone and surrounding tissue. These
values are well established for predicting extensive necrosis in soft tissue, including
prostate [10, 165]. Thermal necrosis in bone has been observed at 50°C with exposure
times from 30 seconds to 6 minutes, which corresponds to thermal doses of 64 to 768
EMy;:c [166-169]. While a thermal dose of 240 EMy;-c is used as a threshold for
complete necrosis, the thresholds for less complete tissue damage may be much lower
[7]. Energy accumulated within the cortical bone can contribute to damaging adjacent

soft tissue due to thermal redistribution (thermal conduction and blood flow
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mechanisms). Unwanted temperature elevations near pelvic bone are of particular
concern for adjacent nerves, which have a high thermal sensitivity with low thermal dose
thresholds for permanent or transient damage [7, 170-172].

Results from the full absorption model are indicative of worst case bone heating.
The full absorption model accounts for longitudinal wave transmission and shear wave
generation over a large range of incident angles, while the partial absorption model
neglects shear waves and can underestimate the resultant bone temperature elevations and
thermal dose accrual. The angle of incidence of ultrasound waves on bone affects their
reflection, absorption, and generation of shear waves, leading to different amounts of
bone heating. These effects, rather than being specifically addressed in the simulations,
were approximated by bracketing potential temperature rises with a 65% and a full
absorption model of a simplified “pubic bone”. A more precise mathematical
consideration of wave propagation effects with full anatomically correct models could
make the estimates of bone heating and validation of treatment strategies more accurate.
Since bone position varies greatly between patients, a pretreatment determination of
individual patient anatomy and treatment planning systems [173] could be used to avoid
bone heating, and could be used to choose appropriate treatment parameters specific for

each patient [173-175].

2.6 Conclusions

In summary, the potential exists for producing unwanted temperature rises at the
pubic bone interface during transurethral ultrasound thermal therapy of the prostate using

tubular, curvilinear, or planar transducer configurations when the bone is less than 3 cm
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of the outer target boundary. These temperature elevations and cumulative thermal dose
exposures can compromise the integrity of the bone tissue, cause treatment limiting
patient pain, and potentially damage sensitive or non-targeted tissue adjacent to the bone.
Temperature rises may be mitigated by the selection of appropriate ultrasound parameters
such as transducer shape, power, frequency, and treatment duration. Treatment planning
that uses individual patient anatomy as a guide to selecting these parameters is indicated
for the successful administration of transurethral thermal ablation in the prostate for cases

where the bone is within 3 cm from the outer target boundary.
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Chapter 3

Endocavity Hyperthermia in the Cervix

3.1 Abstract

An endocavity device using multi-sectored tubular transducers is proposed for
localized, conformal hyperthermia delivery adjunct to high-dose-rate (HDR)
brachytherapy in the uterine cervix. The feasibility of this device to heat clinically
relevant target volumes is explored by comparing heating patterns in thermal simulation
to patient data. Treatment planning images from 35 patients who underwent HDR
brachytherapy for locally advanced cervical cancer were inspected to assess the
dimensions of radiation clinical target volumes (CTV) and gross tumor volumes (GTV)
surrounding the cervix along with the proximity of organs at risk. Transducer and
catheter parameters including frequency, sectoring, catheter thickness, catheter
attenuation, and cooling water temperature and flow rate were varied to determine their
effects on temperature distributions in homogeneous uterine tissue. Blood perfusion was

varied from 1 —3 kg m™ s”'. Temperature distributions were compared to patient data to
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determine target coverage and devise strategies for adequately heating the cervix with
minimal heating of organs at risk. Simulations indicate that for 60-minute treatments the
applicator can heat >41°C and deliver >5 EMusoc over 4 — 5 cm diameter with Ty <
45°C and 1 kg m™ s blood perfusion. The 41°C contour diameter is reduced to 3 — 4 cm
at 3 kg m> s perfusion. Differential power control to transducer elements and sectors
demonstrated tailoring of heating profiles. Dead zones in heating between sectors can be
aligned to limit temperature elevation in the rectum and bladder. Feasibility of heating
clinically relevant target volumes was demonstrated with power control along the device
length and in angle to treat the cervix with minimal thermal dose delivery to the rectum
and bladder.

The work in this chapter represents part of a published paper (J. H. Wootton, L.-C.
J. Hsu, C. Diederich. An endocervical ultrasound applicator for integrated hyperthermia
and HDR brachytherapy in the treatment of locally advanced cervical carcinoma. Med

Phys, 37(12), 2010 (in press)).

3.2 Introduction

Hyperthermia improves tumor control and patient survival when delivered adjunct
to radiotherapy for cervical cancer [43, 46, 93, 94]. The most prominent technology for
delivering hyperthermia to the cervix is deep regional heating equipment consisting of
electromagnetic dipole antennas whose phase interactions can be used to steer energy
deposition.  This steering is limited, however, so low thermal dose is delivered
throughout the pelvis [97], and hot spots may be created outside the cervix which can

lead to thermal toxicity [98, 99]. Ultrasound is a much more highly controllable energy
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source; by varying frequency, transducer size, and transducer shape, highly conformable
heating patterns can be produced in three dimensions. Hyperthermia efficacy can be
maximized and toxicity minimized by precisely targeting the cervix and limiting thermal
delivery to sensitive organs.

An intrauterine ultrasound device, shown in Fig. 3., has been proposed to create
3-D conformable heating zones in close proximity to cervical lesions. Applicators
contain several multi-sectored tubular transducers to allow power control radially and
along the length. The device is integrated within a tandem and ring HDR brachytherapy
catheter to facilitate sequential or potentially simultaneous thermoradiotherapy. The
development of this device will depend on careful selection of ultrasound and applicator
parameters relevant to the anatomy and treatment site. The objective of this work is to
perform parametric biothermal simulation to characterize heating patterns and identify
ultrasound transducer and applicator properties appropriate to delivering therapeutic

endocavity hyperthermia in the cervix.

3.3 Methods

3.3.1 Anatomical Inspection

Treatment planning data based on CT and MRI scans were evaluated for 35
patients implanted for HDR brachytherapy delivery to the cervix. The HDR source (Ir'"?)
is introduced through an applicator (Nucletron, Inc.) consisting of an endocavity catheter,
or tandem, along with 1) a ring surrounding the cervical os, 2) two ovoid-shaped

structures placed in the vaginal fornices, or 3) a vaginal cylinder. The dimensions of

gross tumor volumes (GTV) and target clinical treatment volumes (CTV) identified by
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FIG. 3.1: Schematic of catheter-cooled endocavity applicator with a linear array of multi-
sectored transducers.

the physician for radiation dose delivery were measured to assess the dimensions of
potential clinical targets for hyperthermia. The distances of the rectum and bladder from
the tandem, CTV, and GTV were measured. The relative positions of GTV, CTV,

tandem and organs at risk are shown in Fig. 3.2.

3.3.2 Biothermal Model

The influence of applicator design parameters on heating profiles was investigated
using an acoustic and biothermal model of ultrasound hyperthermia in homogeneous
uterine tissue. Temperature distributions in cross-section and along the applicator length
where p is density (kg m™), ¢ is heat capacity (J kg °C™), T}, the blood temperature (°C),

k the thermal conductivity (W m™ °C™), @ the mass flow rate of blood (kg m™ s™), and ¢
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FiG. 3.2: Axial MR section with clinical target volume (CTV), gross tumor volume
(GTV), rectum, bladder, endocervical tandem and interstitial catheters. The rectum and
bladder closely approach the CTV and GTV on the posterior and anterior aspect,
respectively, requiring angular control of heating distributions to treat the tumor without
inducing thermal damage in these organs. Interstitial catheters can be used for thermal
monitoring and feedback control of power levels.

the ultrasound power deposition (W m™). The finite difference solution for tissue
temperature 7 was computed using the Crank-Nicholson method with mixed implicit and
explicit integration to improve numerical stability with fine grid spacing [140]. The
correlation of the finite difference acoustic and biothermal model to ex vivo and in vivo
temperature and thermal lesion data has been demonstrated in past work [111, 133, 140].
Thermal dose was computed by the Sapareto and Dewey formulation for equivalent
minutes at 43°C (EMasec) [8]. The ultrasound power deposition is related to the acoustic

intensity by [176]:
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b 1 —Z U\ =1
§=2a-Ie 2ulr=n) (3.2)

where « is acoustic absorption (Np m™ MHz™), I, the surface intensity of the transducer,
1 the acoustic attenuation (Np m™ MHz™), r the radial distance from the center of the
applicator (m), and r, the outer radius of the transducer (m). Ultrasound intensity was
modeled as uniform across sectors, along the applicator length at a given radius, and set
to zero between transducer sectors over a defined dead zone angle. The electrical power
applied to the transducers was converted to acoustic power by assuming a 50% acoustic
efficiency. The model was solved in cylindrical coordinates in cross-section (7-6) or
along the device length (r-z). The applicator was a 3.5 mm diameter tubular transducer
operated at 6.5 — 8 MHz and housed within a 6 mm outer diameter (OD) catheter with
0.25 — 0.50 mm wall, embedded in homogenous uterine tissue. In order to accurately
resolve temperature elevation in the catheter wall with overall reduced computation time,
variable radial node spacing was employed following a sigmoidal function that increased
from 0.005 mm near the transducer surface to 0.5 mm at 4 cm radial depth in tissue.
Acoustic and thermal tissue properties used in the biothermal model are given in Table
3.1 [124, 177-179]. Blood temperature 7, was 37°C and blood specific heat capacity ¢y,
was 3825 W m™ °C"' [124]. Attenuation and absorption were set equal under the
assumption that scattered energy is locally absorbed and contributes to heating. A range
in blood perfusion from 0.5 — 3 kg m™ s was considered to bracket physiological
variation in cervical cancers [180]. A convective boundary was applied at the inner

catheter wall to model heat removal as A(T,,, —T,) by cooling water flow with 4 the

cool

convective cooling coefficient (W m™ °C™) and T, the cooling flow temperature (°C).
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TABLE 3.1: Thermal and acoustic properties of cervix and catheter materials employed in

the finite-difference model.

Property Uterus Catheter

o (kgm™) 1060*° 1100
c Jkg'oCch 3600™° 1600
k (Wm™'ech 0.56""¢ 0.23"
o (kgm”s?) 0.5 -3¢ 0
u(Npm™ MHz™") 6.9°
o (Npm™' MHz") 20 - 80¢
Teool (OC) 20-25
h(Wm?°Ch 500 - 1000

“Duck 1990

®Baldwin 2001

‘Olsrud 1998

‘Lyng 2001

°Siddiqi 1999
"Nominal values for plastic, Kaye 1995

£Bloomfield 2000, Guess 1995, Hung 1983, Kaye 1995

An adaptive power control scheme using PID control was implemented following Lin et

al [181].

(P T<T =2

max max

v
[

0, T>T, +1

K -1+ £ 1)

( max

)’ max 2<T’<T‘max+

(3.3)

with the maximum power P, gain K and time constant 7 as adjustable parameters with

the goal of ramping temperature from baseline to a set 7y, in 5 minutes with minimal

overshoot and oscillation. The power value was updated every 5 seconds.

3.3.3 Catheter Material
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The effects of ultrasound absorption by the catheter on temperature profiles were
examined by parametrically varying catheter material properties along with cooling water
flow rate in the catheter. Catheter absorption was set to 20, 40, 60, or 80 Np m' MHz
to reflect the range of values in the materials considered for use in the catheter design:
Nylon 6/6, Pebax (Arkema Inc.), TPX (Matsui Plastics, Inc.), polyethylene terephthalate
(PET) (Advanced Polymers, Inc.), and Celcon (Ticona Polymers Inc.) [182-185]. These
materials differ in stiffness and may require different wall thickness to avoid kinking and
to be compatible with 2 — 3 day HDR brachytherapy implantation. Catheter thickness
was therefore varied from 0.125 to 0.500 mm in 0.125 mm intervals. Ranges in thermal
conductivity from 0.15 — 0.30 W m™” °C™" and pc product from 1.5 x 10°—2.1 x 10° J m™
°C! for the catheter were tested but effects on penetration of the 41°C contour were
negligible and so these variations were not considered in further analysis. Nominal
values used for the plastic catheter were 0.23 W m™ °C™' for thermal conductivity, 1100
kg m™ for density, and 1600 J kg °C" for heat capacity [185]. Cooling water
temperature 7,,,; was set to 20 or 25 °C and convective cooling coefficient /4 to 500 or
1000 W m™ °C" based on other catheter-cooled endocavity devices [117, 186, 187].
Catheter material and cooling flow effects were assessed at 1 and 3 kg m™ s tissue blood
perfusion.  Catheter material comparison tests were conducted using bi-sectored
transducers (2x180°) operating at 7 MHz with 30° acoustic dead zones. 7)., Was set to
43°C, 45°C, or 47°C in the power controller. Temperature profiles were evaluated at 15

minutes, after steady-state had been reached.

3.3.4 Transducer Sectoring
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The impact of acoustic dead zones on temperature distributions in angle was
assessed in a series of simulations. Temperature elevation induced by tri-sectored
(3x120°) and bi-sectored (2x120°) transducers with inactive dead zones (zero acoustic
output) of 20°, 30°, 40°, or 50° between transducer sectors were compared to an
unsectored (360°) transducer at blood perfusion levels of 0.5, 1, 2 or 3 kg m?st T ool
was set to 25 °C and A to 500 W m™ °C™' for cooling flow. Maximum acoustic power
levels in the adaptive controller were set from 0.75 — 3.75 W (1.8 — 4.1 W cm™ surface
acoustic intensity) to achieve a T, of 43°C, 45°C, or 47°C and 15 minutes was again
used as a time point for comparison of steady-state temperature profiles. The catheter

was given a nominal absorption of 40 Np m™ MHz™" and wall thickness of 0.250 mm.

3.3.5 Patient Treatment Simulations

A series of simulations were performed in which transducer length, number,
frequency, and sectoring were varied to shape the heating profile in axial and sagittal
planes to illustrate how the endocervical ultrasound device might be used to treat tumor
targets from clinical data while avoiding overheating of rectum and bladder. Applicators
with 1 — 3 transducers that were 10 — 15 mm in length and operated at 6.5 — 8 MHz were
modeled. Transducers were unsectored or multi-sectored with 2x180° or 3x120°
sectoring. Acoustic dead zones between sectors were set to 30°. Cooling flow
parameters were set at # = 500 W m?2°C! and T, cool = 25°C. 60 minute hyperthermia
treatment simulations were conducted, with 7,. of 43°C, 45°C or 47°C. As
hyperthermia would likely be administered in multiple fractions, single fraction

thresholds of 41°C and 5 EMusoc were used as indicators of therapeutic heating profiles,
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in accordance with suggested guidelines for cumulative thermal dose delivery of 6 — 10
EM.4soc obtained over multiple treatment sessions [51, 52, 188, 189]. Power control was
implemented based on 7}, or pilot points in tissue representing the location of interstitial
catheters or intraluminal temperature sensors within organs at risk. The rectum
temperature was limited to 41.5°C while bladder temperature was limited to 42.5°C, as
the bladder has a higher thermal damage threshold of >80 EMysec (43.5°C for 1 hr)
compared to rectal damage thresholds of 20 — 40 EMysec (42.2 — 42.8°C for 1 hr) [7, 10,

61].

3.4 Results

3.4.1 Anatomical Inspection

A summary of the anatomical data describing target volume dimensions and
location of organs at risk is given in Table 3.2. The CTV averages 20.5 = 5.0 (standard
deviation) per patient in maximum distance in any direction from the tandem. The CTV
is often eccentric with respect to the uterine cavity, with the posterior aspect typically
extending farther than the anterior aspect (20.0+5.1 vs. 17.7+4.7, p = 2x107, Student’s
paired t-test). The GTV, representative of the hypoxic tumor core that is the true thermal
therapy target, is contained within the CTV and contoured in only the 5 patients who had
MRI in addition to CT. The GTV averages 19.4+7.3 mm per patient in maximum radial
distance from the tandem with a range of 5 — 28 mm. The GTV is 12 — 20 mm in length.

The minimum distance of the rectum and bladder to the tandem is 12.1 and 10.4 mm with
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TABLE 3.2: Summary of clinical target volume (CTV) and gross tumor volume (GTV)
dimensions and distances of organs at risk from CTV and applicator based on 35 HDR
brachytherapy treatment plans (GTV is available for 5 patients).

Parameter Average + SD (mm) Range (mm)
Max CTV radius (anterior) 17.7+4.7 0—42

Max CTV radius (posterior) 20.0+5.1 5-44

Max CTV radius (overall) 20.5+5.0 10 - 44
Max GTV radius (overall) 194+73 6—-32

GTV length 15.6£3.6 12 -20
Rectum distance from applicator 23.5+45 12 -44
Rectum distance from CTV 7.4+3.6 1-33
Bladder distance from applicator 17.7£5.5 10 - 66
Bladder distance from CTV 4.7+3.6 0-47

an average distance of 23.5 + 4.5 and 17.7 + 5.5 per patient, respectively. Both rectum
and bladder are <I mm from the CTV boundary in some patients and average <8 mm

from the CTV boundary (rectum: 7.4 £ 3.6 mm, bladder: 4.7 £ 3.6 mm).

3.4.2 Catheter Material

The maximum radial extent of the steady-state 41°C contour ranges from 13.7 to
23.8 mm (with 7, = 45°C) depending on catheter, cooling flow, and tissue parameters.
The effects of the catheter on thermal penetration are minimal for a 0.125 — 0.250 mm
wall but become more apparent with a 0.375 — 0.500 mm wall and absorption of 80 Np
m’' MHz' (Fig. 3.a). Increased catheter thickness and attenuation cause increased
heating within the catheter wall, which decreases the effectiveness of cooling flow,
bringing the 7, closer to the catheter and reducing the thermal penetration for a given

Thax (Table 3.3). The effects of changes in cooling flow parameters for a given catheter
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configuration are slight, with a 1.1 — 2.3 mm range in the radial extent of the 41°C
contour across all cooling levels. Tissue perfusion has a marked and consistent effect on
thermal penetration; high tissue perfusion of 3 kg m™ s™ reduces the radial extent of the
41°C contour by 3.7+0.2 mm with respect to a lower perfusion case of 1 kg m~ s™. The
perfusion effect will likely be less consistent in vivo as perfusion may increase or
decrease during the course of heat delivery [190-193]. The 45°C T, point is located 2.8
— 9.0 mm from the transducer and 10.8 + 1.1 mm closer to the transducer than the 41 °C
contour. Thermal penetration can be increased if 7, is allowed to increase; for an
intermediate case of catheter properties (o = 40 Np m" MHz', 0.25 mm wall), cooling
flow (h =500 W m™ °C", T,,,; = 20°C), and tissue perfusion (I kg m™ s™), the radial
extent of the 41°C contour increases from 21.7 mm to 23.8 mm if 7, is increased from
45°C to 47°C.

Temperature within the catheter wall ranges from 27.8 — 44.0°C over the
parameters tested and is predominately dependent on catheter thickness. The peak
temperature in the catheter wall always occurs at the outer edge of the catheter. The
catheter wall is effectively cooled with T < 37°C for wall thickness <0.375 mm. At 0.375
mm wall thickness, cooling becomes less effective, resulting in peak catheter wall
temperatures from 32.6 — 42.4°C. Cather wall temperature is >41°C at high attenuation
values (60 — 80 Np m™ MHz™) with 2 = 500 W m™ °C™, T,o; = 25°C, and 3 kg m™ s™
perfusion. At 0.500 mm catheter wall thickness, peak catheter wall temperatures of 34.5

—44.0°C occur, equivalent to 0 — 120 EMy3oc over 60 minutes.
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FIG. 3.3: Therapeutic thermal penetration assessed at 15 minutes with parametric changes
in ultrasound transducer, catheter, and tissue properties. (a) Radial extent of 41°C contour
for a higher (3 kg m™ s, indicated by bars) or lower (1 kg m™ s, indicated by symbols)
perfusion for 0.125 — 0.500 mm catheter wall thickness and 20 — 80 Np m™ MHz"
catheter attenuation. Empty symbols correspond to 7, = 47°C in the lower perfusion
case (Tnq = 45°C for all other data points). (b) Minimal and maximum radial extent of
41°C contour for 2x180°, and 3x120° transducers with an acoustic dead zone of 20° —
50° between sectors at blood perfusion levels of 1 or 3 kg m> s and T}, = 45°C.
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TABLE 3.3: The effects of catheter parameters on thermal penetration and thermal dead
zone with 2x180° applicator. A range of values for catheter attenuation, thickness,
convective cooling coefficient (%), and cooling flow temperature 7,,,; with 3 kg m> s or
low 1 kg m™ s uterine blood perfusion are considered in their influence on steady-state
electrical power level Perecnic (50% acoustic efficiency), location of T4 (45°C),
minimum radial extent of the 41°C contour in the dead zone and maximum radial extent
of the 41°C contour within the transducer sector.

Tinax 41°C radius
Attenuation  Wall Perfusion 4, T, Pecnic radius  Min Max
-1 2 o
E&IZJ M mm kg m? ! Y(V: m” °C’, W mm mm mm
20 025 1 500, 25 1.4 9 15.3 20.9
20 025 1 1000, 20 1.7 10.3 16 22.5
20 0.5 1 1000, 20 1.6 9.4 15.7 21.3
20 025 3 1000, 20 2.3 8.9 11.5 18.9
80 025 1 500, 25 1.5 8.3 15 20.1
80 025 1 1000, 20 1.9 9.8 15.7 21.7
80 0.5 1 1000, 20 1.9 8 14.7 19.7
80 025 3 1000, 20 2.6 8.2 11.5 18.2

3.4.3 Transducer Sectoring

Thermal coverage in angle depends on sectoring and acoustic dead zone size (Fig.
3.b). Tri-sectored (3x120°) transducers maintain better thermal penetration within dead
zones than bi-sectored (2x180°) transducers; the minimum extent of the 41°C contour
with 40° dead zones between sectors is 16.0 mm vs. 14.0 mm for a 3x120° vs. 2x180°
device at 1 kg m™ s™ perfusion and 11.2 mm vs. 8.5 mm at 3 kg m™ s perfusion (am =
40 Np m’! MHZ'I, 0.25 mm wall, 2 =500 W m> °C'1, Teoor = 20°C). Within sectors, the
maximum radial extent of the 41°C contour between these devices differs by <0.5 mm
from each other and from the 360° device. Sufficient power to sectors is necessary to

provide therapeutic heating throughout dead zones; if T4y is 43°C or Tiper = 45°C with
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50° dead zones, tissue temperature does not reach 41°C within the dead zones at a

perfusion of 3 kg m™ s™.

3.4.4 Patient Treatment Simulations

The 41°C and 5 EMuysec contours extend >2 cm radially with 7, = 45°C at 7
MHz operating frequency and moderate perfusion (1 kg m™ s) in simulated 60-minute
hyperthermia treatments (Fig. 3.). Multi-sectored applicators have similar penetration
within sectors as 360° applicators with a radial reduction <5 mm in the 41°C and 5
EMuy3ec contours within the 30° dead zone at the sector cut (Fig. 3.a-c). The 5 EMuysec
contour within dead zones can be pushed out 3 — 5 mm radially by applicator rotation 30
— 45 minutes into a 60 min treatment. The PID-based power controller can be used to
control angular temperature distributions based on a pilot point set to 41.5°C in the
rectum and 7, = 45°C within sectors (Fig. 3.c). Power can be controlled to individual
transducers along the device length to tailor penetration, such as in Fig. 3.d, where the
thermal profile follows the typical radiation dose profile with more extensive coverage in
the cervix that tapers towards the fundus of the uterus. Temperature and thermal dose
overlays from patient-specific simulations demonstrate coverage of target volumes with
an unsectored applicator with organs at risk far from the target (Fig. 3.e) or with the use
of transducer sectoring and power control guided by thermal feedback based on a pilot
point in the rectum limited to 41.5°C and interstitial pilot points within the target limited

to Tpax =47°C (Fig. 3.1).
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FIG. 3.4: Temperature and thermal dose distributions after 60 min hyperthermia in uterine
tissue (thick lines indicate thermal dose of 5 EMysec) with 1 kg m™ s™ perfusion in the
biothermal model. (a) The 41°C contour extends >4 cm in diameter for an unsectored
transducer with 7,,,, = 45°C. (b) A 2x180° with both sectors under PID control to 7}, =
45°C demonstrates a temperate reduction at sector cuts which can be mitigated by
rotating the applicator 90° at 45 minutes (5 EMysoc contour for treatment with rotation
indicated by dashed line). (¢) A 3x120° applicator demonstrating power control to sectors
based on the use of a pilot control point with 7, = 41.5°C (dashed 5 EMa3-c contour for
rotation at 30 minutes. (d) Power control along the device length shapes the longitudinal
heating profile. (¢) Thermal dose overlay for a 360° device encompassing the CTV. (f)
Demonstration of laterally directed energy output with a 2x180° device using reduced
heating at sector cuts to limit temperature rise in rectum and bladder.
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3.5 Discussion

The likely feasibility for clinical use of the endocavity ultrasound device can be
determined by comparing the extent of therapeutic temperature achieved in thermal
simulation, influenced by transducer, catheter wall, and tissue parameters, to tumor
volumes and radiation target volumes from a set of patients who underwent radiotherapy
for locally advanced cervical cancer. Theoretical analysis indicates that the endocervical
ultrasound applicator can apply therapeutic levels of hyperthermia to 4 — 5 cm diameter
regions localized around the cervix. HDR brachytherapy treatment planning data present
CTV that average 4 cm in diameter, and the GTV, which is the site of hypoxic regions
that can lead to radioresistance and recurrence [39, 85, 86], is a smaller region still within
this target (Table 3.2). Hyperthermia simulations indicate that a GTV <4 cm in diameter
can be covered by therapeutic heating (>41°C) with the endocervical ultrasound
applicator at moderate perfusion levels (0.5 — 2 kg m™ s™) and with low maximum
temperature (7, = 45°C). Catheter material properties have a moderate impact on
temperature distributions, with catheter thickness <0.5 mm and attenuation <60 Np m™
MHz" preferable to maximize thermal penetration and reduce temperature elevation in
the catheter wall (Fig. 3.).

At higher perfusion levels, higher power with increased maximum temperature
(Tyax = 47°C) may be required to extend therapeutic thermal coverage in the target
volume. Maximum temperatures reported for clinical hyperthermia in the pelvis range
from 41 — 42°C for deep heating systems to 43 — >45 °C for endocavity or interstitial,
respectively [97, 103, 193, 194]. Past clinical studies using RF heating technology with

little control over spatial heating distributions note increased toxicity and complication
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rates (rectal or bladder fistula) associated with temperatures >43°C [195-197]. In
contrast to RF sources, tandem ultrasound technology can direct heating energy and
maximum temperatures to tumor target sites while maintaining temperatures much less
than 43°C in the bladder and rectum so that higher maximum temperatures may be
achieved with possibly reduced complications. Furthermore, the volumes of tissue at 45
— 47°C would be small, confined within the tumor and in close proximity to the
ultrasound source.

For tumors or target volumes >4 — 5 cm in diameter, the endocervical ultrasound
applicator could be used in conjunction with interstitial ultrasound applicators, which are
smaller than the endocervical device (2.4 mm vs. 6 mm diameter) and placed within
brachytherapy catheters implanted directly in the tumor [107] in order to extend heating
to the outer margin of the implant. Larger tumors may alternatively be treated by a
combined hyperthermia approach involving deep regional heating and endocervical
conformal heating as a thermal dose boost to the hypoxic tumor core, as regional heating
devices may only achieve tumor temperatures of 39 —39.5°C [95, 100].

Concomitant with a consideration of adequate thermal coverage of the tumor
volume to the successful administration of hyperthermia is minimization of thermal
exposure to the rectum and bladder. The selection of unsectored or sectored devices in
clinical hyperthermia delivery will depend on the location of organs at risk with respect
to the target volume. These organs can lie <10 — 12 mm from the delivery catheter and
<1 mm from the CTV boundary (Table 3.2); thermal delivery must be well controlled in
these situations to treat the target while minimizing thermal dose deposition in organs at

risk. As shown in Fig. 3., in cases where the rectum and bladder are >2 — 3 cm from the
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applicator, unsectored transducers can be safely employed. If the bladder and rectum are
<2 — 3 cm from the applicator, sectored applicators can be positioned so that the sector
sites are aimed towards the bladder and rectum in order to limit heating of these organs
and direct thermal penetration laterally into the parametrium.

The implications of dead zones in the acoustic field between transducer sectors
are complex. It is possible to use regions of reduced heating advantageously by aligning
them with non-targeted tissues that will cause undesirable side effects if over-treated.
When zones of low acoustic intensity are present within the target volume, however, care
must be taken to maintain adequate thermal dose delivery, particularly in the presence of
high perfusion. With a given sectoring configuration, the effects of reduced heating at
the sector site can be mitigated by applicator rotation during treatment, as illustrated in
Fig. 3.b-c. This allows the overall heating pattern to be retained but higher thermal dose
to be achieved closer to the applicator and farther in depth at the original orientation of
the sector cuts. This comes at the expense of a reduced maximum radial extent of
therapeutic thermal dose within the sectors.

Treatment control aided by thermal monitoring will ensure adequate thermal dose
delivery to the treatment target and thermal protection of non-targeted organs. Interstitial
catheters routinely implanted within the cervix lateral to the treatment catheter for HDR
brachytherapy can be adapted for thermometry within the treatment zone and
intraluminal catheters with temperature sensors may be placed in the bladder and rectum
similar to deep hyperthermia for additional feedback. Catheter-based ultrasound
technology is also amenable to non-invasive MR temperature imaging for feedback

power control of multiple transducer elements and sectors [12, 114, 119].
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Treatment planning can aid the clinical delivery of hyperthermia by the
endocervical ultrasound device. Geometric information obtained from brachytherapy
planning can be used to determine applicator positioning.  Temperature-based
hyperthermia treatment planning [198] could be used to determine a priori power levels
that are likely to provide adequate thermal coverage of the target with minimal

temperature elevation in the rectum and bladder.

3.6 Conclusions

Conformal heating from simulated hyperthermia treatments was compared to
clinical target volumes for HDR brachytherapy. Radiation target volumes averaged 4 cm
diameter, with tumor volumes smaller than the radiation target. Biothermal simulation
demonstrated that treatment zones <4 — 5 cm diameter could be adequately covered with
therapeutic temperature (>41°C) by a single endocervical ultrasound device within a
catheter and at moderate perfusion (1 kg m™ s™). At high perfusion (3 kg m™ s™), the
heating zone is reduced to 3 — 4 cm diameter. Thermal exposure to the rectum and
bladder, which can be located 10 — 12 mm from the applicator and within 1 mm of the
target volume, is reduced when using a multi-sectored applicator configuration by aiming
acoustic dead zones between sectors towards these structures. Interstitial catheters
routinely placed within the target can be implanted with therapeutic devices to extend the
heating volume or with thermometry probes to provide temperature feedback in order to

guide power control.
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Chapter 4

Implant Strategies for Catheter-Based
Ultrasound Hyperthermia Adjunct to
HDR Brachytherapy in the Uterine

Cervix

4.1 Abstract

Catheter-based ultrasound devices deliver locally targeted, 3-D conformable
heating easily integrated with HDR brachytherapy delivery. Characterization of heating
patterns is performed and strategies identified to determine how these devices can be
used to heat cervical tumors. A COMSOL/MATLAB thermal treatment planning
platform that uses constrained temperature-based optimization is the basis for analyzing

heating patterns. The volume of tissue >41°C is maximized with the following



69

constraints: Tmax = 47°C, Trecum = 41.5°C, and Tpjaader = 42.5°C. Heating volumes are
assessed with sectored and unsectored interstitial (2.4 mm OD) and an endocavity (6 mm
OD) device, spaced at 3-4 cm in cervix at 1 or 3 kg m™ s™', or with perfusion varying with
location and temperature. Hyperthermia treatment is modeled in 14 patients implanted
for HDR brachytherapy. Catheter positions from the brachytherapy implant are used for
introduction of endocavity (360° or 2x180° output) or interstitial (180°, 270°, or 360°
output) applicators. Device positioning, sectoring, length, and aiming are varied in order
to treat clinical target volumes (CTV) for radiation delivery with the given temperature
constraints. Tyy in the CTV is used an indicator of treatment efficacy. Tight control of
heating is achieved between sectored applicators. Control is highly important to treating
patient CTV; sectored applicators were used in nearly all patients to improve Toy while
satisfying temperature constraints. Conformable heating of appreciable volumes is
possible using multiple sectored, catheter-based ultrasound devices. Thermal monitoring

in clinical treatments will be important for adapting to unknown perfusion levels.

4.2 Introduction

Hyperthermia improves tumor control and overall survival when delivered
adjunct to radiotherapy and has shown a particularly significant benefit in the treatment
of cervical cancer [43, 46, 93, 103]. Favorable efficacy and toxicity profiles are obtained
by sufficiently heating the tumor while minimizing temperature elevation in organs at
risk such as the rectum and bladder.

Catheter-based ultrasound devices have been developed for minimally invasive,

locally targeted, 3-D conformal heat delivery to sites in the cervix and prostate [107, 112,
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118]. These devices consist of linear arrays of sectored tubular transducers with power
control along the device length and in angle. The ability of catheter-based ultrasound to
deliver conformal heating has been demonstrated in vivo, ex vivo, and in phantom using
benchtop thermometry and MR temperature imaging [12, 119, 199]. The implantation of
ultrasound devices into catheters used for HDR brachytherapy delivery affords spatial
and temporal alignment of hyperthermia with radiotherapy. A device has been developed
for endocervical implantation that can heat 2 — 4 cm targets within the cervix [118], and
the heating zone can be potentially extended to treat larger tumors by the additional
implantation of interstitial devices.

The use of implant configurations with multiple applicators will require extensive
treatment planning to determine power levels that will results in adequate thermal
coverage of the tumor with minimal thermal toxicity to organs at risk. A treatment
planning platform has been developed for modeling and optimizing thermal delivery by
multiple catheter-based ultrasound devices [198]. This software uses CT images from
HDR brachytherapy planning to create a 3-D model of the tumor target, organs at risk,
and catheter locations, which are used as a basis for temperature-based optimization
using pre-defined thermal goals.

The hyperthermia treatment planning platform will be a basis for further
exploring heating capabilities and limitations of multiple catheter-based ultrasound
device implants as well as implant configurations that satisfy thermal goals related to
treatment efficacy and toxicity. The aims of this work are to describe 1) heating volumes
attainable with interstitial and endocavity ultrasound technology, 2) characterize thermal

coverage achievable in heating radiation clinical target volumes using brachytherapy
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catheter locations and in doing so, 3) determine implant geometry and device selection
that maximizes thermal coverage with minimal concomitant thermal damage to the
rectum and bladder. The effects of blood perfusion in tissue on temperature profiles are

considered in depth.

4.3 Methods

The thermal modeling and optimization software has been described previously
[198]. Briefly, CT images on which the target for HDR brachytherapy and organs at risk
(rectum and bladder) have been contoured are imported and these structures are rendered
in COMSOL with a finite element mesh. The locations of catheters are noted from
patient images and catheter positions are selected for ultrasound device placement. Two
types of devices are modeled: a 6 mm device that is implanted in the uterine cavity and a
2.4 mm interstitial device for direct implantation in the tumor. The endocavity device has
transducers that are unsectored (360° output) or have two 180° sectors with separate
power control (2x180°). A 30° dead zone in acoustic output is applied between the
sectors. The interstitial device has transducers that are unsectored (360°) or have a single
sector of 180° or 270°. The temperature-based optimization method varies power levels
of all sectors and transducers in order to maximize the proportion of the target volume
>41°C with constraints placed on the maximum tissue temperature (Tmax) and the
temperature in the rectum (Trecum) and bladder (Thjadder)-

The heating performance of the catheter-based ultrasound devices depends on
their frequency, sectoring, dimensions, catheter material properties, cooling flow, and

tissue properties. All devices consist of 1 — 3 transducers that operate at 7 MHz, are 1 cm
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TABLE 4.1: Thermal and acoustic properties of cervix and catheter.

Property Uterus Catheter
p (kgm™) 1060™ 1100°
¢ Jkg'eCch 3600™° 1600°
k (Wm'eCch 0.56™>¢ 0.23f
o (kgm?s™t) 1-3¢ 0
u(Npm'MHz") 6.9°
o (Npm' MHz") 40"
Teoor (°C) 30
h (W m?°Ch) 1000
f (MHz) 7.0

*Duck 1990

®Baldwin 2001

°Olsrud 1998

Lyng 2001

°Siddigi 1999
"Nominal values for plastic, Kaye 1995

in length, and have a 2 mm gap between elements. The endocavity device consists of 3.5
mm diameter elements within a 6 mm OD catheter with 0.25 mm wall, while the
interstitial device consists of 1.5 mm diameter elements within a 2.4 mm OD catheter
with 0.25 mm wall. Power deposition by the endocavity and interstitial ultrasound
devices is calculated by a simplified model for cylindrical radiators [176] and
temperature distributions in tissue are determined by the classic Pennes bioheat equation
[141]. Electrical power is converted to acoustic power by assuming a 50% efficiency.
The effect of ultrasound absorption by the catheter material is considered, with sub-
milimeter mesh elements at the applicator surface to resolve temperature elevation. Mesh

elements increase in size to a maximum of 1.5 mm in order to increase computational
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efficiency without compromising temperature accuracy. Acoustic and thermal properties
of the catheter and tissue are shown in Table 4.1 [124, 177-180, 185]. Tissue blood
perfusion has a dominant effect on thermal distributions in tissue and a range in perfusion
of 1 —3 kg m™ s based on measurements in cervical tumors [180] is used with the
effects of spatial and temporal variations in perfusion considered in their effects on
temperature patterns. Annular cooling flow runs within the catheter-housed ultrasound
devices and provides acoustic coupling between the transducer and catheter wall,
protection of device overheating, and increases thermal penetration by pushing the
maximum temperature further into the tissue. Cooling flow is modeled by a convective
boundary condition at the inner catheter wall with energy removal dictated by A(7 o0 -
T,;) where 4 is the convective cooling coefficient (W m™ °C™), T,.., is the cooling flow
temperature (°C) and T,; is the temperature at the inner catheter wall (°C). In this study 4

is set to 1000 W m? °C'and 7.,,; to 30°C.

4.3.1 Regular Implant Spacing

The heating capabilities of endocavity and interstitial devices were investigated
for various regularly spaced implant configurations that might be feasible using a
template for introduction of HDR brachytherapy catheters. The implant configurations
tested are shown in Fig. 4.1. Interstitial devices were separated by 3 cm from each other
and 4 cm from the endocavity device, based on the ability of endocavity devices to heat
further in depth. For each implant geometry, two cases were tested, one in which all
applicators have 360° acoustic output, and one in which all devices are sectored.

Sectored interstitial devices have 180° output while the endocavity applicator has 2x180°
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FIG. 4.1: Implant geometries tested for heating volume characterization in homogeneous
uterine tissue.

output. All applicators consist of 3 elements in length. Directional interstitial devices
were aimed towards the center of the implant while the bi-directional endocavity device
was oriented to aim left and right towards the interstitial applicators. A simplified

optimization method was employed in which the volume of tissue >41°C is maximized
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with the only constraint that Tpax <47°C. In order to ensure that heating volumes were
relatively symmetrical, power values were constrained to be within a range of 0.25 W
electrical across all interstitial devices and across all transducers and sectors within the
endocavity device.

Spatial and temperature-based variations in blood perfusion were considered by
employing three perfusion models: 1) blood perfusion is homogeneous and constant, 2) a
6-cm diameter tumor is present in the center of the implant with a perfusion higher or
lower than the surrounding tissue, and 3) perfusion is temperature-dependent and follows
the relationship described in Tompkins et al. [200] for tumor periphery. In the
homogeneous model, optimizations were performed to determine power values Py and
Pper3 that resulted in the largest therapeutic heating volume with a uniform perfusion of 1
kg m” s and 3 kg m” s, respectively. The power values Pper1 and Ppe3 were then
applied with a perfusion of 3 kg m> s and 1 kg m™ s, respectively, to determine the
extent of under- or overheating if perfusion differs from the planned value. As data have
shown that perfusion in tumors may be higher or lower than normal tissue [201-203],
power values were optimized to determine the largest attainable heating volume for two

situations: (a) tumor perfusion = 1 kg m~ s™' and surrounding tissue perfusion = 3 kg m™

3 -1

s, and (b) tumor perfusion =3 kg m™ s and surrounding tissue perfusion =1 kg m> s™.
Power levels for these situations are designated Pumper1 and Pympers. Plans were run for
case (a) with power levels Py.3 and for case (b) with powers P to determine how the

heating volume changes when the tumor has higher or lower perfusion than planned in

surrounding tissue. The effects of perfusion changes with temperature were considered
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by running plans with power values Pperi and Pper3 using a base perfusion of 1 kg m” s’

or 3 kg m™ s in the Tompkins model [200].

4.3.2 Patient-Specific Optimization

The ability of endocavity and interstitial devices to treat clinical targets in the
cervix was explored by modeling hyperthermia in 14 patients implanted for HDR
brachytherapy at UCSF. Patients were implanted with tandem and ring or tandem and
cylinder brachytherapy applicators with an additional 2 — 6 interstitial catheters implanted
for extended radiation coverage of the target volume. None of the patients with vaginal
cylinder implants selected for analysis had vaginal wall involvement. Catheter positions
along with the contoured clinical target volume (CTV) for radiation, rectum, and bladder
were imported into the COMSOL model as described previously. Patients 13 and 14
underwent hyperthermia treatment as part of a Phase I clinical trial. In these patients, a
hyperthermia target volume (HTV) was defined based on the tumor location and used as
the target in hyperthermia simulations. In the other 12 patients, the CTV, which is larger
than the tumor volume, was used as the target in the thermal model. In order to
standardize the patient models for comparison of angular temperature distributions, the
first 2 cm of the CTV was used. This is typically where the hypoxic tumor core is
located that is the site of radio-resistance and recurrence [39, 85, 86]. For each patient,
the following iterative approach to generating thermal treatment plans was taken: 1) a
combination of the endocavity and interstitial devices were modeled in the positions of
brachytherapy catheters with length, insertion depth, sectoring, and orientation selected a
priori, 2) A temperature-based constrained optimization was performed to maximize

coverage of the target volume with prescribed limits on Tyax, Trectum, @and Thjagder, 3) The
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Tgp, or temperature exceeded by 90% of the target volume, was computed, 4) ultrasound
device positions, length, and sectoring were modified to improve coverage, 5)
optimization was re-run, Tgy re-computed, device parameters changed, and so on until Tgg
could no longer be improved. This procedure was first performed using a perfusion of 1
kg m™ 5™ to determine power levels Pperi ¢ that resulted in the best thermal coverage of
the target volume. A power optimization was then performed using this implant
configuration to determine the thermal coverage achieved at 3 kg m™ s without
changing the implant. Changes in device placement, length, and sectoring were made
and power values optimized in order to attempt to improve the thermal coverage at 3 kg
m™ s™! perfusion. For select patients, a transient simulation was run to determine thermal
dose delivery to the target volume. Power was decreased from 30% above the optimized
level down to Pper o to achieve a ramp-up to steady-state with minimal overshoot at 10-
15 minutes followed by 60 — 65 minutes of steady-state hyperthermia for a 75-minute
total simulation time. Temperature constraints used in patient-specific simulations are:
Thax < 47°C, Trecrum < 41.5°C, and Tyipager < 42.5°C. The temperature limits for organs at

risk are based on thermal damage thresholds from ex vivo and in vivo data [7, 10, 61].

4.4 Results

4.4.1 Regular Implant Spacing

The volume of tissue that could be feasibly heated by a combination of 3-element,

unsectored interstitial devices alone in the implant configurations shown in Fig. 4.1a-g to

3

>41°C in uterine tissue with 1 kg m~ s™ perfusion is 31 — 220 cm’. A single interstitial

device heated >41°C over a 3.6 cm diameter while 6 devices as configured as in Fig. 4.1f
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FIG. 4.2: Extent of 41°C contour shown for select implant geometries with directional
interstitial and endocavity devices at 3 kg m™ s or 1 kg m™ s blood perfusion.
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heated >41°C over 9.4 cm in width. When 180° sectored devices were employed, the
tissue volume >41°C for 1 — 6 interstitial devices was reduced to 13 — 116 cm’. The
heating pattern for directional devices was tightly controlled to the device spacing; 2
directional devices spaced at 3 cm (Fig. 4.1b) heated >41°C over a height of 3.2 cm and 6
directional devices spaced at 3 cm (Fig. 4.1f) heated >41°C over a width of 7.0 cm. At 3
kg m” s blood perfusion, tissue volumes >41°C for unsectored devices shrank to 16 —
131 cm’, a single applicator heated >41°C over a 2.6 cm diameter, and 6 devices heated
>41°C over a 8.6 cm width. For 1 — 6 sectored devices at 3 kg m™ s™' blood perfusion,
the therapeutic heating volumes were 7 — 76 cm’. As shown in Fig. 4.2, the temperature
elevation between directional interstitial devices spaced at 3 cm were highly robust to
perfusion changes (given increased power to reach the same Tpay); 2 directional devices
heated >41°C over 3.2 cm height at 1 and 3 kg m™ s blood perfusion, while 6 directional
devices in a rectangular configuration (Fig. 4.1f) heated >41°C over a 6.8 cm width at 3
kg m™ s perfusion and 7.0 cm at 1 kg m™ s™ perfusion. An exception is the hexagonal
implant configuration (Fig. 4.1g), in which a portion of tissue at the center of the implant
fails to reach 41°C with sectored or unsectored devices at 3 kg m™ s™', given the imposed
limit of Tpax <47°C.

The endocavity tandem was able to heat larger volumes with a given Ty« than the
interstitial device, and interstitial devices could be strategically employed to augment the
lateral thermal coverage. At 1 kg m™ s™ blood perfusion, a 3-element, unsectored tandem
heated >41°C over a 4.6 cm diameter and 51 cm’ volume compared to a 3-element
interstitial, which heated >41°C over a 3.6 cm diameter and 31 cm’ volume. At 3 kg m™

s perfusion, the relative difference was greater, with the tandem heating >41°C over a
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3.8 cm diameter and 31 cm’ volume and the interstitial heating >41°C over a 2.6 cm
diameter and 16 cm® volume. The bi-sectored (2x180°) tandem applicator also heated
>41°C to a maximum 4.6 cm diameter, but the 41°C contour was reduced to 3.8 cm in
diameter due to the presence of the 30° acoustic dead zone between sectors. This reduced
the tissue volume >41°C for a 3 element tandem device from 51 to 46 cm’. The tandem
device allowed for large heating zones to be created with few applicators; using only 2
interstitial devices spaced at 4 cm laterally to an unsectored tandem (Fig. 4.1j), the 41°C
contour is 11 c¢m in diameter and 141 cm’ in volume. Using 4 interstitial applicators as in
Fig. 4.1m, the tissue volume >41°C was increased only to 150 cm’. The heating zone can
again be tightly controlled by using directional applicators; with a tandem and 2
interstitial devices (Fig. 4.1j), the width of the 41°C contour was 7.8 cm to an overall
applicator spacing of 8 cm. Although large, tightly controlled heating volumes could be
covered by using directional interstitial devices spaced at 4 cm from a tandem, some
scalloping of heating volumes occurred at a higher perfusion of 3 kg m™ s (Fig. 4.2) and
is particularly pronounced with unsectored devices in Fig. 4.1i-j. This can be mitigated
by closer spacing or employing more devices for heating.

Power levels for maximal thermal coverage with Tn.x = 47°C varied with
applicator type and implant configuration. As shown in Fig. 4.3, the power level for the
2x180° tandem to achieve maximal thermal coverage was nearly constant, ranging from
1.55 -~ 1.80 W cm™ at 1 kg m” s perfusion and 2.22 — 2.37 W cm™ at 3 kg m™ s~
perfusion whether or not it was used with directional interstitial devices. This indicates

that there was little coupling of the interstitial devices with the tandem in contributing to
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FIG. 4.3: Power values Pper1 and Pper3 used to produce maximal tissue volume > 41°C for
the regular implant geometries in Table 4.1.

the maximum temperature elevation. It also represented a nearly constant increase in
power of 34 — 43% from 1 to 3 kg m™ s perfusion. The 180° interstitial devices, when
used with the 2x180° tandem, had similar power levels (1.38 — 1.66 W cm™) for
maximum thermal coverage regardless of the number of devices used at 1 kg m™ s, but
at 3 kg m™ s perfusion there was more variation in the power values, with power >3.5

W cm™ with 1 or 2 interstitial devices and <3 W c¢m™ with 4 interstitial devices. The
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increase in power levels of 38 — 70% from 1 to 3 kg m™ s™ for the interstitial devices was
more pronounced and variable than for the tandem. The interstitial devices, when used
alone, required less power to achieve thermal coverage of larger volumes as the number
of implanted devices increases, but there was a limit to the reduction in power that was
observed. For directional devices at 1 kg m™ s™', the average power levels for optimal
thermal coverage decreased from 3.31 to 2.30 W cm™ from 1 to 4 applicators but only to
2.20 W cm™ for 6 applicators. At 3 kg m™ s™', the power levels decreased from 3.95 to
3.41 W cm™ from 1 to 4 applicators but only to 3.35 W cm™ for 6 applicators. The
relative difference between power levels at 3 and 1 kg m> s increased with an
increasing number of applicators, as well, with 19% higher power with 1 applicator, 30%
higher power with 4 applicators, and 52% higher power with 6 applicators.

Perfusion that differs from the planned value had a prominent effect on
temperature distributions in tissue (Table 4.2). If the planned power levels Pp3 are used
with 1 kg m™ s™ perfusion, the heating volumes increased from a range of 31 — 220 cm’
to a range of 45 — 305 cm’ (45 — 102% rise) compared to heating volumes using Ppert.
Tmax increased to 50.5 — 52.9°C, which would likely lead to thermal destruction of tissue
[146-148]. The extent of over-heating increased with a greater number of interstitial
devices; Tmax was 50.5°C with 1 interstitial device alone, 51.6°C with 2 devices, and
52.8°C with 6 devices. This was due to the higher relative difference between optimal
power levels Ppe3 and Py with an increasing number of devices. Tpax was 51.7° for the
tandem alone, 52.1°C for the tandem with 1 interstitial, and 52.6°C for the tandem with 4

interstitial. If power levels Py;1 were used with 3 kg m~ s perfusion, the heating
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TABLE 4.2: Tissue volumes >41°C (cm’) with [Tiax (°C)] for cases with regular implant
spacing. T = 47°C if unspecified.

Power values

Pperl Pper3 Pper3 Pperl Pperl Pper3
Perfusion (kg m> s'l)
Implant 1 1 3 3 1, 3,

Tompkins Tompkins
10 [44.6] 29 [47.8] 14 [48.1]
65 101 [51.6] 38 19 [44.1] 65 [48.7] 33 [48.4]
138 208 [52.9] 90 40 [43.3] 162 [50.8] 88 [47.3]
200 305 [52.8] 138  451[43.0] 224 [51.0] 128 [48.6]

18 [

19

37

16 [

31 45[50.5] 16

51 82[51.7] 31 43.7]  50[483]  32[49.6]
81 138[52.1] 50 43.5]  73[484]  46[49.6]
141 208[524] 77 43.9]  143[49.1]  70[49.7]
150 303[52.6] 124 42.8]  147[483] 124 [46.8]

a‘—""“B"'hCLU‘N

volumes decreased from 16 — 138 cm”® to 10 — 109 cm’ (38 — 87% decrease) compared to
heating volumes using Pp.3, there were gaps in temperature >41°C between devices for
all multi-applicator implant configurations, and Tp. decreased to 42.8 —
44.6°C. Again, the extent of under-treatment scaled with the number of applicators due
to an increasing relative difference in the power levels Pperi and Ppes, with a Tax of
44.6°C for 1 interstitial device, 44.1°C for 2 devices, and 43.0°C for 6 devices. When
combined with the tandem, this relationship did not hold, with a T.x of 43.7°C for the
tandem alone increasing to 43.9°C with 2 interstitial devices and decreasing to 42.8°C
with 4 interstitial devices.

Spatial and temperature-based variations in perfusion had a wide ranging effect
on thermal profiles. When the optimized power values Ppe;1 were employed to heat a
central 6 cm diameter tumor at a perfusion of 3 kg m™ s™' with the surrounding tissue at 1

kg m™ s, there were gaps in thermal coverage >41°C between devices in multi-implant
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configurations similar to homogeneous perfusion of 3 kg m™ s, although heating
volumes were 10 — 109 cm® vs. 10 — 45 cm® due to the extension of heating into the lower
perfused tissue surrounding the tumor. Using power values Ppe3 to treat a central tumor
at 1 kg m> s with the surrounding tissue at 3 kg m~ s perfusion, the extent of
overheating was similar to a homogeneous perfusion of 1 kg m™ s™', with Tyax = 50.3°C —
52.3°C vs. 50.5°C — 52.9°C for the homogeneous case, but with smaller heating volumes
of 42 — 194 cm’ vs. 45 — 305 ecm’ due to the reduction of thermal penetration into the
surrounding tissue at higher perfusion. When perfusion was varied with temperature as
per Tompkins [200], Tmax exceeded 47°C with a base perfusion of both 1 and 3 kg m™ s™
using optimized powers Ppe1 and Ppes, the extent to which varied greatly, with Tpax
ranging from 47.3°C — 51.0°C. Despite the variation in Tp,y, the total heating volumes
>41°C were similar for the uniform perfusion and temperature-dependent perfusion

cases; all heating volumes were within 17% of each other and most were within 3%.

4.4.2 Patient-Specific Optimization

Control of energy delivery was tantamount to the ability to provide therapeutic
thermal coverage of the CTV without excessive heating of the rectum and bladder. The
use of sectored interstitial and bi-sectored endocervical devices allowed for increased
temperature elevation in the CTV within the given temperature constraints for overall
Timaxs Trectum, @Nd Thiadder in nearly all patients. The use of sectored applicators to provide
therapeutic coverage of clinical targets is demonstrated in Fig. 4.4. The bi-directional
tandem can be used to extend heating laterally with the inter-sector acoustic dead zone

oriented to limit temperature rise in the rectum and bladder posterior and anterior to the
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(b)
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FIG. 4.4: Patient-specific optimization results demonstrating thermal coverage of clinical
target volumes by (a) a single 2x180° endocavity applicator using a dead zone to
minimize rectal heating, (b) a 2x180° endocavity applicator with two directional
interstitial applicators to extend heating laterally, (c) four directional interstitial
applicators treating a target in close proximity to the rectum and bladder, and (d) a 180°
direct%onlal endocavity device with two unsectored interstitial applicators (Perfusion = 1
kgm™s™).

target (Fig. 4.4a,b) or to treat an eccentric target (Fig. 4.4d). Sectored interstitial devices
can be used to extend lateral heating by the bi-directional tandem without increasing Tpax
(Fig. 4.4b) or, when in close proximity to organs at risk can direct energy into the target

to protect these structures (Fig. 4.4c).
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Thermal coverage as defined by Ty for all patients is shown in Fig. 4.5. At a
perfusion of 1 kg m™ s™', the Ty ranged from 40.3 — 42.7°C and 10 out of 14 patients had
Tgp > 41°C. An endocervical applicator was used in 10 out of 14 patients and in all cases
a bi-directional (2x180°) applicator resulted in improved Toy compared to a 360°
applicator. 0 — 4 interstitial applicators with 1 — 3 elements and 180, 270, or 360°
directivity were employed with 11 out of 14 patients using at least 2 interstitial
applicators. When a perfusion of 3 kg m™ s was applied, the implant configuration
unchanged, and power values re-optimized, Toy ranged from 39.1 — 41.7°C with 5 out of
14 patients above 41°C and 6 out of 14 patients at or below 40°C. In 8 patients, the
implant configuration used at a perfusion of 1 kg m™ s™ also resulted in the highest Ty at
a perfusion of 3 kg m™ s compared to other configurations tested. For these patients, the
Too at 3 kg m™ s ranged from 39.1 — 41.7°C with 5 out of these 8 patients > 41°C. For
the other 6 patients, by changing the implant configuration from the configuration used at
a perfusion of 1 kg m™ s, the Toy was improved by 0.4 — 1.0°C from 39.2 — 40.7°C to
39.6 —40.9°C at 3 kg m™ s perfusion.

Even when the implant configuration did not change, the nature of the heating
pattern did change, and the limiting factor in heating differed from 1 to 3 kg m> s
perfusion (Table 4.3). Violation of the Ty.x constraint limited the ability to heat for 3
patients at 1 kg m>s!and 5 patients at 3 kg m> s, The Tyeem constraint limited the
ability to heat the CTV in 3 patients at 1 kg m™ s perfusion and in 0 patients at 3 kg m™
s’!. The Tpjaager constraint limited the ability to heat in 2 patients at both 1 and 3 kg m>s
I

. The Ty increased or remained nearly unchanged in all of these patients from 1 to 3

kgm? s’



87

B I kgm3s!
[J 3 kgm? s, implant configuration from | kg m= s
O 3 kgm?3 s, best implant configuration
43
|
42 —
| m B =
H
@ [ 5
41 u
- 0 - = -
%) u - m
g o
~ 40 L] 0 O
& L]
O
a3 0
[]
39 @)
38 —
37
I 2 3 4 5 6 7 8 9 10 11 12 13 14

Patient number

FIG. 4.5: Tg values for all patient cases considered for temperature-based optimization.
The optimal result at 1 kg m™ s™' is compared to the same configuration optimized at 3 kg
m™ s along with the configuration that resulted in the highest Toj.

For the patients in which no change in implant configuration was necessary to
optimally deliver heating at a higher perfusion level, only the power of the devices needs
to be increased; a comparison of power values used to produce plans for these patients is
made in Fig. 4.6. At 1 kg m~ s perfusion, power levels for the endocavity applicator

ranged from 1.09 — 1.55 W cm™ and at 3 kg m™ s from 1.47 —2.26 W cm™. For 4 out of
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TABLE 4.3: Thermal descriptors for the 8 patients with the same implant configuration at
1 and 3 kg m™ s perfusion. Thermal dose values from transient simulations for patients
5,7, and 8 are shown as (EM43°C).

T90 (OC) Tmax (OC) Trectum (OC) Tbladder (OC)

Interstitial CTV  Perfusion (kg m”s™)

Pt#  directivity °) (cm®) 1 3 1 3 1 3 1 3

1 13.0 417 412 459 471 416 406 419 407

2 180, 180 234 410 409 453 465 412 404 425 425
360, 360, 41.7

5 260 16.3 (10.0) 41.6 454 471 416 413 413 37
270, 270, 41.4

7 360 23.7 (78) 412 445 462 411 402 425 426

8 180, 180 16.3 ?20'68) 403 454 470 415 409 422 420
270, 180,

9 180, 270 10.1 413 41.0 471 470 409 412 420 403
360, 270,

10 270, 360 580 404 39.1  47.0 471 412 403 392 379

13 ;Sg’ 360, 6.3 42.6 417 471 471 378 373 422 408

5 of these patients the power scaled very closely from 1 to 3 kg m™ s™' perfusion, with a
43 — 47% increase. Patient 9 had only a 17% increase in power from 1 to 3 kg m™ s™.
There was more variation in the power scaling of the interstitial devices, with applied
powers of 1.16 —2.00 W cm™ at 1 kg m™ s perfusion and 1.56 — 2.59 W cm™ at 3 kg m™
s perfusion, for a 22 — 71% power increase from 1 to 3 kg m™ s perfusion. Within
patients, the power levels of interstitial devices differed by up to 0.7 W cm™.

Transient thermal simulation with 10-15 minute power ramp and 75 minute total

simulation time produced thermal dose accumulation in the target similar to dose that

would be accrued after an hour at steady state temperature values. As shown in Table 4.3
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FIG. 4.6: Power values used to create optimal treatment plans in those patients in which
the optimal implant configuration at 3 kg m™ s' was the same as the optimal

configuration at 1 kg m” s'. The range in power values for interstitial devices is

indicated by the symbols A and A connected with lines.

for 3 patients, the thermal dose exceeded by 90% of points within the CTV was 10.0
EMusoc for patient 5, 7.8 EMuysec for patient 7, and 2.6 EMusec for patient 8. The thermal
dose values for 1 hour at the Tyy values for these patients were 9.9 EMusoc for patient 5,

6.5 EMysec for patient 7, and 2.8 EMuysec for patient 8.
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4.5 Discussion

Catheter-based ultrasound devices have the ability to create highly conformal
heating patterns by controlling thermal delivery in angle and along their length. In
combination, they have potential to extend the volume of therapeutic heating over an
individual device and compensate for gaps in heating due to sectoring used to create
directional energy delivery. The influence of devices on each other and overall heating
patterns depends on device spacing, orientation, and the tissue environment in which they
are placed. Heating patterns are relatively straightforward for a regularly spaced, parallel
implant, but are influenced by tissue properties, particularly blood perfusion, which can
vary within the tumor and with temperature. In clinical hyperthermia treatments, it is
desirable to employ pre-existing catheter locations used in HDR brachytherapy for
thermal delivery in order to avoid increased morbidity from the introduction of additional
catheters. The ability of multiple ultrasound devices to heat a patient target volume may
be compromised by catheter placement that is irregularly spaced and non-parallel.
Therapeutic heating of clinical targets is further limited by a desire to limit maximum
temperature elevation and temperature in the rectum and bladder in order to avoid
thermal toxicity. The main objective of this work was to investigate the performance of
catheter-based ultrasound devices placed in HDR brachytherapy catheters in providing
therapeutic heating of cervical tumors. Temperature-based optimization was used to
determine power levels that achieve the highest possible thermal coverage of clinical
targets from patients while satisfying temperature constraints based on limiting toxicity.

Regularly spaced implants were analyzed to characterize heating volumes that may be
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achieved using a template for catheter introduction and identify the extent of the
perfusion effect.

Blood perfusion in tissue is difficult to predict and hard to measure. Variations in
both the spatial and temporal distributions in blood perfusion were tested to assess effects
on temperature profiles created. Deviation in perfusion from the level used for power
optimization caused overheating of the target volume with Tpax = 50 — 52°C or
underheating with Tpax = 43 — 44°C. Temperature distributions that are more robust to
perfusion changes were created by using directional applicators in tight configurations
with <4 cm spacing between devices (Fig. 4.2). The hexagonal implant configuration in
Fig. 4.1g produced large therapeutic heating volumes at low perfusion but is not robust to
perfusion changes. Implant configurations with a greater number of devices had a greater
chance for over- or underheating with perfusion levels that differ from what is planned,
as evident in Table 4.1, and care must be taken in these cases to carefully select power
values. Clinical hyperthermia delivery will require thermal monitoring to truly assess
how perfusion is affecting temperature distributions and guide power control. Safety
would dictate that power levels are planned for a low perfusion level and increased if
insufficient temperature elevation is achieved in the target. With more devices, power
levels may start lower but need to be increased by a greater relative amount, as evidenced
in Fig. 4.3. The endocavity device will likely deliver 2 — 3 W cm™ while the interstitial
devices may require a much larger range of power values depending on spacing and
sectoring (Fig. 4.3, Fig. 4.6).

Control over heating distributions is tantamount to the successful delivery of

hyperthermia in the cervix, based on the 14 patients analyzed. In many cases the rectum
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and bladder were in close proximity to the target volume (<5 mm) and <10 mm from
catheters, requiring precise control (another word) of temperature gradients to target the
CTV without overheating the rectum and bladder. This was afforded by the use of 180°
or 270° interstitial devices aimed away from organs at risk (Fig. 4.4b,c) as well as a bi-
sectored endocervical device with dead zones oriented to be aligned with rectum and
bladder (Fig. 4.4a). Sectored devices can also be used to extend the therapeutic heating
volume over cases in which 360° devices would couple heating to create a high Tpax.
This is demonstrated in Fig. 4.4b, in which a sectored device is aimed left to extend
therapeutic heating without coupling with the endocervical bi-sectored device aimed in
the same direction to elevate the Tpax.

Large volumes of tissue can be heated by catheter-based ultrasound devices in
regular implant configurations in homogeneous uterine tissue. The 41°C cloud was
extended up to 220 cm® with 6 interstitial devices at 1 kg m™ s™ perfusion and 138 cm’ at
3 kg m™ s™' perfusion. Despite the ability to easily treat targets >100 cm’, some CTV in
patients of 20 — 60 cm’ were difficult to cover with therapeutic heating. This is due to
both the inability to fully heat targets without overheating organs at risk, and to applicator
spacing that is far from ideal for catheter-based hyperthermia delivery. Patient 8 (Table
4.2), in which a Ty of 40.8°C was obtained (at 1 kg m> s perfusion), an endocervical
applicator was employed for heating along with 2 interstitial directional applicators. In
this case, the CTV was in close proximity to bladder and rectum and the interstitial
applicators were <l cm from the endocervical device (Fig. 4.7). Heating of the entire
CTV was limited by either overheating of the rectum (1 kg m™ s™) or high temperature

from device coupling (3 kg m™ s™). Applicator spacing <1 cm makes it difficult to
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increase the volume of therapeutic heating due to coupling of both cooling and device
heating at relatively low powers. For patient 10 (Table 4.2), in which a Tgy of 40.4°C
was obtained at 1 kg m> s and 39.1°C at 3 kg m> s, even with Tpax at 47.0°C, an
endocervical applicator was used in addition to 4 directional interstitial applicators, but
all of these were located in the posterior portion of the cervix and limited the ability to
provide therapeutic heating in the anterior portion of the cervix (Fig. 4.7). Heating can be
coupled between applicators that are non-parallel due to the ability to control energy
delivery by each element along the length of the ultrasound device, an advantage of
ultrasound over RF heating modalities. When applicators come within 10 mm of each
other as in Patient 8, however, it becomes difficult to increase the volume of therapeutic
heating due to coupling of cooling and high temperatures obtained between devices at
relatively low power. When applicators are not spaced throughout the target volume as
in Patient 10, a high Ty is difficult to achieve, especially with high blood perfusion.
Although the majority of patients analyzed could be treated with the same implant
configuration at a perfusion of 1 and 3 kg m™ s, 6 patients required some modification
of the implant in going from 1 to 3 kg m™ s perfusion. In 3 of the 6 patients, coverage
could be improved simply by changing the aiming direction of 1 or 2 applicators.
Therefore, 11 of the 14 patients could be treated with the same applicators in place at 1
and 3 kg m” s”'. In the remaining 3 patients, coverage could be improved by slightly
changing the sectoring of 1 or 2 interstitial applicators. In one patient a 360° applicator
was replaced with a 270°, in another a 270° replaced with a 180°, and in a third two 180°

devices were replaced with 270° devices. All patients were able to be treated with the
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FIG. 4.7: Limitations in the ability to heat throughout clinical target volumes are
presented by (a) coupling of cooling and maximum temperature elevation by closely
spaced applicators or (b) by catheters that are not placed throughout the target volume.

same types of applicators in the same positions at both perfusion levels tested, with slight

changes in aiming or sectoring to improve coverage. This shows promise for being able



95

to optimize at a low perfusion and use thermal feedback to increase power or aiming as
necessary to improve thermal delivery. Sectored applicators can be rotated during
treatment if necessary to increase thermal dose deposition to areas that may not be well

heated.

4.6 Conclusions

The heating capabilities of catheter-based ultrasound devices were investigated in
regularly spaced implants and HDR brachytherapy implants in patients treated for locally
advanced cervical cancer using a thermal treatment planning model. The influence of
different blood perfusion levels along with changes in blood perfusion were considered in
their effects on temperature profiles. Two types of applicators were used in thermal
simulations: small interstitial devices directly implanted in tissue and a larger endocavity
device. Volumes of tissue >41°C up to 51 cm’ with the endocavity device and 31 — 220
cm’ with 1 — 6 interstitial devices at 3 cm separation could be heated. If assumed
perfusion levels of 1 and 3 kg m™ s™ are switched from the planned value for regularly
spaced implants, Tpax up to 53°C and down to 43°C can occur, and Tp,x up to 51°C in the
temperature-dependent perfusion model; thermal feedback in clinical treatments would
be necessary to compensate for unexpected changes in perfusion levels. Patient cases
provided a number of difficulties to achieving adequate thermal coverage of clinical
target volumes, including highly irregular applicator spacing and close proximity of
organs at risk to the target volume, but Tq values of 40.3 — 42.7°C were achieved at 1 kg
m s'], and 10 out of 14 patients with Tgg > 41°C. Ty values decreased to 39.1 — 41.7°C

at a higher perfusion of 3 kg m™ s due to the inability of irregularly spaced applicators
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to achieve thermal penetration throughout the CTV, although thermal coverage will be
higher for the hypoxic tumor core within the CTV. Sectored applicators are used in
nearly all patients to control heating to the target boundary without overheating of rectum
and bladder. Catheter-based ultrasound hyperthermia provides locally delivered, 3-D
conformal heating as a feasible option for thermal treatment of locally advanced cervical
carcinoma, and thermal delivery can be improved by implanting catheters spaced 15 — 30

mm apart and throughout the target volume.
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Chapter 5

An endocervical ultrasound applicator for
integrated hyperthermia and HDR
brachytherapy in the treatment of locally

advanced cervical carcinoma

5.1 Abstract

The clinical success of hyperthermia adjunct to radiotherapy depends on adequate
temperature elevation in the tumor with minimal temperature rise in organs at risk.
Existing technologies for thermal treatment of the cervix have limited spatial control or
rapid energy falloff. An endocervical applicator was developed that uses a linear array of
multi-sectored tubular ultrasound transducers to provide 3-D conformal, locally targeted

hyperthermia concomitant to radiotherapy in the cervix. The catheter-based device is
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integrated within a HDR brachytherapy applicator to facilitate sequential and potentially
simultaneous heat and radiation delivery. A family of applicators was fabricated with 1 —
3 tubular transducers operating at 6.6 — 7.4 MHz that are unsectored (360°), bi-sectored
(2x180°), or tri-sectored (3x120° or 135°x135°x90°) for control of energy deposition in
angle and along the device length. The device is housed in a 6 mm diameter PET
catheter with cooling water flow for endocervical implantation. Acoustic output was
characterized by measuring acoustic efficiencies and rotational acoustic intensity
distributions.  Thermal output was assessed by measuring rotational temperature
distributions using benchtop thermometry and MR temperature imaging. Imaging
artifacts were moderate with CT and minimal with MRI. The potential for simultaneous
heat and radiation delivery was assessed by measuring radiation transmittance through
the device, demonstrating a 4 — 6% radiation attenuation. Devices have acoustic output
that is well collimated in length, reflects the sectoring strategy, and is strongly correlated
with temperature distributions. Power control along the device length and in angle is
demonstrated under MR temperature guidance. Dead zones can be oriented for thermal
protection of the rectum and bladder. Theoretical simulation (Chapters 3 & 4) and
experimental analysis point to the feasibility of the endocervical ultrasound device for
clinical implementation in delivering 3-D conformal hyperthermia as an adjunct to HDR
brachytherapy in the treatment of locally advanced cervical carcinoma.

The work in this paper represents part of a published paper (J. H. Wootton, I.-C. J.
Hsu, C. Diederich. An endocervical ultrasound applicator for integrated hyperthermia and
HDR brachytherapy in the treatment of locally advanced cervical carcinoma. Med Phys,

37(12), 2010 (in press)) and conference proceedings article (J. H. Wootton, T. Juang, J.
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Pouliot, I.-C. J. Hsu, C. Diederich. An intrauterine ultrasound applicator for targeted
delivery of thermal therapy in conjunction with HDR brachytherapy to the cervix. Proc.

SPIE, 7181, 1-9, 2009).

5.2 Introduction

The efficacy of thermal therapy depends on the delivery of targeted heating in
close spatial and temporal sequence with conformal radiotherapy, while toxicity depends
on the extent of heating in non-targeted tissue. Thermal dose delivery has been positively
correlated to tumor response, with cumulative thermal dose thresholds of 6 — 10
equivalent minutes at 43°C (EMusoc) required for hyperthermia to exhibit significant
therapeutic enhancement [51, 52, 188, 189]. Inadequate heating techniques resulting in
low thermal dose delivery to tumors have been a primary reason for studies failing to
demonstrate a clinical benefit of adjunct hyperthermia [48-50].

Treatment monitoring is central to verifying that adequate thermal dose is
delivered to the tumor and organs at risk have minimal thermal dose accumulation.
Verification of applicator positioning is the first step towards proper thermal delivery,
and a catheter-based hyperthermia applicators should be compatible with CT and MRI
used for HDR brachytherapy treatment planning. Temperature monitoring during
therapy is critical for feedback power control to guide treatment, especially in the face of
blood perfusion that may change during the course of therapy [201-203]. Adaption of
interstitial catheters for thermometry represents a straightforward method for thermal

monitoring. MRI can also be used to assess temperature distributions with <1°C
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accuracy [18], and compatibility with MRI affords the possibility of non-invasive, 3-D
temperature measurement during administration of hyperthermia.

The objective of this work was to develop and characterize an endocervical
ultrasound applicator that is catheter-based, compatible with standard imaging
techniques, and capable of 3-D conformable hyperthermia delivery adjunct to HDR
brachytherapy. This device, shown in concept in Fig. 5., consists of a linear array of
tubular transducers to provide power control along the device length, with each
transducer divided into acoustically isolated sectors to control energy output in angle.
The device is integrated within the endocavity catheter of a HDR brachytherapy delivery
applicator for minimally invasive, locally delivered heating targeted to the region
surrounding the cervix. The endocervical ultrasound device was developed through a
consideration of clinical target volumes, extensive theoretical analysis, and experimental
characterization. Theoretical investigations into the design, and analysis of temperature
distributions produced by the device is presented in Chapters 3 & 4. Details of device
fabrication are presented in this chapter along with expected device performance based
on imaging, measurement of acoustic output, and assessment of heating patterns. The
potential for simultaneous thermoradiotherapy is explored by measuring radiation

attenuation through the ultrasound device.

5.3 Methods

5.3.1 Applicator Fabrication
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FiG. 5.1: (a) Drawing of endocervical ultrasound applicator integrated within HDR
brachytherapy tandem and ring catheter. 3-D conformal hyperthermia is delivered locally
to the uterine cervix by a linear array of multi-sectored transducers with differential
power control to sectors and transducers. (b) Sagittal MR image of brachytherapy implant

showing the position of the endocervical tandem with respect to cervical target, rectum
and bladder.
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A family of ultrasound applicators was constructed based on input from
biothermal simulations. These devices have 2 — 3 tubular transducers (PZT-4, Boston
Piezo Optics) that are 3.5 mm in diameter, 10 mm in length, and operate within a 6.5 — 8
MHz range. Uncut tubes are employed along with tubes that have been cut through one-
half wall thickness into 2 sectors of 180° (2x180°) or 3 sectors of 120° (3x120°) using an
automatic dicing saw (Disco Corporation). In order to control the size of the dead zone
in acoustic output between sectors, tubes are sectored using either a single cut or two
adjacent cuts with 0.1 — 0.2 mm separation. A polyimide tube (1.47 mm OD, Small
Parts) at the center of the applicator conducts cooling water flow and acts as a base for
mounting the tubular elements. Transducers are mounted on this polyimide tube over
smaller polyimide tubes (0.7 mm OD, Cole-Parmer) and secured in place with silicone
(NuSil Technology) at the transducer edges to maintain air-backing. Transducer sectors
are individually wired with coaxial cable (0.5 mm OD, Temp-Flex Cable) that runs to
Redel RF power connectors (Lemo S.A.) at the back end. The transducer assembly is
covered with a thin layer of epoxy (310M, Epoxy Technology) and polyester heat shrink
(4.8 mm OD, Advanced Polymers). An outer polyimide tubing layer (3.4 mm OD,
Professional Plastics) protects the cables and provides structure.

The ultrasound applicators are housed within a custom catheter modeled after an
endocervical brachytherapy tandem. The PET catheters (Advanced Polymers) have a 6
mm OD with 0.25 — 0.50 mm wall and are formed with a 30° angle at the distal portion to
accommodate the inflection from the vagina to the uterine cavity. Annular water flow
couples acoustic energy between the transducers and catheter and cools the catheter

surface. The back end of the catheter has a hemostasis valve (Qosina Corporation) for
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applicator insertion, positioning in length and angle, and sealing cooling flow. The PET
catheter can replace the endocervical tandem portion of the same diameter in the HDR
brachytherapy applicator (Nuceltron, Inc.) and can be used for brachytherapy delivery.

The fabricated endocervical ultrasound device is shown in Fig. 5..

5.3.2 Acoustic Characterization

Acoustic characterization of endocervical ultrasound applicators consisted of
measuring 1) the frequency of peak electrical impedance magnitude for bare tubes, 2)
acoustic efficiencies of transducers and transducer sectors on completed applicators, 3)
rotational acoustic intensity profiles, and 4) optical displacement

Electrical impedance was determined for unmodified tubes over a 5 — 10 MHz
frequency range using a Network Analyzer (HP 3577A, Hewlett-Packard) and the
frequency corresponding to peak electrical impedance was measured.  Acoustic
efficiencies for all tubes and sectors mounted on fabricated applicators were determined
using a radiation force balance method adapted for cylindrical transducers [204], in
which the device is centered within a brass acoustic reflector with a conical inner surface
to direct acoustic waves towards an absorptive rubber target suspended from an electronic
balance (Mettler AE200-S, Mettler Instrument Corp.). A function generator (Wavetek
273, Wavetek Corp.) with RF Amplifier (ENI 2100L, Electronic Navigation Industries)
was used to apply 3 W electrical power to all transducer sectors. Input electrical power
to the device was measured with a power meter (HP 438A, Hewlett-Packard). Acoustic

efficiency measurements were first acquired over a 0.6 MHz frequency range with 0.1
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FIG. 5.2: Endocervical ultrasound device integrated within HDR brachytherapy delivery
applicators (Nucletron, Inc.). The device is housed in a tipped PET catheter bent at 30°
that replaces the endocervical tandem of the brachytherapy applicator. (a) A 3-element
tandem and ovoid device with power connector and integrated cooling flow. (b,c) 2-
element tandem and ring and 3-element vaginal cylinder devices.

MHz step, centered on the peak frequency determined from the network analyzer, and
then over 0.3 MHz within this range in 0.05 MHz intervals. Three measurements were

acquired at each frequency, with 0.1 — 0.3% standard error.
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Rotational acoustic intensity profiles of endocervical applicators were measured
in deionized, degassed water with a hydrophone scanned under motor control [122]. A
needle-type hydrophone (Onda HNP-0400, Onda Corp.) was positioned at 8 mm from the
device surface with a stepping motor system (XSlide, Velmex Inc.) that moved the
hydrophone along the length of the transducers while the applicator was successively
rotated by a rotational motor (B5990TS Rotary Table, Velmex Inc.). All motors were
under computer control. Plots were obtained over 360° in rotation with 2° angular step
size and 0.25 mm step size along the applicator length. The hydrophone signal was read
on an oscilloscope (HP 54600A, Hewlett-Packard). A function generator (Wavetek 273,
Wavetek Corp.) was used to trigger the amplifiers powering the transducer elements
(500-009 RF Generators, Advanced Surgical Systems, Inc.) with a 50% duty cycle at 200
Hz. The oscilloscope window was adjusted to display only the acoustic signal at the end
of the 200 cycle pulse. Applicators were scanned with all sectors powered to 2 W cm™
surface acoustic intensity at peak acoustic efficiency.

A technique termed optical displacement has been developed as an additional
assessment of rotational acoustic output. A brass target (3 x 10 mm) is aligned with an
ultrasound transducer and positioned at 8 mm from the transducer surface. The
transducer is pulsed and the resulting displacement of the brass target is measured with a
laser sensor. The size of the target is such that the acoustic output is integrated over its
length at each angular position. The transducer is rotated in 2.5° increments over 360° to
produce a rotational optical displacement trace for visualization of angular variations in

acoustic output.

5.3.3 Thermal Characterization
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Short duration heating patterns produced by the devices were investigated in
tissue-mimicking phantom. This phantom has thermal and acoustic properties similar to
soft tissue (k = 0.58 W m™' °C™", x4 = 0.53 dB/cm/MHz) [205]. The applicator was
implanted in an 8 cm diameter cylindrical phantom in a water bath held at 22°C. Cooling
flow was run at 22°C and 60 mL min' (4 = 1000 W m? °C™). Multi-junction
constantan-manganin thermocouple probes (4x2.5 mm spacing, Ella-CZ) encased in
polyimide (0.58 mm OD, Small Parts) and housed in 20-gauge stainless steel needles
(Becton-Dickerson S.A.) were implanted 10 mm from the transducer surface, vertically
centered on the elements, and spaced every 45° around the device. Probe position was
verified by CT. Thermometry data were acquired with a 48-channel HP data acquisition
system (HP 34970A). Transducer sectors were driven at 1 — 2 W cm™ surface acoustic
intensity for 5 minutes at peak acoustic efficiency. The phantom was then allowed to
equilibrate for 3 hours in order to reach baseline temperature. After equilibration, the
applicator was rotated 15° and the sectors were again powered at 1 — 2 W cm™ surface
acoustic intensity for 5 minutes. This procedure was repeated once more in order to

obtain rotational temperature distributions with 15° angular resolution.

5.3.4 Imaging Characterization

Prior to any clinical treatment, the position of the endocervical applicator would
have to be verified with CT or MR. Artifacts could limit accurate determination of
position and registration with treatment planning images. Artifact characterization was

performed by implanting the ultrasound device in ex vivo bovine tissue and performing 1)
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a standard spiral CT scan (transverse plane, 3 mm slice thickness) and 2) a 3T MRI scan
(Te/Tr = 10/100, FOV =24 cm, BW = 15.63 kHz, 5 mm slice thickness).

In addition to thermal characterization performed using benchtop thermometry,
development of heating patterns in 3-D was assessed using MR temperature imaging.
The catheter-based endocavity applicator was implanted in ex vivo porcine tissue and
placed in a 3T MRI. MR scans (Tg/Tr = 14.3/130) were performed based on the widely
used proton resonant frequency shift technique [17]. 2 devices were employed for
heating: 1) a 1-element, 135°x135°x90° applicator at 6.6 — 6.7 MHz and 2) a 2-element,
2x180° applicator at 7.9 — 8.0 MHz. Transducer sectors were powered at 1 — 3 W cm™
for up to 15 minutes, during which time temperature was assessed every 14 seconds.
Tissue was kept at room temperature as well as cooling flow through the device, which

was run at ~100 mL min'.

5.3.5 Radiation Attenuation

The possibility for simultaneous thermoradiotherapy was explored by measuring
the attenuation of radiation transmission from a seed placed within the catheter-based
ultrasound device. A bare catheter (6 mm OD, 0.50 mm wall, PET, Advanced Polymers,
Inc.) was placed in a well-type ionization chamber used for calibration of HDR
brachytherapy seeds. An electrometer records the current produced by the creation of ion
pairs by emitted photons. A HDR brachytherapy source I'”* was moved within the
catheter at 2.5 mm steps from the tip. The same measurement was performed with the
ultrasound device placed within the catheter, and photon transmission was compared to

the bare catheter. Measurements were performed for a 2-element and a 3-element device.
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5.4 Results

5.4.1 Acoustic Output

A summary of peak frequencies, acoustic efficiencies, and dead zone sizes
measured for 6 of the fabricated applicators is given in Table 5.1. Overall acoustic
efficiencies of ultrasound transducers and sectors range from 33.4 — 51.8 % and depend
upon peak electrical impedance magnitude, transducer mounting on the applicator, and
transducer sectoring. Transducer sectors have significantly increased efficiency over
unsectored transducers; 120° and 180° sectors have acoustic efficiencies of 44.1+3.6 %
vs. 39.71£2.6 % for unsectored transducers (p = 0.005, Student’s t-test). The frequency
corresponding to peak acoustic efficiency ranges from 6.60 to 7.45 MHz. Falloff of
efficiency away from peak frequency is moderate and varied, with a 4.7 £ 2.3 % (1.0 —
10.2 %) reduction in efficiency at 0.1 MHz off peak and a 17.3 £ 7.1 % (7.9 — 27.1 %)
reduction in efficiency at 0.2 MHz off peak.

Rotational acoustic intensity plots demonstrate collimated energy output from the
transducers along the device length and directional acoustic output from device sectors
(Fig. 5.). Angular dead zones in acoustic energy between transducer sectors range from
13.8 — 51.0° as defined by the region with relative acoustic intensity <10% of the
maximum within each sector. Electrical isolation between transducer sectors is
demonstrated in Fig. 5., where no acoustic signal is measured when one sector on each

3x120° transducer in a 2-element device is not powered. Rotational acoustic intensity



110

TABLE 5.1: Acoustic characterization of fabricated devices. Frequency ranges
corresponding to peak acoustic efficiencies (mean £ SD) are given for each transducer

along with inter-sector dead zone sizes (angle between 10% acoustic intensity contours).

Applicator Sectoring Elements g\l;lel(}lzl)e ney f(l;gcwncy ]z)oel?: ©)

1 3x120° 2 6.95-7.10 43.8+2.2 45.7+3.3
2 3x120° 2 7.35-7.45 45.1+£4.0 17.8+2.2
3 2x180° 2 6.60 - 6.75 40.5+7.3 19.4+1.3
4 2x180° 3 7.05-7.15 43.5+53 349+£3.0
5 360° 2 7.35 41.1+1.3 none

6 360° 3 7.20 -7.30 403 +3.1 none

plots are well correlated with optical displacement measurements (Fig. 5.5, Fig. 5.6).
Acoustic output within sectors is inhomogeneous with higher intensities generally present
near the edges of elements and sectors and dips in acoustic intensity in the center of
sectors. Acoustic intensity peaks are relatively sharp, with only 0.25 — 1.8% of
measurement points >80% maximum intensity and 1.6 — 11% of points >60% maximum
intensity within transducer sectors. 360° applicators have uniformly higher intensities
over the transducer compared to within sectors of 2x180° or 3x120° applicators; 80 —
92% of measurement points are >20% maximum acoustic intensity and 20 — 50% of
measurement points are >40% maximum intensity for unsectored transducers while for

multi-sectored applicators, 56 — 76% of points within sectors are >20% maximum

acoustic intensity and 14 — 38% of points are >40% maximum intensity.

5.4.2 Thermal Characterization

Rotational temperature distributions in phantom reflect the patterns observed in
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FIG. 5.3: Rotational acoustic pressure-squared distributions in water at § mm from the
device surface. (a) A 2-element, 360° device with collimated beam output. (b) A 3-
element, 2x180° device with discrete zones of higher acoustic intensity separated by
large low acoustic intensity zones between sectors. (¢) A 2-element, 3x120° device with
smaller dead zones between transducer sectors.
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FIG. 5.4: Demonstration of electronic isolation of transducer sectors. A 3x120° device
has 2 sectors active, with the sector spanning 120 — 240° receiving 0 power, and produces
no acoustic output due to bleed over from the other sectors.

the optical displacement and acoustic intensity plots averaged over transducer length.
Zones of reduced temperature elevation correspond to dead zones in acoustic output (Fig.
5.6). Within transducers sectors, greater uniformity is observed in temperature than
acoustic intensity profiles, as variations in acoustic intensity are smoothed by thermal
conduction. The 360° applicator tested had normalized temperature elevation ranging
from 0.87 — 1.0 in rotation around the applicator (Fig. 5.6a) corresponding to a
normalized acoustic intensity range of 0.62 — 1.0. Control of angular temperature

elevation for multi-sectored transducers is achieved by power modulation to individual
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FIG. 5.5: Comparison of acoustic output as assessed by rotational acoustic intensity

measurement and the optical displacement technique for a 3x120° transducer. The
hydrophone and optical displacement target are both 8§ mm from the device.

transducer sectors; Fig. 5.6b demonstrates a normalized temperate elevation of 1.0 with 2
W cm™ surface acoustic intensity applied to the sector spanning 0 — 180° and 0.7 with 1.0
W cm™ surface intensity applied to the sector spanning 180 — 360°. Fig. 5.6¢ shows a tri-
sector applicator with all sectors powered to 2.0 W cm™ surface acoustic intensity or with
the sector spanning 0 — 120° receiving zero power, resulting in a 120° zone with
normalized temperature elevation <0.5 of the maximum. Temperature rise was verified

to be highly reproducible (<0.2°C variation) at the same time point and applicator
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FIG. 5.6: Comparison of normalized temperature elevation in phantom at 10 mm radius
after 5 minutes of heating to rotational acoustic intensity in water at 8 mm for the
applicators used to produce the acoustic intensity distributions in Fig. 6 (intensity is
averaged over the device length every 2° in angle and normalized to the maximum
average intensity): (a) a 360° applicator, (b) a 2x180° applicator with one sector at 2 W
cm™ surface acoustic intensity and the other at 1 W ecm™ surface acoustic intensity, and
(c) a tri-sectored applicator (3x120°) with 2 or 3 sectors active. The normalized output
from the optical displacement technique is shown in (a) and (c).
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position after 3 hour equilibration for various orientations in the phantom.

5.4.3 Imaging Characterization

The CT streaking artifact, as shown in Fig. 5.7, is prominent, due to the dense
PZT crystal used to make the ultrasound transducers. Registration with structures several
cm from the applicator, however, is likely still possible. The MR artifact is minimal even
at 3T, extending 1 — 2 mm from the applicator, allowing MR to be used for precise
applicator positioning.

Additional heating experiments conducted with MR temperature imaging give a
more comprehensive view of the heating profiles of the ultrasound devices. Real-time
monitoring was used to control power to individual sectors and transducers in axial and
coronal slices and heat to several cm depth in tissue. Fig. 5.8 shows thermal images
obtained during heating of ex vivo porcine tissue. Power control along the device length

is demonstrated in Fig. 5.8a-b, while power control in angle is illustrated in Fig. 5.8c-d.

5.4.4 Radiation Attenuation

The reduction in current read by the electrometer when the seed is within the
ultrasound device versus air is shown in Fig. 5.9. Photon emission is lowest when the
seed is under the transducers, where the electrometer current is reduced by 4 — 6% due to
the high density of the PZT ceramic. The footprint of each applicator can clearly be seen
with peaks corresponding to each transducer for the 2- and 3-element devices. Radiation
treatment plans that incorporate the attenuation of the ultrasound device could allow

simultaneous hyperthermia and radiation to be performed.
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(b)

FIG. 5.7: Artifact characterization of the ultrasound applicator implanted in ex vivo tissue
with (a) standard CT or (b) MRI.

5.5 Discussion

The clinical efficacy and adoption of hyperthermia technology relies on its being
straightforward to use, adapted to the tumor site, capable of conformal heat delivery, and
amenable to combination with radiotherapy. The anatomical location of the cervix
allows for access through a natural body cavity for minimally invasive, localized delivery

of heat and radiation. Endocavity applicators in existence for locally targeted heating to
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FIG. 5.8: MR temperature imaging in ex vivo porcine tissue demonstrating thermal
penetration to several cm depth in tissue and the use of power modulation to control
temperature distributions along (a,b) the device length and (c,d) in angle over 5 — 10
minutes.
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various seed positions in the well-type ionization chamber. Photon blockage is indicated
by reduction in current from the chamber.
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the cervix do not provide sufficient penetration or control of heating to be practical.
Deep heating devices, although completely non-invasive, also offer limited control over
thermal distributions with creation of hot spots outside the cervix. The objective of this
work was to develop a device that uses arrays of multi-sectored tubular transducers to
deliver localized heating that is more controllable than existing heating technology so that
a more favorable efficacy-toxicity profile can be achieved by creating a higher
differential between tumor temperatures and temperatures in organs at risk. Control over
thermal delivery, demonstrated in thermal simulation and experiment, is afforded by
power selection to transducer elements and sectors along with orientation of inter-sector
dead zones. Integration of the endocervical applicator with an HDR brachytherapy
catheter facilitates the alignment of conformal hyperthermia with radiation dose profiles.
The intent of this study was to develop an endocervical ultrasound applicator to
deliver conformal hyperthermia concurrent with the HDR boost portion of radiotherapy.
In this setting the tandem catheter is placed during surgery, CT/MR is performed for
position verification and planning purposes to tailor treatment to the target, and
thermometry can be placed in ancillary catheters for treatment monitoring and control.
This intrauterine technology can be complementary with deep heating techniques in the
sense that hyperthermia can be delivered in the HDR brachytherapy session, in addition
to deep regional heating concurrent with the external beam radiotherapy phase of
treatment [46, 206], thereby allowing greater cumulative thermal dose delivery.
Although not investigated in this study, it may be possible to integrate the intrauterine

ultrasound tandem with a Smit Sleeve to allow simple, reproducible insertion and
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placement within the cervix for local hyperthermia delivery sequential to specific
fractions of external beam radiotherapy.

A range in demands on angular heating profile can be accommodated by
modifying the size of acoustic dead zones. By adjusting the width of sector cuts, dead
zones in acoustic output between sectors ranged from 18 to 46° (Table 5.1). In the face
of higher perfusion, an applicator with smaller dead zones could be used to avoid under-
treatment. When organs at risk are in close proximity to the applicator, larger dead zones
can used and aligned with these organs to minimize thermal toxicity. Transducers can
also be sectored to any angular dimension to create dead zones in acoustic output of any
size.

The effects of uniformity of acoustic output within sectors, variations in the inter-
sector dead zones, and acoustic power modulation observable in beam plots and optical
displacement correlate to differences in the resulting temperature elevation in tissue-
mimicking phantom. Temperature profiles are smoothed out with respect to acoustic
intensity by thermal conduction mechanisms, the extent to which depends on the
homogeneity of transducer sectors (Fig. 5.6). Unsectored transducers have more uniform
acoustic output than multi-sectored elements and thus induce more uniform temperature
elevation. The impact of relatively large dips (50-75% reduction from maximum) in
acoustic intensity within sectors are reflected in temperature profiles as much more
moderate dips in temperature (10-25% reduction from normalized maximum). Acoustic
dead zones <20°, even with minimum intensity <5% of the maximum, cause minimal
perturbations in the temperature profile that are comparable to dips in temperature

associated with low intensity zones within sectors. Acoustic dead zones >30° cause more
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prominent drops in temperature (>40% reduction from normalized maximum) that can be
oriented for thermal protection of organs at risk.

Imaging can indicate the location of ultrasound applicators within the tumor
volume prior to treatment. Due to the presence of the streaking artifact in CT images,
treatment planning images for HDR brachytherapy delivery may be obtained without the
ultrasound applicators in place, with implant locations defined by catheter positioning. In
cases where MR is used for treatment planning, which represents a small subset of
patients, there does not seem to be a need to remove ultrasound applicators prior to
imaging. Although catheter positions can be verified in transverse slices, there is no
imaging method that can gauge the insertion depth of ultrasound applicators. The
applicator must be well marked to gauge insertion depth externally by visual inspection.

The 4 — 6% attenuation of radiation emittance by a HDR brachytherapy source
could potentially be accounted for in brachytherapy treatment planning. The exact depth
of the ultrasound device would have to be known, since, as evidenced in Fig. 5.9,
radiation attenuation falls rapidly when the brachytherapy seed is not under the
transducers. Given the inability to ensure device insertion depth with imaging, transducer
position as determined by a combination of imaging and manual inspection of device
length would have to be relayed to brachytherapy treatment planning. In implementing
simultaneous thermoradiotherapy, the benefit of increased cell kill in the tumor must be
weighed against possibly increased toxicity in surrounding tissues, and remains an
important topic of discussion. In this intracavitary setting, the multi-sectored ultrasound
applicator is immediately adjacent to the target tissue and can direct heating to the tumor

while limiting heating of normal tissue at risk, and thus may provide for an improved
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technique to deliver simultaneous heat and radiation while minimizing increased toxicity

to non-targeted tissue.

5.6 Conclusions

An endocervical ultrasound applicator has been developed for locally targeted, 3-
D conformal hyperthermia delivery to the uterine cervix in conjunction with HDR
brachytherapy. The device consists of a linear array of multi-sectored tubular
transducers, allowing control of heating in length and angle. Acoustic and thermal
characterization confirms conformal energy delivery capabilities, and temperature
distributions correlate strongly with acoustic output. The acoustic dead zone between
sectors can be used for thermal protection of organs at risk, and dead zone size can be
controlled by the sectoring technique. Compatibility of the device with CT and MR
imaging for image-guided placement is confirmed, and real-time MR temperature
imaging during sonication for thermometry feedback during sonication is possible. MR
thermometry confirmed the ability to heat several cm in depth and use power control to
tailor thermal profiles. Simultaneous thermoradiotherapy may be feasible by the delivery
of HDR brachytherapy from within the endocervical ultrasound device, but treatment
planning would have to compensate for the 4 — 6% radiation attenuation by the
ultrasound transducers. The endocervical ultrasound device is now under clinical
investigation to assess the safety and feasibility of endocervical ultrasound hyperthermia
in the cervix adjunct to HDR brachytherapy. Hyperthermia delivery can be guided by the
use of treatment planning for a priori selection of proper device sectoring, length, aiming,

and power levels.
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Chapter 6

Clinical Feasibility of Endocavity

Ultrasound Hyperthermia

6.1 Abstract

Catheter-based ultrasound devices have been developed for interstitial and
endocervical heating through theory and experiment. Based on past experiments
demonstrating controlled, conformal heating capabilities, a clinical trial was merited to
investigate the safety and feasibility of catheter-based ultrasound hyperthermia as an
adjunct to HDR brachytherapy in the treatment of cervical cancer. The results of the first
2 treatments in 1 patient involving the use of the endocervical device, the development of
which is detailed in Chapters 3 — 5, are described here. The ability to modulate power to
sectored devices to achieve therapeutic temperatures >41°C throughout the target heating

volume is demonstrated in these treatments.
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This chapter represents work that was presented at the International Symposium
for Therapeutic Ultrasound (C. Diederich, J. Wootton, P. Prakash, V. Salgaonkar, T.
Juang, S. Scott, et al. A Pilot Study of Catheter-Based Ultrasound Hyperthermia with
HDR Brachytherapy for Treatment of Locally Advanced Cancer of the Prostate and

Cervix. International Symposium on Therapeutic Ultrasound, Tokyo, Japan (2010)).

6.2 Introduction

Numerous randomized clinical trials have demonstrated improvements in tumor
control and patient survival when heating at 40 — 45°C is combined with radiotherapy
and/or chemotherapy [40-43, 46, 93]. The temperature effect is cumulative and
thresholds of 6 — 10 equivalent minutes at 43°C (EM43°C) over the course of treatment
have been identified for therapeutic enhancement of radiotherapy/chemotherapy by
hyperthermia administration [50-52]. External microwave arrays used for deep
hyperthermia in the pelvis have demonstrated positive results but typically produce tumor
temperatures <40°C and thermal dose <1.5 EM43°C with similar temperatures in the
rectum and bladder [46, 51, 95, 97]. Interstitial RF and microwave heating technology
produces high temperatures (up to 60°C) at the device surface but heating falls off
quickly in tissue and is sensitive to applicator orientation and phase [193, 195, 207].
Catheter-based ultrasound technology has been developed through theoretical study and
ex vivo and in vivo experiment to deliver localized, 3-D conformal hyperthermia from
within catheters used for HDR brachytherapy administration. These devices can produce
therapeutic heating within tumors with good penetration and control of energy deposition

to avoid over-heating of sensitive organs such as the rectum and bladder. A clinical pilot
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study is underway at UCSF to investigate the feasibility of catheter-based ultrasound
technology to deliver therapeutic levels of hyperthermia adjunct to HDR brachytherapy
in the treatment of locally advanced cervical cancer. The endocervical ultrasound
applicator developed as part of this dissertation has been incorporated in this trial. The

results of two treatments using this device are reported here.

6.3 Methods

6.3.1 Clinical Protocol

A clinical pilot study is currently being conducted at UCSF to evaluate the
feasibility and safety of catheter-based ultrasound hyperthermia integrated with HDR
brachytherapy. Primary and recurrent cervical cancer (Stage IB2 — IVA) is considered (n
= 12). Each patient receives standard chemotherapy, radiation, and HDR brachytherapy.
One hyperthermia session is given per implant, with typically two implants delivered one
week apart. The thermal treatment goal is 40 — 45°C for 60 min. The clinical protocol is
approved under NIH RO1CA122276, FDA Investigational Device Exemption G040168,
and UCSF Institutional Review Board approval H10778-32056-012. Two treatments in

two different implants with the endocervical ultrasound device are analyzed.

6.3.2 Thermal Treatment Planning

During HDR brachytherapy treatment planning and administration, a thermal
treatment plan is generated similar to the methods described in Chapter 4. A physician

has added organ contours to the CT images including rectum, bladder, and radiation
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clinical target volume (CTV). In addition, a hyperthermia target volume (HTV) has been
defined based on the tumor location. The HTV is the target of thermal delivery. Patient
anatomical data are imported into the COMSOL/MATLAB treatment planning platform
and reconstructed. Ultrasound applicator positions are selected based on catheters
implanted for HDR brachytherapy. Initial values for applicator length, transducer
sectoring, aiming direction, and power are set. Parameter selection and treatment
strategies based on earlier work, including the study presented in Chapter 4, were

employed in setting up the clinical treatment.

6.3.3 Catheter-Based Ultrasound Devices

Two types of devices were used to administer catheter-based hyperthermia: 1) a
directly implantable interstitial device and 2) an endocavity device for introduction into
the uterine cavity (Fig. ). The interstitial device is comprised of 1.5 mm diameter
transducers, housed within a 2.4 mm diameter Celcon catheter. The device has 3
transducers with 360° output and a total applicator length of 30 cm. The endocavity
device, presented in Chapter 5, consists of 3.5 mm diameter transducers, housed within a
6 mm diameter polypropylene (PP) catheter (Liberty Medical). The device has 2
transducers with 2x180° output and a total applicator length of 40 cm. Applicators have
an operating frequency of 6.5 — 8 MHz. Both devices have annular cooling water flow to
couple energy between the transducers and catheter, enhance thermal penetration in
tissue, and protect the endometrial lining. A hemostasis valve connects to the catheter for

each applicator and seals cooling flow while allowing for rotation and translation of the
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Fig. 6.1: (a) Interstitial and (b) endocavity applicator used in clinical hyperthermia
delivery with 360° or 2x180° output. The interstitial device is shown within a 13-gauge
implant catheter with inflow and outflow ports conducting annular cooling water flow.

ultrasound device within the catheter. In both cases, the endocavity applicator is powered
for some time before the interstitial applicator is powered.

Catheters implanted for HDR brachytherapy that are not used for radiation
delivery can be used for thermometry. Constantan-manganin thermometry probes with 5
or 7 junctions that are spaced 10 mm apart are employed (Ella-CZ). A 48-channel data
acquisition system (HP34970A) is used to collect temperature information. The
positioning of thermometry probes and thermocouple junctions is planned using in house
MATLAB software. Temperature distributions are monitored during hyperthermia

delivery using a LabVIEW interface. The ultrasound devices are powered by a 32-
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channel RF amplifier (Advanced Surgical Systems) with independent frequency and
power control. Power is monitored and adjusted using a separate LabVIEW interface
based on feedback thermometry. Power values applied to the applicators are converted
from acoustic power values identified in treatment planning and converted to electrical
power using the acoustic efficiency measured by the methods in Chapter 5 for each

transducer or transducer sector.

6.4 Results

To date, 8 cervix implants have been performed with the catheter-based
ultrasound system. 2 of these treatments involved the use of the endocavity device and
will be described in depth. Both treatments proceeded >60 min with no adverse events or
treatment-related toxicities, and therapeutic temperature >41.5°C was achieved
throughout the target volume in both cases. Both treatments were delivered to the same
patient one week apart, and involved the use of 1 endocavity device and 1 interstitial
device, as shown in Fig. 6.2. The interstitial applicators are implanted lateral to the
endocavity applicator. The cooling flow hubs for each device can be seen along with the
thermometry probes used for temperature monitoring.

An anatomical reconstruction is shown in Fig. 6. along with the temperature
elevation during the course of therapy for the first hyperthermia treatment. Initially the
endocavity device receives power and the thermocouple junctions at 12 — 15 mm from
the device are raised >42 — 43°C within ~10 minutes with thermometry points registering

40°C at 26 mm and registering 39°C at 35 — 37 mm (Fig. 6.a). The interstitial device is
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Fig. 6.2: Hyperthermia implant in cervix with endocavity and interstitial applicators.
Cooling flow hubs and tubing can be seen, along with thermocouple probes for
temperature monitoring during therapy.

then powered to extend thermal coverage >41°C to the entire HTV (Fig. 6.b). Although
maximum temperatures along each thermometry catheter are shown, the HTV is covered
with temperatures >41°C throughout the volume.

Temperature elevation for the second treatment is shown in Fig. 6.4. A high
temperature of 48.2°C is achieved between the endocavity and interstitial applicator,

although artifacts of 1 — 2°C can exist at these temperatures due to heating of the
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Fig. 6.3: (a,b) Cervix implant demonstrating the 3D reconstruction of the patient anatomy
and catheter placement in HDR treatment planning. 2-D cross-section CT through cervix
implant and resulting temperature profiles within the cervix and HTV in the first clinical
treatment with (c) the 2x180° endocavity alone or (d) in combination with the 360°
interstitial device. The endocavity device has sector 1 aimed to the patient’s right and
sector 2 to the patient’s left. Temperatures given are the maximum along the length of
the thermometry probe.
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Fig. 6.4: CT cross-section images with temperature overlay for the second treatment with
the 2x180° tandem applicator alone (left) or in conjunction with a 360° interstitial
applicator (right). The endocavity device has sector 1 aimed to the patient’s right and
sector 2 to the patient’s left. Temperatures given are the maximum along the length of
the thermometry probe.

thermometry probe by high ultrasound intensity levels. Temperature near the anterior-
lateral HTV boundary is still 43°C. At the lateral boundary, temperatures of 38°C are
measured, but this thermometry probe is likely deeper in tissue than the HTV due to
alignment issues and patient movement.

Power levels for the endocavity device in the first treatment are intitially set to 1.5
— 3.5 W cm? and then adjusted to 2.8 — 3.2 W cm™ to achieve steady therapeutic
temperatures (Fig. 6.5). In order to extend therapeutic heating laterally, the interstitial
applicator are powered at 3 W cm™ and maintained at 3 — 3.5 W cm™ for the duration of
treatment.

In the second treatment, power levels for the endocavity device ranged from 2 — 4
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Fig. 6.5: Acoustic power values for the 2x180° tandem and 360° interstitial device used
in the first hyperthermia treatment

W cm™ acoustic in order to increase temperatures to therapeutic levels and maintain
therapeutic temperature for >60 min (Fig. 6.6). Sector 2 on each transducer on the
tandem applicator is given higher power, as it is aimed towards the more extensive part of
the HTV to the patient’s left. Power values start at 2 — 2.5 W cm™, increasing to 3 — 3.75
W cm™ by 30 minutes. Between 15 and 30 minutes the interstitial device receives power
to ~2 W cm™. When temperatures >47°C are observed due to the combined heating of

the tandem and interstitial devices, the power values are lowered to 2 — 2.5 W cm™ for
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Fig. 6.6: Acoustic power values for the 2x180° tandem and 360° interstitial device used
in the second hyperthermia treatment

the tandem and 1.5 — 1.75 W cm™ for the interstitial. As peak temperatures come down,
power is increased to 2.25 — 3.5 W cm? for the tandem and 2 — 2.5 W cm? for the

interstitial device until the completion of the hyperthermia session at ~75 minutes.

6.5 Discussion/Conclusions

The initial feasibility of catheter-based endocervical and interstitial ultrasound
hyperthermia integrated with HDR implant for treatment of cervical cancer has been

demonstrated. Catheters implanted for HDR brachytherapy delivery were used for
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ultrasound applicator introduction following radiotherapy.  Additional catheters
implanted in the treatment volume were used for introduction of thermometry probes and
up to 36 temperature channels were monitored. Temperature feedback was important to
guide power control of the endocavity and ultrasound devices, which varied from 1 —4 W
cm™ acoustic, to maintain therapeutic temperature >40 — 41°C without causing excessive
temperature elevation in the tumor or in the rectum and bladder. The endocavity tandem
applicator generated therapeutic temperatures greater than 2 cm diameter, and in good
agreement with simulations. Power levels agreed well with the power levels from
treatment planning simulations in Chapter 4. High temperatures >48°C were observed
but may include an artifact of ~2°C. These artifacts are much smaller at lower
temperatures due to lower incident ultrasound energy that causes self-heating of the
thermometry probe. The extent of the artifact can be assessed by examining the
temperature trace after power is turned off, although catheter and patient movement can
confound this assessment. Despite temperatures >48°C measured, the patient treated in
this study did not have any treatment-related complications, and after 4 months of follow-
up was disease free. Although this is only one case, it demonstrates that catheter-based
ultrasound thermal therapy can be feasible and effective.

Additional patients will be treated with the combination of endocavity and
interstitial devices. Temperature distributions will be further analyzed to characterize
volumetric thermal dose delivery, and temperature distributions achieved during clinical
hyperthermia will be compared to thermal treatment plans to verify the model accuracy.

Attempts are being made to speed up optimization methods so that it may be possible to
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optimize planned thermal delivery within the timeframe of brachytherapy delivery rather

than iteratively run forward plans.
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Chapter 7

Conclusions and Future Directions

7.1 Research Summary

The goals of this project were twofold: 1) to investigate the factors influencing
thermal therapy delivery and devise treatment strategies with a focus on treating target
volumes in the pelvis while limiting heating of non-targeted structures, and 2) to develop
an endocavity ultrasound applicator based on theoretical and empirical analysis for
locally targeted hyperthermia in the uterine cervix. Extensive studies using biothermal
modeling deepened an understanding of ultrasound applicator parameters on temperature
distributions in tissue, and will continue to contribute to future applicator design.
Lessons learned from simulation work were put into practice in the design of a catheter-
based, intrauterine ultrasound hyperthermia applicator capable of highly conformal heat
delivery. Acoustic and thermal evaluation confirmed tailored heating capabilities. The

feasibility of implementation in a clinical hyperthermia treatment was demonstrated in
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one patient, in which therapeutic heating levels were delivered throughout the target
volume in conjunction with HDR brachytherapy, and who was disease-free after 4
months of follow-up.

The study of transurethral ultrasound delivery and its influence on pelvic bone
heating clearly has implications for prostate ablation treatments, but also for the use of
any other ultrasound devices in close proximity to bone or other highly attenuating tissue.
A variety of device types was considered in analyzing planar, curvilinear, and tubular
transducers over a wide frequency range. Full acoustic field calculations were employed
to improve temperature accuracy. Information about the extent of bone heating with the
variety of parameters considered holds importance for avoiding toxicity during thermal
therapy, but also has therapeutic implications for efforts to selectively treat bone
metastases [208, 209]. Transducer shape and frequency selection affect thermal
penetration in tissue, with influence on heating capabilities, toxicity, and treatment time.
The frequency effect is not straightforward; although low frequency increases heating of
bone at a distance, higher frequency may increase heating of bone in close proximity
despite decreased thermal penetration. Since lower frequency decreases treatment time
due to more rapid tissue coagulation in depth, thermal dose deposition in bone may be
reduced despite higher bone temperatures. The complicated interaction of ultrasound
transducer parameters will necessitate patient specific treatment planning for appropriate
device selection. Tubular transducers are advantageous in their ability to coagulate large
tissue volumes in a short amount of time with limited heating of non-targeted tissues

beyond the treatment zone.
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Development of the endocavity ultrasound device was warranted by an initial
investigation into heating capabilities in relation to tumor volumes encountered in the
clinic. Radiation clinical target volumes averaged 4 cm in diameter, and tumors that
represent the true hyperthermia target are contained within these volumes. Therapeutic
heating could be delivered by the endocavity ultrasound device to a 4 — 5 cm diameter
with low maximum temperature (Tma = 45°C) at moderate perfusion (I kg m> s™)
through an implant catheter in biothermal simulations to cover tumor volumes. Multi-
sectored transducers can be used to deliver heating to eccentric targets or dead zones
between sectors oriented for thermal protection of organs at risk. The importance of
thermal protection and power control is emphasized by the close proximity of the rectum
and bladder to the cervix. It was presumed that interstitial catheters implanted for HDR
brachytherapy delivery could be used for feedback thermometry to guide clinical
hyperthermia treatments.

Further theoretical investigation into the feasibility of hyperthermia delivery by
the endocervical ultrasound applicator was made using a 3-D, patient-specific treatment
planning and optimization model. The heating performance of the endocervical device
alone or in conjunction with interstitial devices in regular implant configurations and in
the optimized treatment of actual patient target volumes with minimal heating of organs
at risk was assessed. Therapeutic heating with Tgy > 40°C could be obtained in difficult
to treat targets with Ty = 47°C and temperature elevation in rectum and bladder below
levels linked to toxicity. The use of sectored interstitial and a multi-sectored endocavity
device was critical to achieving therapeutic goals. Interstitial devices can effectively

extend lateral penetration of the endocavity applicator into the parametrium to increase
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the therapeutic heating volume without increasing heating in organs at risk. Blood
perfusion has a prominent effect on temperature distributions, and thermal feedback will
be highly important to guide power control in order to maintain therapeutic heating in the
face of unpredictable and variable perfusion levels. The safest treatment strategy is to
optimize powers with a low perfusion value, and then increase power under thermal
guidance as necessary to improve thermal coverage of the target. Irregularly- and
closely-spaced catheters for the brachytherapy implant in the target volume limited
effective heating, and as many catheters as possible should be implanted spaced at 15 —
30 mm throughout the target volume to improve thermal coverage.

A family of endocavity ultrasound devices was fabricated with applicator
parameters based on biothermal simulation results. These devices consisted of 1 — 3
unsectored or multi-sectored transducers. Given the utility of the inter-sector dead zones
in providing thermal protection of rectum and bladder, the sectoring technique was
modified over the course of device development to be able to control the size of the dead
zone, with one cut for smaller dead zones and two cuts with variable spacing for larger
dead zones. Imaging compatibility was verified with minimal MR artifact and moderate
CT streaking artifact. Simultaneous hyperthermia and HDR brachytherapy using the
endocavity ultrasound device has potential, if the 4 — 6 % radiation attenuation by the
transducers can be accounted for in radiation treatment planning. Collimated acoustic
output from electrically isolated sectors was observed in beam plots. Benchtop
measurements of rotational temperature distributions in phantom have strong correlation
with acoustic output assessed by beam plots and optical displacement. 3-D thermometry

afforded by MR temperature imaging confirmed conformal heating capabilities with
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power control to tailor thermal delivery along the device length and in angle. Thermal
experimentation established the ability of the device to heat to a depth of several cm in
phantom and ex vivo tissue.

Feasibility for clinical hyperthermia delivery by catheter-based ultrasound devices
was supported by extensive theoretical work investigating heating profiles, planning
thermal treatment of actual patient clinical volumes, and experimental analysis fully
characterizing acoustic and thermal output of devices that demonstrated 3-D conformal,
controllable thermal delivery. Clinical implementation of catheter-based ultrasound is
further supported by numerous prior in vivo animal studies, primarily for prostate
ablation, demonstrating safety and controllability of the technology. The biological and
clinical justification for hyperthermia as an adjunct to HDR brachytherapy is well
documented. The pilot trial at UCSF is intended to advance the use of catheter-based
ultrasound in providing clinical hyperthermia for pelvic malignancies, with the aim of
treating 12 patients for prostate cancer and 12 patients for cervical cancer. Interstitial
ultrasound devices have been employed thus far for the treatment of 4 prostate and 8
cervix cases, with therapeutic heating longer than 60 minutes achieved in all cases with
no adverse events reported. The details of one of the cervical cancer cases, which
involved the use of the endocavity ultrasound device developed as part of this dissertation
project, are presented in this report. 2 treatments were administered to the patient using
the endocavity device along with an interstitial device. Temperatures >41°C were
achieved throughout the target volume for 65 — 75 minutes using power control guided by
feedback from interstitial thermometry, and at 4 months the patient had no evidence of

residual disease. Although this represents only one case, initial safety, feasibility, and
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efficacy of clinical hyperthermia using the endocavity ultrasound device was

demonstrated.

7.2 Future Directions

The ability of sectored tubular transducers to rapidly coagulate portions of the
prostate in a short period of time with limited bone heating was demonstrated. The 90°
sectored tubular device in this work would have to be rotated to treat the entire prostate.
Multi-sectored applicators can potentially treat the entire prostate gland without rotation,
using tailored power levels to each sector to control the angular thermal profile. The
influence of these devices on treatment time and bone heating should be investigated,
particularly using a strategy involving alignment of sector cuts with bone, similar to
alignment of sector cuts with rectum and bladder in cervical hyperthermia demonstrated
in Chapters 3 & 4. Prostate gland volumes and pelvic bone positions from patient
imaging data can be used to more accurately model bone heating in clinical treatments.
An investigation into the use of more sophisticated power control strategies and effects
on prostate treatment and bone heating is also warranted. Modeling of pelvic bone
heating should be incorporated into the thermal treatment planning software described in
Chapter 4 as a consideration in thermal delivery.

Modifications to the endocavity device can be made to improve its performance,
particularly with regards to treatment monitoring. It may be possible to package
thermometry probes based on nitinol wire that deploy when the applicator is implanted
for additional thermometry information. Flat thermometry probes can also be integrated

into the catheter to allow for temperature readings at the contact with tissue. This could
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be important for ensuring that the endometrium does not overheat, which could lead to
tissue sloughing and bleeding. Endometrial and additional catheter cooling can also be
facilitated by the use of a cooling balloon on the outside of the catheter. This balloon
would also aid in coupling the applicator to tissue in order to avoid air gaps. Additional
cooling of the catheter would aid thermal penetration, as the maximum temperature
would be pushed further into tissue. It may be possible to modify the applicator to treat
larger volumes by adding additional ultrasound transducers, such as an annular transducer
or multiple planar tranducers along the surface of the ring portion of the tandem and ring
brachytherapy applicator. This would supplement the lateral thermal coverage of the
device, important for disease that has invaded the parametrium. Integration of imaging
markers into the device would aid placement. The device could be made more
sophisticated by the incorporation of ultrasound imaging transducers so that applicator
placement could in part be verified from within the device.

Methods for applicator quality assurance continue to improve, which will aid in
translating benchtop measurements of acoustic output into clinical device performance.
The optical displacement measurement may provide a faster, more relevant indication of
acoustic output as it translates to temperature distribution. Further correlation of acoustic
output measured by rotational acoustic intensity mapping and optical displacement to
temperature distributions in theory and experiment is merited. Additional
characterization of the relationship between cut size, acoustic dead zone, and thermal
dead zone will aid future applicator design.

Further investigation into the possibility for simultaneous thermoradiotherapy is

warranted. Although initial testing has demonstrated a small but significant reduction in
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radiation emission when a radioactive seed is within the ultrasound transducers, there has
been no testing of the spatial variation in radiation dose profile. Radiation dose profiles

192 seed within the ultrasound

can be computed using Monte Carlo simulation for an Ir
device, and would provide more insight into the effects of radiation attenuation by the
device on overall radiation dose distributions. It may be possible simply to increase
dwell times of the seed to compensate for radiation attenuation by the ultrasound device,
and this possibility should be further studied. Radiation dose delivery can also be
visualized using radiographic film, which reacts to change brightness in proportion to the
quantity of incident photons from the radioactive source. This would allow direct
experimental determination of radiation dose falloff from a brachytherapy seed within the
applicator.

The clinical trial will continue with the treatment of 6 additional cervix patients,
although the number that will be treated with the endocavity device is unknown. Other
applicators will be fabricated in addition to the 3-element, 360° device and 2-element,
2x180° device currently available to allow more versatility in treating lesions of various
size and shape. The aim will be to encourage introduction of as many catheters as is
feasible in order to improve thermal coverage of the target volume and increase the
amount of thermal feedback during treatment.

The quality of hyperthermia delivery in patients treated so far, along with patients
to be treated, has yet to be characterized in terms of cumulative thermal dose delivery to
the target and to organs at risk. This will be important for determining not only the
feasibility of delivering catheter-based ultrasound hyperthermia in the cervix, but

verifying the ability to repeatedly deliver therapeutic levels of heating throughout the
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target volume. Temperature and thermal dose characterization will also be important for
validating the accuracy and utility of thermal treatment planning. So far, thermal
treatment planning has been used as a base for setting initial power levels, but resulting
temperature distributions in the clinic have not been directly compared to thermal
models.

Optimal clinical hyperthermia would be delivered using automated feedback
power control based on thermometry within the tumor. Development of control
algorithms is a focal point of current research and will result in improved quality of
hyperthermia. The most important factor that influences the ability to verify thermal
delivery is the number of thermometry points in the tumor. The clinical experience thus
far has been that there are occasions where limited catheters and thus limited
thermometry is available, due to the desire of the physician to limit morbidity from the
implantation of additional catheters. MR temperature imaging can get around limitations
on implanted thermometry but is costly. Methods under development for CT- or
ultrasound-based thermometry so far do not have temperature resolution sufficient for
assessing heating in the hyperthermia range, but future development may make these
methods more relevant for mild heating. Thermally-sensitive liposomes can possibly be
used as contrast agents for imaging, where a rapid transition occurs at a particular
temperature, so that the heating boundary can be visualized. Additional work is needed
to fine-tune these agents to undergo transition at a particular temperature and within a
narrow range.

The utility of the endocervical ultrasound device may go beyond hyperthermia in

the cervix. The device can possibly be adapted for endocavity thermal treatment of other
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sites such as the esophagus [210] and bile duct [211]. The targeted release of anti-
oncogenic or anti-angiogenic drugs packaged in liposomes by the thermal and
mechanical effects of ultrasound as an enhancement to therapy is possible. Non-
oncologic indications of endocervical ultrasound may include thermal ablation of uterine
fibroids or endometrial ablation for management of uterine bleeding, treatments that have
been performed with radiofrequency and laser devices [212, 213].

It is my hope that the endocavity ultrasound device developed in this report, with
safety and feasibility further demonstrated in the pilot trial at UCSF, will undergo more
widespread clinical adoption for hyperthermia delivery. This applicator was developed
through extensive parametric theoretical study and empirical characterization that drove
iterative applicator design and refinement. A patient-specific focus with thorough
analysis of potential target volumes from CT and MR imaging was introduced from the
outset, maintained throughout the design process, and produced a device with expected
performance based on prior analysis during clinical implementation. The extension of
the catheter-based endocavity device to other therapeutic uses and other sites based on
patient-specific analysis of the treatment site and thermal goals can further its overall
adoption. As a result of this project, it is also my hope that the impact of bone in the
treatment field becomes an important component of treatment planning for ultrasound

thermal therapy, particularly in prostate treatment.
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