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Abstract 

 

Endoluminal Ultrasound Applicators for Thermal Therapy of Pancreatic Tumors 

by 

Matthew Sean Adams 

Doctor of Philosophy in Bioengineering 

University of California, San Francisco and University of California, Berkeley 

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

 

The goals of this work are to investigate the feasibility of endoluminal ultrasound for delivering 

thermal ablation and hyperthermia to pancreatic tumors, and to perform a comprehensive design 

analysis of both practical and more intricate ultrasound applicator configurations suitable for 

endoluminal thermal therapy.  

 A platform for modeling the 3D acoustic, temperature, and thermal dose distributions 

generated from endoluminal ultrasound applicators and applied to pancreatic tumors and 

surrounding anatomy was developed. Performance ranges of practical endoluminal applicator 

designs were determined through comprehensive parametric analyses of applicator design and 

expected tissue parameters. Modeling studies in patient specific anatomies highlighted the 

capability of endoluminal ultrasound applicators positioned in the duodenum or stomach to deliver 

conformal and volumetric ablation or hyperthermia of pancreatic tumors with boundaries within 

3-4 cm of the luminal wall while mitigating thermal damage to surrounding sensitive tissues. 

A family of MR-compatible endoluminal ultrasound applicators, with distinct transducer 

configurations (~3 MHz, planar or curvilinear-focused) were designed, fabricated, and 
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acoustically-characterized using bench-top methods. The capability of these applicators to be 

endogastrically delivered within the GI tract and to generate ablative temperature distributions in 

pancreatic tissue was evaluated in ex vivo and in vivo porcine studies, performed under MR 

navigation guidance and real-time treatment monitoring using MR temperature imaging. 

Preliminary acute studies in four in vivo pigs demonstrated the capabilities of the applicators to 

generate ablative temperature elevations of ~20-30 °C in pancreatic tissue at ~2-3 cm depths from 

the applicator, resulting in histologically-verified localized thermal lesions. 

 Novel endoluminal ultrasound applicator configurations that integrate deployable balloon-

based acoustic reflector and fluid lens components were introduced and analyzed using theoretical 

modeling analysis and preliminary experimental validation. These applicators would be 

endoluminally delivered in a small profile, then expanded at the target luminal site to enhance the 

effective therapeutic aperture. A modeling framework, incorporating wave refraction and 

reflection at material interfaces was developed and used to perform comprehensive parametric 

studies for “end-firing” and “side-firing” design alternatives. Simulation studies illustrated the 

capability of these designs to achieve more localized thermal lesion formation and deeper 

penetration (up to 8-10 cm) as compared to conventional endoluminal ultrasound applicator 

designs. 

 

 

 

 

 

 



vii 

	

Contents	

Chapter 1 ..........................................................................................................................................1 
1  Introduction ..............................................................................................................................1 

1.1  Thermal therapy .........................................................................................................1 
1.1.1  Thermal ablation .....................................................................................2 
1.1.2  Hyperthermia ..........................................................................................3 
1.1.3  Thermal dose ..........................................................................................4 

1.2  Therapeutic ultrasound ...............................................................................................6 
1.2.1  Basic physics35‐40....................................................................................6 
1.2.2  Generation of ultrasound ......................................................................10 
1.2.3  Acoustic field modeling........................................................................12 
1.2.4  Ultrasound heating devices ...................................................................16 
1.2.5  Mechanical effects of ultrasound ..........................................................20 

1.3  MR temperature imaging .........................................................................................21 
1.4  Biothermal modeling ...............................................................................................25 
1.5  Thermal therapy of pancreatic cancer ......................................................................27 
1.6  Research goals .........................................................................................................29 

1.6.1  Dissertation content ..............................................................................31 
Chapter 2 ........................................................................................................................................34 
2  Thermal therapy of pancreatic tumors using endoluminal ultrasound: parametric and patient-

specific modeling ...................................................................................................................34 
2.1  Abstract ....................................................................................................................34 
2.2  Introduction ..............................................................................................................35 
2.3  Materials and Methods .............................................................................................36 

2.3.1  Endoluminal ultrasound applicator .......................................................36 
2.3.2  Theory ...................................................................................................39 
2.3.3  Parametric studies .................................................................................41 



viii 

2.3.4  Patient anatomy models ........................................................................44 
2.4  Results ......................................................................................................................47 

2.4.1  Parametric studies .................................................................................47 
2.4.2  Patient anatomy models: .......................................................................53 

2.5  Discussion ................................................................................................................61 
2.6  Conclusion ...............................................................................................................66 

Chapter 3 ........................................................................................................................................67 
3  Endoluminal ultrasound applicators for MR-guided thermal ablation of pancreatic tumors: 

preliminary design and evaluation in a porcine pancreas model. ...........................................67 
3.1  Abstract ....................................................................................................................67 
3.2  Introduction ..............................................................................................................69 
3.3  Materials and Methods:............................................................................................71 

3.3.1  Endoluminal ultrasound applicator fabrication ....................................71 
3.3.2  Acoustic characterization .....................................................................74 
3.3.3  MRI experimental setup and RTHawk software platform ...................75 
3.3.4  MRTI thermometry validation ..............................................................76 
3.3.5  Heating characterization in MR guided ex vivo muscle tissues ...........77 
3.3.6   Applicator delivery and heating characterization in MR guided ex vivo 
porcine cadaver experiments ...................................................................................77 
3.3.7  MR guided in vivo porcine experiments ..............................................79 

3.4  Results ......................................................................................................................81 
3.4.1  Acoustic characterization: ....................................................................81 
3.4.2  MRTI experimental validation .............................................................83 
3.4.3  Heating characterization in MR guided ex vivo muscle tissues ...........83 
3.4.4   Applicator delivery and heating characterization in MR guided ex vivo 
porcine cadaver experiments ...................................................................................84 
3.4.5  MR guided in vivo porcine experiments ..............................................88 

3.5  Discussion ................................................................................................................96 
3.6  Conclusions ............................................................................................................101 

Chapter 4 ......................................................................................................................................102 
4  Integration of deployable fluid lenses and reflectors with endoluminal ultrasound applicators: 

preliminary investigations of enhanced penetration depth and focal gain ...........................102 
4.1  Abstract ..................................................................................................................102 
4.2  Introduction ............................................................................................................104 
4.3  Methods..................................................................................................................109 

4.3.1  Acoustic modeling theory ...................................................................111 
4.3.2  Fluid lens analysis ..............................................................................115 
4.3.3  Influence of applicator design parameters on focal properties ...........116 
4.3.4  Experimental validation ......................................................................118 
4.3.5  Biothermal modeling theory ...............................................................119 



ix 

4.3.6  Simulated temperature distributions from deployable assemblies .....120 
4.4  Results ....................................................................................................................122 

4.4.1  Fluid lens analysis ..............................................................................122 
4.4.2  Influence of applicator design parameters on focal properties ...........123 
4.4.3  Experimental validation ......................................................................131 
4.4.4  Simulated temperature distributions from deployable assemblies .....132 

4.5  Discussion ..............................................................................................................137 
4.6  Conclusions ............................................................................................................144 

Chapter 5 ......................................................................................................................................146 
5  Conclusions and future work ................................................................................................146 

5.1.1  Research summary ..............................................................................146 
5.1.2  Future directions .................................................................................149 

Bibliography ................................................................................................................................153 
Appendix A ..................................................................................................................................171 

A.1  Introduction ...................................................................................................................171 
A.2  Design............................................................................................................................172 

A.2.1  Overview ............................................................................................172 
A.2.2  Control handle ....................................................................................173 
A.2.3  Pulley subassembly ............................................................................175 
A.2.4  Articulation rings ................................................................................176 

A.3  Fabricated prototypes ....................................................................................................177 
A.4  Discussion .....................................................................................................................179 

Appendix B ..................................................................................................................................180 
B.1  Introduction ...................................................................................................................180 
B.2  Volumetric end-fire/side-fire deployable assemblies ....................................................181 
B.3  End-fire with 1D phased array and conical/parabolid reflector ....................................185 

 



x 

	

List	of	Tables	

Table 2.1  Material properties used in acoustic and biothermal modeling. ...................................41 

Table 2.2 General anatomical characteristics of patient anatomy models of pancreatic tumors.. .45 

Table 2.3  Parameters and outcomes for patient anatomy ablation simulations. ...........................54 

Table 2.4  Parameters and outcomes for patient anatomy hyperthermia simulations. ..................56 

Table 3.1  Transducer specifications for endoluminal ultrasound applicator configurations. .......72 

Table 3.2  Experimental details and MRTI T > 15 °C contour dimensions for ex vivo porcine 
cadaver heating trials of pancreatic tissue. ....................................................................................88 

Table 3.3  Sonication parameters and details for in vivo porcine pancreas heating experiments. 89 

Table 4.1  Acoustic properties of prospective lens fluids and water. ..........................................116 

Table 4.2  Material properties of tissues used in biothermal modeling studies. ..........................122 

 

 

 



xi 

	

List	of	Figures	

Figure 1.1 Reflection and transmission of an incident wave at an interface between two media with 
different acoustic properties. ............................................................................................................9 

Figure 1.2  Simulated longitudinal intensity distribution in water for a 25.4 mm diameter, 1.5 MHz 
flat disk transducer. ........................................................................................................................14 

Figure 2.1 Schema and concepts of an endoluminal ultrasound applicator positioned in the GI tract 
for thermal therapy of pancreatic tumors. . ....................................................................................37 

Figure 2.2  Endoluminal ultrasound applicator transducer configurations. ...................................38 

Figure 2.3 3D generalized pancreatic tumor model employed for parametric studies of endoluminal 
ultrasound thermal therapy. ...........................................................................................................42 

Figure 2.4  Cross-sectional temperature distributions and 240 EM43°C contours for ablation studies 
in the generalized tumor model. .....................................................................................................48 

Figure 2.5 Effects of transducer configuration and operating frequency on ablation. ..................49 

Figure 2.6  Effects of radius of curvature for curvilinear transducers on ablation ........................50 

Figure 2.7  Effects of pancreatic tissue attenuation coefficient on ablation. .................................52 

Figure 2.8  Effects of transducer configuration and operating frequency on hyperthermic 
temperature distributions. ..............................................................................................................53 

Figure 2.9  3D model and temperature/thermal dose distributions generated for the Example 1 
anatomy. .........................................................................................................................................55 

Figure 2.10  3D model and temperature/thermal dose distributions generated for the Example 2 
anatomy. .........................................................................................................................................57 



xii 

Figure 2.11 3D model and temperature/thermal dose distributions generated for the Example 3 
large pancreatic head tumor anatomy. ...........................................................................................59 

Figure 2.12  Maximum temperature distributions and 240 EM43 °C	contours after ablation treatment 
for the Example 4 body tumor model. ...........................................................................................60 

Figure 3.1  Schema and concepts of an endoluminal ultrasound applicator positioned in the GI 
tract for thermal therapy of pancreatic tumors. ..............................................................................71 

Figure 3.2  Design schematics for the dual planar, dual lightly-focused curvilinear, dual strongly-
focused curvilinear, and single strongly-focused curvilinear endoluminal ultrasound applicators..
........................................................................................................................................................72 

Figure 3.3 Fabricated endoluminal ultrasound applicators. ...........................................................74 

Figure 3.4  Normalized pressure-squared distributions in degassed water for each endoluminal 
applicator configuration. ................................................................................................................82 

Figure 3.5  Relative temperature change measurements during a heat in tissue-mimicking phantom 
using the dual planar applicator. ....................................................................................................83 

Figure 3.6  MRTI temperature distributions produced during sonications in ex vivo pork shoulder 
and pork sirloin meat slabs.. ..........................................................................................................84 

Figure 3.7  Active tracking coils localization using a Hadamard-encoded tracking sequence. .....85 

Figure 3.8  Placement of the dual planar endoluminal ultrasound applicator in ex vivo porcine 
stomach lumen adjacent to pancreatic tissue.. ...............................................................................86 

Figure 3.9  MRTI slice prescription and temperature distributions generated in ex vivo pancreatic 
tissue using the dual planar applicator. ..........................................................................................86 

Figure 3.10  MRTI slice prescription and temperature distributions generated in ex vivo pancreatic 
tissue using the dual lightly-focused curvilinear applicator. .........................................................87 

Figure 3.11  T2-weighted sagittal MRI images illustrating placement and visualization of the 
endoluminal ultrasound applicators in in vivo porcine experiments. .............................................90 

Figure 3.12  Temperature distributions generated in pancreatic tissue in vivo in Pig 1 using the dual 
planar applicator.............................................................................................................................90 

Figure 3.13  Temperature distributions generated in pancreatic tissue in vivo in Pigs 2 and 3 using 
the dual planar and dual lightly-focused applicators. ....................................................................92 

Figure 3.14  Temperature distributions generated in pancreatic tissue in vivo in Pig 4 using the dual 
strongly-focused applicator.. ..........................................................................................................93 

Figure 3.15  Contrast-enhanced T1w images depicting non-perfused volumes in the pancreas as 
verification of thermal lesion formation. .......................................................................................94 



xiii 

Figure 3.16  Gross appearance of thermal lesions on excised pancreatic tissues.. ........................95 

Figure 3.17  Pancreatic histopathology. .........................................................................................96 

Figure 4.1  Schematics of two ultrasound applicator designs that each integrate a multi-
compartment balloon that serves as a deployable acoustic reflector and fluid lens. ...................109 

Figure 4.2  Simplified ray traces of acoustic propagation.. .........................................................111 

Figure 4.3  Proof-of-concept end-fire applicator assembly. ........................................................118 

Figure 4.4  Generic tissue block model for thermal simulations of endoluminal ablation of liver or 
pancreatic tissue.. .........................................................................................................................121 

Figure 4.5  Normalized energy transmission through the convex interface of the fluid lens. .....123 

Figure 4.6  Simulated acoustic intensity gain distributions in water for the end-fire applicator 
assembly. ......................................................................................................................................124 

Figure 4.7  Focal gain of the end-fire applicator assembly. .........................................................126 

Figure 4.8  Focal gain of the side-fire applicator assembly. ........................................................127 

Figure 4.9  Axial length of the focal zone for the end-fire applicator assembly. ........................128 

Figure 4.10  Transverse width of the focal zone for the end-fire applicator assembly. ...............129 

Figure 4.11  Axial length of the focal zone for the side-fire applicator assembly. ......................130 

Figure 4.12  Transverse dimensions of the focal zone for the side-fire applicator assembly. .....130 

Figure 4.13  Effects of transducer frequency, tissue attenuation, and focal depth on focal properties 
for the end-fire applicator assembly. ...........................................................................................131 

Figure 4.14  Normalized beam plots for the experimental end-fire test applicator assembly at 
increasing focal lengths or distensions of the fluid lens.. ............................................................132 

Figure 4.15  Simulated temperature distributions in pancreatic tissue using an end-fire applicator 
assembly. ......................................................................................................................................133 

Figure 4.16  Simulated temperature distributions in pancreatic tissue using a side-fire applicator 
assembly. ......................................................................................................................................134 

Figure 4.17  Results of thermal simulations using two select end-fire applicator assembly 
configurations and a side-fire applicator configuration in endoluminal ablation of pancreatic or 
liver tissue.. ..................................................................................................................................136 

Figure A.1  CAD schematic of the MR-compatible endoluminal ultrasound applicator with 
articulated steering capabilities. ...................................................................................................173 



xiv 

Figure A.2  Control handle assembly. .........................................................................................174 

Figure A.3  Pulley subassembly that controls pull-wire tension and tip articulation. .................175 

Figure A.4  Omnidirectional articulation assembly. ....................................................................176 

Figure A.5  Prototype endoluminal ultrasound applicator with endoscopic tip articulation 
capabilities.. .................................................................................................................................177 

Figure A.6  T2w MR image illustrating delivery of the prototype assembly through the porcine 
esophagus in vivo. ........................................................................................................................178 

Figure A.7  Prototype endoscopic tip articulation assembly with improved ring design. ...........178 

Figure B.1  Schematic of the deployable ultrasound applicator assemblies with no distal fluid lens 
compartment. ...............................................................................................................................181 

Figure B.2  Simulated endoluminal hyperthermic temperature distributions in pancreatic tissue for 
end-fire applicator assemblies without  focusing fluid lens compartments.. ...............................183 

Figure B.3  Simulated endoluminal hyperthermic temperature distributions in pancreatic tissue for 
the side-fire applicator assembly without a focusing fluid lens compartment. ............................183 

Figure B.4  Design schema for end-fire deployable assemblies with a tubular transducer phased-
array source. .................................................................................................................................186 

Figure B.5  Cross-sectional view of the deployable end-fire assembly with a parabolid balloon 
reflector.. ......................................................................................................................................187 

Figure B.6  Focal gain from parabolid reflector geometries of varying geometric focal depths. 188 

Figure B.7  Central axial intensity gain profile for a deployable applicator assembly consisting of 
a conical balloon reflector and a tubular phased-array. ...............................................................190 

Figure B.8  Central axial intensity gain profiles for deployable applicator assemblies with a tubular 
transducer phased-array and a conical or parabolid reflector balloon. ........................................191 

 

  



1 

 

Chapter	1	

1 Introduction	

1.1 Thermal therapy 

Thermal therapy is a general term that encompasses the medical application of heat or cold to the 

body. As applied for cancer treatment, thermal therapy is typically subdivided into three distinct 

therapies that span different temperature ranges. Cryotherapy directly destroys cancerous tissues 

through exposure to lethal freezing temperatures of < -50 °C.1,2 Hyperthermia encompasses mild 

temperature elevation to 39-45 °C, and is often used in conjunction with chemotherapy or radiation 

therapy.3-5 Thermal ablation destroys cancerous tissues through exposure to high temperatures 

above 50 °C.1,6 For each form of thermal therapy, cancer treatment revolves around the selective 

targeting and treatment of cancerous tissues while mitigating harmful exposure to normal tissues. 

To fulfill this overarching goal, a variety of electromagnetic (EM) and ultrasonic (US) energy 

sources have been adapted into therapeutic applicators to control the delivery and spatial 

application of thermal energy. Applicators have been developed for non-invasive (extracorporeal) 

application, as well as for minimally-invasive or invasive application. 
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1.1.1 Thermal	ablation	

Exposure of tissues to temperatures above 50 °C causes vascular disruption and a 

conglomerate of adverse cellular events, including protein denaturation, membrane rupturing, and 

mitochondrial degeneration, resulting in cell death and coagulative necrosis.1,6-8 At much higher 

extremes of temperature, cell death can be incurred by vaporization ( > 100 °C)  and by 

carbonization (> 300 °C ).6,7 Most thermal ablation therapies are applied at maximum exposure 

temperatures between 50-95 °C.1,9  

Thermal ablation is primarily used in clinical oncology to produce localized and targeted 

destruction of tumors. Serving often as an alternative to surgical resection, particularly for patients 

who are not surgical candidates, thermal ablation offers the significant advantage of minimal or 

non-invasiveness, which can result in lower complication rates, patient morbidity, medical costs, 

and shorter hospital stays.8,9 As thermal ablative modalities utilize non-ionizing energy sources, 

multiple ablation treatments can be performed without concern for accumulative lifetime doses, as 

is an issue for radiation therapy. Compared to chemotherapy, thermal therapy can be applied in a 

much more localized and targeted fashion to mitigate undesirable systemic side-effects. Although 

the primary effect of thermal ablation treatments is highly localized, there is clinical evidence that 

thermal ablation can promote systemic anticancer stimulation of the immune system, with efficacy 

enhanced through combination with other immunomodulating drugs.10  Thermal ablation has also 

been combined in synergistic fashion with chemotherapy and radiation therapy, particularly to 

augment tumor destruction at the borders of the ablation zone where sub-lethal hyperthermic 

temperatures are generated.8  

Thermal ablation has been clinically applied to treat cancer in a large variety of different 

sites, including, but not limited to, tumors in the liver, kidney, bone, lung, brain, prostate, breast, 
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and pancreas.11-19 It has also been utilized for non-oncological treatments, including cardiac 

arrhythmia, uterine fibroids, benign prostatic hyperplasia, vision correction, and various cosmetic 

applications, among others.20-24  

1.1.2 Hyperthermia	

Hyperthermia involves a more moderate elevation of temperature to target tissues, typically 

within the 39-45 °C temperature range, at a sustained duration of 30-60 minutes or longer.3,25 At 

the upper ranges of this temperature range, cell death can be directly induced through a number of 

mechanisms, including protein denaturation, inhibition of DNA repair pathways, apoptosis, and/or 

mitotic catastrophe, among others.3,4,25,26 However, rather than its direct cytotoxic effects, 

hyperthermia is predominantly utilized for anti-tumor enhancement in combination with 

chemotherapy and/or radiation therapy.25 Moderate hyperthermia enhances chemotherapy by 

augmenting local perfusion to targeted tumors, which increases intracellular drug accumulation, 

and by inhibiting DNA repair or drug resistance.5,25 Further, to increase targeting specificity of 

systemically administered chemotherapy, hyperthermia has been combined with chemotherapeutic 

drugs loaded into temperature-sensitive liposome carriers, which release their drug payload at the 

target site where hyperthermic temperature elevation is present.27 Hyperthermia enhances radiation 

therapy by increasing oxygenation and free radical production in target tissues, and has greater 

inherent cytotoxicity in radio-resistant cells that are in the S-phase of the cell cycle or in hypoxic 

or acidified environments.25 

 Hyperthermia has been applied in a variety of heating approaches, such as whole body 

heating, regional heating, superficial heating, or deep localized heating using 

interstitial/endocavitary/extracorporeal applicator delivery. A number of different cancer 

malignancies have been clinically treated with hyperthermia with or without adjuvant 
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chemotherapy and/or radiation, including head and neck tumors, melanoma, sarcoma, 

glioblastoma, and tumors in the GI track (esophagus, stomach, rectum), breast, head and neck, 

bladder, lung, cervix, and pancreas.3,25 Randomized trials comparing radiation with adjuvant 

hyperthermia to radiation alone have demonstrated significant improvements in overall survival 

(OS) in glioblastoma, complete response rates (CRR) and OS in head and neck cancer, CRR and 

local control rates (LCR) in breast cancer, LCR and CCR in pelvic cancers, and LCR and OS in 

skin cancer.25 Combined hyperthermia with chemotherapy or chemoradiation have demonstrated 

improvements in local progression free survival in sarcoma, tumor recurrence rates in bladder 

cancer, overall survival in esophageal cancer, survival in prostate cancer, and have shown 

preliminary positive findings for melanoma and pancreatic cancers.25  

1.1.3 Thermal	dose	

In quantifying the biological effects of temperature on cells and tissue destruction, both the 

magnitude of temperature elevation and the duration of exposure are essential determinants. There 

is an exponential rate of cell death during exposure to heat, and as the temperature increases, the 

exposure duration necessary to produce an equivalent cytotoxic effect decreases exponentially.28,29 

Arrhenius kinetic models, based on seminal skin burn studies by Henriques and Mortiz, are often 

used as the basis for modeling irreversible thermal alteration and protein denaturation processes in 

tissues, based on temperature, exposure time, and tissue-specific rate parameters.30-33 Sapareto and 

Dewey integrated temperature and exposure duration into a single metric of temperature-time 

history, known as thermal dose, which uses the units of equivalent minutes at 43 °C (EM43°C) and 

can be related to cell death and other temperature-mediated tissue effects:34 
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	ସଷ°ܯܧ ൌ  ܴସଷି்Δݐ

௧ୀ

௧ୀ

 Eq.  1.1 

where T is temperature (°C), t = time (minutes), and R is a constant of value 0.5 at T > 43 °C and 

0.25 at T < 43 °C. This expression was derived from Arrhenius analyses of in vitro and in vivo cell 

survivability data across different temperatures, where 43 °C was recognized as an approximate 

breakpoint in the slope of the rate of cell death with temperature relationship.34,35 Practically, this 

expression means that above 43 °C, an increase in exposure temperature by degree results in an 

equivalent amount of thermally induced cell death at half the exposure time, while below 43 °C, 

decreasing the temperature by 1 °C requires a four-times longer exposure time for an equivalent 

effect. The slope breakpoint at 43 °C is thought to be related to the capability of cells to express 

heat-shock proteins at temperatures below ~43 °C, which can induce thermotolerance and resist 

temperature-mediated cell death.29  

While 240 EM43°C is often employed as a general threshold for lethal thermal destruction 

of tissue (100% cell death) for thermal ablation treatments, it is important to note that thermal dose 

thresholds for tissue destruction can vary significantly between different tissue types.9,28,36 This is 

particularly important in determining appropriate thermal sparing of sensitive normal tissues 

adjacent to the target region. Further, while the thermal dose metric provides a practical means of 

relating and comparing different regiments of clinical temperature-time exposures, the metric 

alone is unsuitable as a prognostic of specific tissue damage. The absolute magnitude of 

temperature exposure, as well as the rate of temperature elevation, can both significantly impact 

the manifestation of thermal damage in the treated tissue, as well as the associated body healing 

response.29,37 For instance, heat fixation of tissue occurs in treatments with rapid tissue exposure 

to high temperatures (> 60 °C) and results in a fibrotic encapsulation or a foreign body wound 
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healing response, which is markedly different from resorption of tissue that underwent coagulative 

necrosis at lower temperature/thermal doses, despite both lesions having lethal or 100% cell 

death.7,37,38 For clinical adjuvant hyperthermia treatments with radiation or chemotherapy, a lower 

cumulative thermal dose of 6-10 EM43°C over multiple treatments is targeted for the treatment 

volume. 

1.2 Therapeutic ultrasound 

1.2.1 Basic	physics39‐44	

Ultrasound refers to mechanical pressure waves that are propagated by the motion of 

particles within a medium at frequencies above 20 kHz (20,000 cycles/s). In most soft tissues, akin 

to fluids or liquids, ultrasound energy propagates in the form of longitudinal waves, which cause 

oscillatory compressions and rarefactions of the particles in the tissue along the same axis of 

motion as the traveling wave. Shear or transverse waves can exist at soft tissue-bone interfaces, 

for which the direction of particle displacement and pressure oscillation is perpendicular to the 

direction of wave propagation. Wave propagation is governed by the wave equation, and varies 

both as a function of spatial position and time. For a simple longitudinal sinusoidal wave, the 

pressure at a fixed spatial position will oscillate at a temporal frequency ݂, while for a fixed time, 

the pressure will vary sinusoidally with a spatial frequency of 1/ߣ, where ߣ is the wavelength. The 

speed at which ultrasound waves travel is known as the speed of sound ܿ, which is a function of 

the medium’s density and compressibility, and is related to the frequency ݂ and wavelength ߣ of 

the wave by the expression: 

 
ܿ ൌ  ݂ߣ

 
Eq.  1.2 
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When a wave propagates across materials with different speed of sounds, it is important to note 

that the frequency of the wave remains constant, while the wavelength changes. For longitudinal 

waves, the acoustic pressure  and particle velocity ݒ (the derivative of particle displacement) can 

be related by: 

 
 ൌ  ݒܼ

 
Eq.  1.3 

where ܼ	the acoustic impedance of the material, and is equal to the product of the material density 

 and speed of sound. Ultrasound waves carry and impart energy to the medium in which they ߩ

propagate, and the rate of energy flow through a unit area normal to the direction of wave 

propagation is known as the acoustic intensity I. The instantaneous intensity, assuming plane wave 

analysis, is: 

 
ܫ ൌ

ଶ||

ܼ
 

 
Eq.  1.4 

It is important to note the difference between the particle velocity and speed of sound, as well as 

between particle displacement and wavelength, which are often mistakenly assumed equivalent. 

Particle displacement and velocity refers to the motion of the particles in the medium, as imparted 

by the propagating wave, whereas the speed of sound and wavelength refer to the wave itself. For 

example, considering a plane wave of 3 MHz propagating in soft tissue with a 1500 m/s speed of 

sound and density of 1000 kg/m3, the wavelength is 0.5 mm. At an instantaneous intensity of 1 

W/cm2, the pressure is 122 kPa, the particle velocity is 82 mm/sec, and the particle displacement 

is 4.3 nm. Doubling the intensity, the pressure, particle velocity, and particle displacement all 

increase by a factor of ~1.41x to 173 kPa, 116 mm/sec, and 6.1 nm, respectively. 

As ultrasound waves propagate through tissue (or any lossy medium), both the acoustic 

pressure and, by extension intensity, attenuate with distance (ݖ): 
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ሻݖሺ ൌ  eିஜ

ሻݖሺܫ ൌ  	݁ିଶఓ௭ܫ

 
Eq.  1.5 
 
Eq.  1.6 

 is the amplitude acoustic attenuation coefficient (units of Np/m), which combines the effects of ߤ

absorption and scattering. Absorption of ultrasound is the primary mechanism by which ultrasound 

results in tissue heating, and occurs in part due to viscous forces and relaxation in the medium 

which act to oppose the oscillating motion of the particles, resulting in frictional and relaxation 

loss heat generation. Absorption (and attenuation) increases with higher frequencies, and is also a 

function of tissue composition and material properties. Scattering of ultrasound energy occurs as 

waves propagate across small (relative to the wavelength) reflectors or heterogeneities in the 

tissue, which disperse wave energy in all directions. This scattered energy is also absorbed and 

contributes to local heat generation, so typically the attenuation and absorption coefficients are 

approximated as equivalent when considering thermal effects of ultrasound in tissue. 

 When an ultrasound wave meets an interface between two media with different acoustic 

properties, it may be partially reflected and partially transmitted into the other medium. For plane 

interfaces, where the wavelength of the ultrasound plane wave is smaller than the dimensions of 

the interface, the reflected and transmitted waves are governed by Snell’s law (as depicted in 

Figure 1.1), and follows similarly to the analogous situation in optics. The angle of reflection (ߠோ) 

is equal to the angle of incidence (ߠ), both with respect to the normal of the interface, and the 

transmission angle is related to the angle of incidence and the speed of sounds of the two media 

by: 

 
sinሺߠሻ

ܿଵ
ൌ
sinሺ்ߠሻ

ܿଶ
 

 
Eq.  1.7 
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The critical angle of incidence (ߠ), which exists for pairs of materials with speeds of sound ܿଵ and 

ܿଶ where ܿଶ  ܿଵ, defines the incidence angle beyond which there is no transmission into the 

second media (the wave is completely reflected): 

 
ߠ ൌ sinିଵ	 ൬

ܿଵ
ܿଶ
൰ 

 
Eq.  1.8 

 

 

 

Figure 1.1 Reflection and transmission of an incident wave at an interface between two media with different 
acoustic properties. 

The proportion of the wave which is reflected and transmitted can be described using reflectivity 

and transmittivity coefficients of the particle velocity, pressure, intensity, or power, all of which 

depend on difference in acoustic impedance ܼ between the two media as well as the angle of 

incidence of the incident wave. For example, the pressure reflectivity (ܴ), which describes the 

ratio of reflected () to incident pressure (), and the pressure transmittivity ( ܶ), which relates 

the ratio of transmitted pressure (௧) to	, are given by: 
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்

ൌ

2ܼଶ cos ߠ
ܼଶ cos ߠ  ܼଵ cos ்ߠ

	 

 
Eq.  1.9 

 
 
Eq.  1.10 

1.2.2 Generation	of	ultrasound		

Ultrasound is typically produced by piezoelectric materials, such as quartz, or more commonly 

for medical applications, lead zirconate titanate (PZT). Piezoelectric materials are characterized 

by an asymmetric crystal lattice structure that changes its physical dimensions under the 

application of an electric field. When an alternating electrical field is applied across a piezoelectric 

material, displacements of positive and negative charged portions of the lattice result in physical 

expansion and contraction of the piezoelectric material at the same frequency, producing a 

mechanical pressure wave. Reciprocity also holds; as the piezoelectric crystal is deformed or 

stressed mechanically, as occurs when exposed to a pressure wave, displacements of positive and 

negative charges within the lattice result in voltage and electric field generation.  

By varying the material composition and manufacturing processes, PZT materials with 

different vibrational properties can be produced. For therapeutic ultrasound, which relies on 

continuous-wave, high-intensity acoustic output for thermal generation, PZT formulations with 

high mechanical Q factors (e.g., PZT-4, PZT-8) are preferable. These materials result in minimal 

cyclical energy losses under continuous excitation, and as such operate within a narrow frequency 

band. The resonance frequency of the transducer is the frequency at which maximum displacement 

amplitudes can be generated at the transducer faces, and occurs when the half-wavelength of the 

frequency is equal to the thickness of the transducer PZT along the driving direction. In order to 

drive the PZT, an electrical sinusoidal excitation signal is applied across electrodes that are plated 

along the top and bottom surfaces of the PZT, thereby defining the direction of propagation for 
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output waves. Air is commonly used as the backing material when mounting therapeutic 

transducers onto applicator housing, as it maximizes reflection of acoustic waves from the back 

face of the transducer, and consequently allows maximum acoustic output from the front face to 

the load.  

PZT can be machined and manufactured to produce ultrasound transducers of arbitrary 

geometries and dimensions. Commonly utilized transducer geometries include flat 

disks/rectangles/squares, cylindrical tubes, and curvilinear-planar or spherically-focused sections. 

Flat transducers produce a relatively collimated and directional spatial distribution of acoustic 

energy, or beam-pattern, whereas cylindrical tubes produce beam patterns that radially diverge 

from the outer face. Curvilinear and spherically-focused transducers focus the beam to produce a 

localized region of higher focal intensity, and the intensity gain at the focus, or focal gain, is a 

function of the aperture size, distance from the transducer surface to the focus (focal length), and 

wavelength. A larger aperture, shorter focal length, and/or shorter wavelength (higher frequency) 

all result in larger focal gains, assuming propagation in a non-attenuating medium. 

Focusing of ultrasonic beams can also be accomplished using acoustic lenses, which are 

composed of materials with different speeds of sound from the coupling medium (typically water), 

causing refraction of the beam according to Snell’s law as it traverses the material interface. In 

general, acoustic lenses offer the advantage of flexibility as compared to a static curved transducer 

geometry, as a single transducer could produce a variety of different beam patterns by switching 

lenses. Both solid and fluid lenses have been utilized in practice, with solid plastic-based lenses 

being the most common for thermal applications.39 Solid lenses typically have a higher speed of 

sound as compared to water, and thus traditionally use a plano-concave geometry for focusing. 

Conversely, fluid lenses tend to have a lens fluid with a lower speed of sound, and thus use a 
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convex geometry to focus the beam as it crosses the lens-water interface. Solid lenses offer the 

advantage of precise manufacturing capabilities to create more complex geometries and resultant 

beam patterns45-47, but employ materials (e.g., polystyrene) with a higher absorption coefficient 

compared to lens fluids. Fluid lenses, which typically enclose the lens fluid using a distensible 

membrane, offer additional versatility through lens designs that permit real-time adjustment of the 

focal length by changing the lens’ radius of curvature.48 

Ultrasound focusing can also be achieved using curved acoustic reflectors, akin to focusing 

light with mirrors, or by using phased array transducers with electronic steering. Phased arrays 

consist of 1D or 2D transducer arrays with each transducer element capable of being independently 

driven at a specified phase. Driving signals can be phased appropriately between the elements to 

produce constructive interference of all the output waves at the desired foci, which can be 

generated at arbitrary spatial positions in a two-dimensional space for a 1D array and in a three-

dimensional space for a 2D array. Electronic focusing with phased arrays provides the most 

versatile means of steering an ultrasound beam in real-time, but also involves the most complexity 

in transducer design, manufacturing, and operation, and is much more expensive compared to the 

other focusing methods.  

1.2.3 Acoustic	field	modeling	

Various numerical models have been developed to simulate acoustic pressure distributions 

generated from single or multiple transducers of arbitrary geometry, dimensions, and operating 

frequency. The simulated beam pattern generated from an ideal, uniformly vibrated transducer is 

regarded as a suitable approximation for a real transducer of the same geometry/frequency. Some 

of the factors that contribute deviations between the real and simulated transducers may include 

manufacturing tolerances (e.g., non-uniform transducer thickness, PZT material inhomogeneities) 
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or effects of mechanical clamping from mounting transducers onto applicator devices, which lead 

to non-uniform surface vibration when powered. 

 Generally speaking, the beam patterns of all standard transducer geometries can be sub-

divided into two regions: the near-field and the far-field. The near-field region extends from the 

transducer face to the position of the last axial pressure maxima for flat transducer geometries, and 

is characterized by complex distributions of pressure peaks and valleys that decrease in spatial 

frequency as the distance from the transducer increases. The far-field extends beyond the last 

pressure maxima, and is characterized by smoothly decreasing pressure magnitude with depth and 

divergence of the beam in the transverse plane beyond the dimensions of the transducer. An 

example beam pattern, corresponding to acoustic intensity distribution in the longitudinal plane of 

a simulated 1.5 MHz flat disk transducer (25.4 mm aperture diameter) is shown in Figure 1.2. The 

distance from the transducer face to the near-field-far-field transition depth increases as the 

transducer aperture increases and the wavelength decreases (higher frequency). For focused 

transducers, the geometric focal region marks the near-far-field transition, and greater divergence 

is typically seen beyond the focus as compared to flat transducers, due to the greater geometric 

divergence angle of the transducer.  
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Figure 1.2  Simulated longitudinal intensity distribution (W/m2) in water for a 25.4 mm diameter, 1.5 MHz 
flat disk transducer. 

 Linear propagation models are commonly employed to simulate the acoustic fields of 

ultrasound transducers that operate at sufficiently low intensities to preclude nonlinear propagation 

phenomena. Many of these models are based off the Rayleigh-Sommerfeld (RS) integral, which 

models wave diffraction effects by discretizing the transducer surface into infinitesimal baffled 

point sources that radiate spherically into an infinite half-space.49 Pressure can be calculated at 

each field position by summing up the contribution of each point source, which is described by the 

Green’s function: 

 ݁ି

ݎߨ2
 

 
Eq.  1.11 

݆ is √െ1, ݇ is the wave number [rad/m], and ݎ [m] is the distance from the point source to the field 

position. While there is no general closed-form solution for the RS integral, it can be discretized 

and calculated numerically: 
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Eq.  1.12 

where subscript ݊ corresponds to the ݊th element of ܰ total elements, ΔS୬ is the area of the ݊th 

element, ߩ is the density of the propagating medium, ܿ is the speed of sound, and ݑ [m/s] is the 

normal particle velocity of the ݊th element. This discretized expression is computationally 

intensive due to the small size requirements of the “point source” sub-elements relative to the 

wavelength. 

 The rectangular radiator method is an approximation of the discretized form of the RS 

integral, and involves subdividing the transducer surface into small rectangular elements of width 

Δݓ and height Δ݄.50 The pressure contribution from each sub-element is calculated using the far-

field approximation of a rectangular transducer, permitting larger element sizes, and thereby faster 

computation time, as the distance between the field position and the center of the sub-element 

increases. The rectangular radiation algorithm is shown below: 
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Eq.  1.13 

where ߣ [m] is the wavelength, rn [m] is the distance from the center of the nth element to the 

field point, Δݓ [m] and Δ݄ [m] are the width and height of the nth element, and ݔ [m] and yn 

[m] are the difference in azimuthal and elevation coordinates between the tissue point and the 

element center. The size requirement of the rectangular sub-elements must fulfill the condition:  

 

Δݓ, Δ݄	  ඨ
ݖߣ4
ܨ

 
 

Eq.  1.14 

where z is the axial distance from the transducer surface and ܨ, representing the number of near-

field-to-far-field transition distances from the source to the field point, is typically selected to be 
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 20 for sufficient accuracy.51 Although the rectangular radiator method was originally developed 

for modeling flat rectangular transducers, it can be adapted to model arbitrary transducer 

geometries, including curved transducers, by discretizing the surface geometry into rectangular 

elements that are rotated and sufficiently small for close agreement with the original geometry. 

The rectangular radiator algorithm can be applied, making sure that the ݔ and ݕ distances are 

with respect to the local orientation of each rectangular subelement, which can be calculated using 

rotation matrices for simple geometries (e.g., tubular, curvilinear, spherically-focused).52,53 In 

order to account for attenuation of ultrasound waves as it propagates through lossy mediums, the 

complex wave number ݇ ൌ ݇ െ  is the ߤ is substituted for ݇ in the exponential term, where ߤ݆

pressure amplitude attenuation coefficient [Np/m] in the medium. 

1.2.4 Ultrasound	heating	devices	

Ultrasound energy is applied to heat body tissues using applicators that contain active 

transducer elements. Applicators have been developed for non-invasive, extracorporeal 

application as well as for minimally invasive insertion into the body through percutaneous, 

laparoscopic, or intracavitary delivery pathways. 

  Extracorporeal high intensity focused ultrasound (HIFU) uses large external focused 

transducers or phased arrays operating at ~0.5-2 MHz to transmit acoustic energy up to ~10-15 cm 

into the body and form tight foci and precise thermal lesions at the target tumor site.54-57 Acoustic 

intensities are low in tissues exposed to the pre-focal acoustic beam, but very high at the focus, 

permitting formation of localized small ‘cigar’ or ‘rice grain’ shaped thermal lesions ranging in 

size ~1-3 mm width and 8-20 mm length.54-56 Each individual sonication duration is short, on the 

order of a few seconds, with rapid temperature elevation at the focus due to the very high focal 

intensities employed (up to ~20,000+ W/cm2).55,58  Such high intensities can augment heating by 
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nonlinear generation of higher harmonic emissions, which have higher tissue absorption, as well 

as by the formation of inertial cavitation in the tissue.57  

In order to treat a large tumor, the external transducer can be mechanically translated; or, 

if using a phased-array system, electronic steering can be used to change the position of the focal 

zone and sweep out the full volume. Due to the small size of each individual lesion, and the often 

requisite cooling period between sonications to prevent temperature build-up in sensitive tissues 

in the pre-focal or post-focal zones, total treatment times can extend hours, and increases for larger 

tumor volumes.58,59 Furthermore, anatomical targets need to have a clear acoustic window, 

unimpeded by bone or gaseous interfaces where ultrasound is preferentially absorbed or reflected, 

which makes treatment in tissues near the lungs, bowels, bones, or other sensitive anatomy 

challenging. Extracorporeal HIFU is compatible with and commonly paired with image-guidance, 

including ultrasound and MRI, for treatment planning and monitoring.60,61 It has been clinically 

applied for thermal ablation of tumors in many different sites, including the liver, breast, kidney, 

bladder, pancreas, prostate, and used for treating sarcoma, bone tumors, and uterine fibroids, 

among others.54,55,62 

Catheter-based ultrasound devices have been developed as a minimally-invasive 

alternative to generate thermal therapy within body tissues, and can be broadly classified into 

devices for interstitial/percutaneous delivery, and those for endoluminal/endocavity delivery and 

deployment.63-65 Interstitial ultrasound applicators are inserted directly inside or adjacent to the 

target tissue, and are either inserted stand-alone or with the applicator contained by a plastic 

delivery catheter that contains circulatory water flow for coupling of the acoustic energy to tissue 

and cooling of the transducers during operation.66,67 These applicators contain one to a few tubular 

or planar transducer elements (1.2-2 mm x 5-17 mm) along the device length, which can be 
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independently powered to tightly control the axial extent of heating.68,69 Tubular transducers, 

typically driven at resonance frequencies of 7-9 MHz,  can also be sectored and powered 

independently for angular control over the heating expanse, allowing highly conformal thermal 

lesion formation.67,68,70 These applicators are capable of creating thermal lesions with up to 15-21 

mm radial penetration in 5-10 minute treatment times, and have been evaluated in in vivo animal 

studies of the prostate, liver, brain, and other soft tissues.70-72 

Endoluminal and endocavitary ultrasound applicators are delivered through and deployed 

within body lumens in order to target and treat adjacent tissue targets. These applicators tend to be 

larger than interstitial applicators, ranging from ~2 mm OD for endovascular and intraductal 

applications up to ~25 mm OD for endorectal applicators intended for transrectal prostate 

ablation.63,65 Simple applicators designs consist of an array (one to a few elements) of transducer 

elements situated at the distal end of a catheter assembly, surrounded by a balloon that contains 

circulatory water flow for acoustic coupling, cooling of the transducer, and cooling of the adjacent 

luminal wall if luminal sparing is desirable. Once positioned, energized transducers generate 

highly localized heating deposition, with spatial distribution and penetration determined by 

transducer geometry and operating frequency, and can conformally sweep out larger treatment 

volumes by mechanically translating or rotating the applicator assembly. Transducer 

configurations typically include an array of planar, tubular, curvilinear, or spherically-focused 

transducer elements situated along the length of the applicator, with independent power control to 

tailor heating extent. More complex designs have been developed, featuring phased array 

transducers, to mitigate the necessity for mechanical manipulation of the applicator to steer the 

energy deposition.73,74 Other more novel applicator designs incorporate deployable components, 
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such as an inflatable parabolic reflector balloon, to modulate the beam and heating pattern at the 

target site without impeding device delivery.75  

A large variety of different endoluminal applicator designs, each designed for a specific 

tissue target, delivery pathway, and clinical application, have been developed and evaluated in pre-

clinical or clinical settings. Endogastric placement of endoluminal devices along the upper GI tract 

(esophagus, stomach, or small intestines) have been developed to deliver thermal ablation to 

esophageal76, liver77,78, or pancreatic tumors.79 Prostate tumors or benign prostate hyperplasia have 

been ablated using ultrasound devices placed in the urethra80-83 or in the colorectal tract.84,85 

Endovascular devices have been developed for renal denervation86 and pulmonary vein 

isolation.75,87,88 Endocervical devices for hyperthermia in conjunction with high-dose rate 

brachytherapy for advanced cervical cancer have been investigated.89 Similar applicator 

configurations have also been developed for laparoscopic abdominal cavity access and ablation of 

renal tissue.90  

Ultrasound-based thermal therapy offers significant advantages as compared to other 

clinically-utilized ablative modalities, including radiofrequency (RF), microwave (MW), 

cryotherapy, and laser ablation. Ultrasound permits much more precise and conformal control over 

the spatial deposition of heat, as afforded by choice of transducer geometry and frequency as well 

as the fundamentally smaller wavelength of therapeutic ultrasound relative to electromagnetic 

(EM)-based RF and MW radiation, which inherently permits tighter focusing capabilities and more 

precise energy deposition. Furthermore, at therapeutic frequencies (~0.5-10 MHz for ultrasound 

vs. 375-1000 kHz for RF vs. 900-2500 MHZ for MW), the attenuation of ultrasound waves in 

tissue is less than for EM-based modalities, which permits deeper energy and thermal penetration 

for a set source aperture.91-93 Furthermore, ultrasound applicators can be designed to be non-
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magnetic, making them compatible with MRI image-guidance and MR temperature imaging 

(MRTI) for treatment monitoring.9 Disadvantage of ultrasound applicators relative to other 

modalities would include their higher complexity in design, fabrication, and operation relative to 

simpler modalities like RF. The preferential absorption of ultrasound energy in bone and high 

reflection at interfaces between soft tissue and lungs, bowel, or bones can also negatively impact 

treatment delivery depending on the application site.  

Compared to external HIFU, catheter-based ultrasound is more invasive but provides better 

energy localization and more volumetric heat generation. This can lead to shorter treatment times, 

ranging from 10-30 minutes as compared to the order of hours.63 Once positioned, applicator 

operation can be much simpler as compared to external HIFU, which often necessitates active 

tissue tracking and phase correction for beam steering in the presence of tissue motion (e.g., 

respiration or cardiac related motion) or changing acoustic windows.94 Catheter-based ultrasound 

can also provide a means to target anatomical sites adjacent to bowel, lung, or bone tissues which 

would have challenging acoustic windows for access using extracorporeal ultrasound sources. 

1.2.5 Mechanical	effects	of	ultrasound	

Beyond inducing direct thermal effects in tissue, ultrasound energy also interacts with 

tissue through non-thermal physical mechanisms, which can have clinical applications. All objects 

in an ultrasonic field experience a steady radiation force, caused by a transfer of momentum from 

the traveling wave to tissue contents.95 Radiation force is closely related to radiation torque, which 

causes rotational motions in small (cellular and sub-cellular) particles, as well as acoustic 

streaming, which is a bulk fluid flow produced by ultrasound.96 Tissue displacement, due to 

radiation force, is the primary mechanism behind ultrasound elastrography, which has been 

clinically applied for imaging and staging of various tumor types based on their distinct mechanical 
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properties as compared to normal tissue.97 Radiation force can also be measured with simple force 

balance setups, as is commonly utilized for calibration of ultrasonic fields and devices.98 

Cavitation stems from the interaction of ultrasound with gas bubbles, which can be 

generated at gaseous nucleation sites in vivo. Cavitation formation is promoted at lower 

frequencies and at higher magnitudes of the negative peak pressure. Non-inertial, or stable 

cavitation formation involves oscillatory expansion and contraction of gas bubbles over pressure 

cycles. At high enough pressure amplitudes, progressive growth of cavitation bubbles over 

pressure cycles can precipitate a violent collapse of the cavitation bubble, known as inertial or 

transient cavitation, which imparts tremendous thermal and mechanical stresses on the local tissue 

environment.99 Inertial cavitation has been applied clinically both to augment thermal generation 

for ablation treatments (predominantly for extracorporeal HIFU57) and as a predominant 

mechanism of lithrotripsy, which generates ultrasonic mechanical shockwaves in tissue that have 

been clinically applied for the physical degradation of kidney stones.100 Mechanical interactions 

of ultrasound with microbubbles, which can be injected locally or systemically into the body, have 

been utilized for therapeutic drug/gene delivery applications. Encapsulated microbubbles that 

contain drug/gene payloads can be triggered to release their contents at specific sites using 

ultrasound exposure.101 Interactions of ultrasound and microbubbles can also induce enhanced 

permeability of vasculature, including the blood-brain barrier, to enhance targeted therapeutic 

delivery.102 

1.3 MR temperature imaging 

Thermal therapy procedures are typically paired with imaging modalities, such as x-

ray/fluoroscopy, CT, diagnostic ultrasound, or MRI in order to guide applicator delivery and 

monitor or confirm therapeutic delivery. Of the aforementioned modalities, MRI currently 
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possesses the most developed and robust techniques for real-time temperature tomography, and 

offers the best soft-tissue contrast for anatomical imaging which aids in accurate target delineation 

and applicator delivery.103 The capability to monitor treatment-related temperature evolution 

during thermal ablation or hyperthermia is invaluable, both in ensuring an effective therapeutic 

delivery as well as for preventing undesirable thermal damage to sensitive tissues adjacent to the 

target region. 

 There are a number of MR parameters that vary as a function of temperature, including the 

proton density, T1 and T2 relaxation times, magnetization transfer, the diffusion coefficient, and 

the proton resonance frequency (PRF).104 While all of these parameters have been investigated for 

temperature mapping, methods based on the shift of the PRF with temperature change have many 

advantages over the others and as such have seen the most research development and clinical 

application.103-105 PRF-based methods are based on the change in the shielding constant for a water 

proton as temperature increases or decreases, due to the stretching or compression of hydrogen 

bonds as a function of temperature. The shielding constant affects the local magnetic field 

experienced by the water proton, which in turn determines the resonance or Larmor frequency that 

the proton will precess at after RF excitation in an MR pulse sequence. This effectively translates 

into a local phase shift between two images of the same anatomical imaging slice, one taken before 

and the other after the temperature change occurred. The phase-difference, evaluated on a per-

voxel basis, between the before (“baseline” or  “reference”) image and the after image can be 

derived as:103-105 

 
Δ߶ ൌ  Δܶܧܶܤߙߛߨ2

 
Eq.  1.15 

where Δ߶ is the phase difference between the treatment image and baseline, ߛ is the gyromagnetic 

ratio (42.58 MHz/T), ߙ is the temperature sensitivity coefficient (~0.01 ppm/°C), Δܶ is the 
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temperature change (°C), and ܶܧ is the echo time used in the gradient echo (GRE) image 

acquisition scheme. This expression can be simply re-arranged to calculate the change in 

temperature at each image voxel.  

 Thermometry using the PRF shift method has the significant advantage of near-

independence of the temperature sensitivity coefficient across different soft-tissue types and its 

linearity over a wide temperature range of -15-100 °C.104,105 Furthermore, GRE-based scanning 

sequences are relatively simple to implement and offer good spatial (~1-3 mm) and temporal (~3s 

per slice) resolution, enabling real-time monitoring during a thermal ablation or hyperthermia 

treatment.  One important caveat is that the tissues must be aqueous, as lipids possess a negligible 

change in resonance frequency with temperature change, and as such fat or tissues with lipid 

content are sources of artifact that compromise accurate thermometry.105 Another important detail 

is that the signal-to-noise ratio of the temperature measurement is a function of the GRE signal 

intensity in the voxel.104 This means that imaging sequence parameters need to be tailored based 

on the target tissue in order to maximize thermometry SNR therein, and that magnetic 

susceptibility artifacts, which create local signal loss and void artifacts in GRE images, also 

prevent accurate thermometry in affected voxels.  

 As the PRF method is primarily relies on subtraction of a baseline image to measure the 

relative temperature change, there are many sources of artifact stemming from baseline 

misregistration, which can happen due to motion and scanner phase-drift, among other means. 

Tissue displacement, caused by patient motion or more prevalently by respiration or cardiac-

induced motion, results in misregistration between the treatment image and baseline, producing 

significant temperature artifacts.104 Respiration-related motion affects many abdominal organs, 

especially those in the upper abdominal area, and tissues close to or adjacent to lungs have the 
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additional complication of the changing bulk susceptibility of the lungs during respiration, which 

can also fundamentally change the background phase of acquired images.104 There are a number 

of strategies that can be employed to mitigate motion-related misregistration errors, however. One 

of the simplest techniques is to perform respiratory gating, which involves tracking the respiratory 

cycle and timing the acquisition of GRE thermometry sequence so that the image is consistently 

acquired during the same phase of respiration – ideally during expiration.106-108 This method works 

best under controlled respiration and anesthesia, but has been performed under free-breathing 

conditions.106 Another method involves acquiring multiple-baseline images prior to treatment that 

adequately sample the respiratory cycle. During treatment, each thermometry image or acquisition 

is paired with the appropriate baseline using navigator echoes or intercorrelation coefficients 

between anatomical images.94,109 A technique that eliminates the need for baseline subtraction in 

PRF-based thermometry, known as referenceless thermometry, has also been developed, which 

works by mathematically modeling and isolating the background phase in the image from the 

temperature-induced phase.110 This technique relies on prior knowledge of where the temperature 

rise will occur in the image, in order to properly identify and fit the background phase, and also 

works best in imaging planes where the background phase is smoothly varying.110 As a result, this 

technique would be difficult to apply in imaging planes that contain excessive susceptibility 

differences between tissues, such as near lung or bowels. Background phase drift is another 

relevant complication in accurate PRF-based thermometry, particularly for longer duration thermal 

therapy procedures. Drift of the external magnetic field can be caused by intense driving of the 

gradient coils, among other things, and results in a changing background phase in thermometry 

images over time.110 This can result in erroneous temperature measurements for PRF methods that 

rely of baseline subtraction. Phase-drift can be corrected for by using standard reference phantoms 
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that remain at a fixed temperature throughout the treatment or are temperature insensitive (e.g., 

oils) and as such can be used to monitor and model the spatial distribution of background phase-

drift in each image and separate it from temperature-induced phase change.110 

1.4 Biothermal modeling  

Numerical modeling can be applied to simulate thermal ablation and hyperthermia procedures, 

permitting calculation of resultant temperature and thermal dose distributions in various tissue 

models, as generated by an energy-based applicator source. As such, modeling serves as an 

imperative aid in the design and evaluation of applicators intended for thermal therapy, as well as 

for evaluating various thermal therapy treatment strategies and approaches. 

 Biothermal modeling, as applied to a biological system or tissue, is typically based upon 

Pennes bioheat equation, as shown below:111 
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Eq.  1.16 

where ρ (kg/m3) is tissue density, C (J/kg/°C) is the specific heat of tissue, T (°C) is tissue 

temperature, k (W/m/°C) is thermal conductivity, ωb (kg/m3/s) is blood perfusion, Cb (J/kg/°C)  is 

the specific heat of blood, and Tb (°C) is capillary blood temperature (37 °C). ܳ (W/m3) is the 

power or heat deposition in tissue, often used for metabolic heat generation. For modeling thermal 

ablation or hyperthermia-induced temperature elevation, this metabolic heat generation term is 

generally negligible and replaced with energy-based power deposition. For ultrasound-based 

energy sources, the power deposition can be derived from the acoustic pressure or intensity 

distribution in the modeled tissue, as below: 

 
ܳ ൌ ௌ்ܫߙ2 ൌ

ଶ||ߙ

ܿߩ
 

 
Eq.  1.17 
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where ߙ is the acoustic absorption coefficient,  (Pa) is the pressure amplitude, ߩ (kg/m3) is the 

tissue density, and ܿ (m/s) is the tissue speed of sound. ܫௌ் is the spatial-peak, temporal-average 

acoustic intensity, which for continuous wave excitation (assuming plane-wave analysis) is equal 

to: 

 
ௌ்ܫ ൌ

ଶ||

ܿߩ2
 

 
Eq.  1.18 

 

As a partial-differential equation, Pennes equation can be numerically evaluated using finite-

difference or finite-element methods (FEM). It incorporates terms of change in storage, heat 

conduction, blood perfusion, and power deposition, but contains many assumptions. In particular, 

the base equation only models capillary-level perfusion of tissues as a heat-sink, and assumes that 

it is isotropic and homogeneous for a given tissue type. As a result, the effects of large blood 

vessels, which can act as significant localized heat sinks in thermal therapy procedures, are 

ignored.112 For models incorporating large blood vessels, significant improvements in accuracy 

can be made by incorporating their heat-sink effects, which can modeled using heat-flux boundary 

conditions at the vessel-tissue boundary.112 Other modifications to the equation can be 

incorporated to augment their accuracy for thermal ablation modeling, as many tissue properties, 

including thermal conductivity, capillary perfusion, and acoustic attenuation and absorption 

coefficients, transiently vary as a function of temperature and thermal dose exposure.113 

 In order capture effects of complex patient anatomy, incorporating morphology of 

heterogenous organs and their proximity to other anatomical structures of interest, creating three-

dimensional simulated geometries based on patient-specific anatomies can provide a more 

representative means of evaluating thermal therapy treatment strategies, as opposed to using 

simple, homogeneous tissue block models. These patient-specific geometries can be created using 
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segmentation of MRI/CT/ultrasound image data sets. With regards to the development of 

ultrasound applicators for thermal therapy, these models can directly provide the size, shape, and 

depth of necessary thermal coverage, which can inform transducer design choices as well as 

treatment parameters such as applicator positioning, applied powers and sonication durations. 

They can be used to estimate expected performance and therapeutic coverage in clinical 

applications, as well as to evaluate sparing techniques of sensitive tissues and structures adjacent 

to the target region. 

1.5  Thermal therapy of pancreatic cancer 

Pancreatic cancer causes the fourth highest number of cancer-related mortalities in the 

United States, and the current 5-year survival rate is 4%.114 At clinical presentation, over 80% of 

patients are diagnosed with locally advanced or metastatic disease, which precludes curative 

treatment in the form of surgical resection.114 The current standard clinical treatment for these 

patients involves gemcitabine-based chemotherapy with or without adjuvant radiation therapy, but 

these therapies have been shown to result in only modest survival and palliative benefit.115 To 

relieve pain-related symptoms, which affects over 90% of advanced-staged patients, oral 

analgesics are typically administered; however, these require around-the-clock dosing for suitable 

palliation and have debilitating side effects, such as constipation.116,117 Other current palliative 

techniques, such as alcohol ablation of the celiac plexus, have limited efficacy in some patients 

and may cause severe complications.117   

Thermal ablation has been demonstrated to provide palliative relief in patients with 

advanced pancreatic cancer through tumor debulking and neurolysis/denervation mechanisms, 

even in cases where only partial tumor volume ablation is achieved.19,118-120 Ablation of locally 

advanced and metastatic pancreatic cancer can also potentially produce a survival advantage, as 
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highlighted by recent efforts integrating extracorporeal HIFU ablation with chemotherapy.121 

Many ablative modalities, including radiofrequency ablation, cryoablation, microwave ablation, 

HIFU, photodynamic therapy, and irreversible electroporation are currently being developed or 

clinically investigated for treatment of pancreatic cancer.19 With the exception of HIFU, all of 

these methods rely on invasive percutaneous operation, which can be difficult to safely perform in 

the pancreas due to the close proximity of sensitive bowel tissues and major blood vessels, leading 

to many treatment-related complications.122 As a result, better treatment safety has been achieved 

by applying percutaneous applicators in a laparotomy setting, which is highly invasive.122,123 MRI 

or US guided extracorporeal HIFU offers a non-invasive means of ablating tumor tissue, but relies 

on clear acoustic transmission into the tumor site.61 This is often obstructed by intervening organs 

or gas-filled bowel in close proximity to the pancreas, particularly around the pancreatic head 

region.119,120 

In addition to thermal ablation, there is also potential clinical benefit in developing 

hyperthermia treatments for advanced pancreatic cancer. Pancreatic tumors are often characterized 

by hypovascularity, hypoxia, and desmoplastic stroma, which have been hypothesized to minimize 

the effectiveness of standard chemotherapy and radiation treatments.124 By transiently increasing 

the perfusion and oxygenation of treated tissues, hyperthermia has been shown to be an effective 

adjuvant therapy for both chemotherapy and radiation treatments in many cancer models.25,125 

Clinical studies evaluating the efficacy of combining regional hyperthermia and gemcitabine with 

or without cisplatin for patients with advanced pancreatic cancer have begun in both Europe and 

Japan.126,127 Hyperthermia may also enhance the delivery of encapsulated drugs into desmoplastic 

pancreatic tumors through increasing local perfusion and, in the case of thermally sensitive drug-

containing liposomes, directly triggering the release of the drug at the target site.128 
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1.6 Research goals 

 Endoluminal catheter-based ultrasound may serve as a promising minimally-invasive 

alternative for delivering localized and conformal thermal ablation or hyperthermia to pancreatic 

tumors. As the pancreas and surrounding region contain abundant sensitive anatomy, such as 

bowel, pancreatic/bile ducts, and major vasculature, the spatially-precise application of heat, as 

provided by ultrasound sources, could be invaluable to preclude undesirable thermal injury to non-

target tissues. Further, an endoluminal approach, using the gastrointestinal (GI) tract as the 

delivery conduit and the stomach and duodenum as applicator placement sites adjacent to the 

pancreas, would obviate any physical intrusion and injury into the pancreas, as experienced in 

percutaneous approaches, while leveraging the enhanced penetration depth of ultrasound energy 

in tissue. It would also circumvent acoustic window challenges, as experienced in extracorporeal 

HIFU treatment of pancreatic cancer, and potentially lead to comparatively shorter treatment 

times. Further safety and monitoring of the applicator positioning and treatment delivery could be 

achieved using MR image-guidance and MRTI. As such, the first part of this dissertation will focus 

on developing MR-compatible endoluminal ultrasound applicators and approaches for thermal 

therapy of pancreatic cancer, spanning both theoretical modeling studies and experimental 

evaluations in a porcine animal model under MR-guidance.  

 The second part of this dissertation will focus on explorations and analyses of novel 

endoluminal ultrasound applicator designs that incorporate deployable reflector and fluid lens 

components that serve to modulate the beam pattern and enhance acoustic output. These proposed 

applicator designs will address issues with conventional ultrasound applicators, including the 

restricted acoustic aperture and limited flexibility in output acoustic/thermal distributions, without 

compromising applicator deliverability through anatomical passages. These designs are envisioned 
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to be applied for endogastric thermal therapy of pancreatic tumors, with related theoretical 

analyses performed, but could be adapted for many other endoluminal ultrasound applications.  

 The specific goals of this research project are outlined below: 

1. To develop theoretical models of thermal ablation and hyperthermia of pancreatic tumors 

using endoluminal ultrasound applicators, and to use calculated temperature and thermal 

dose distributions to bracket expected ranges of performance through parametric studies 

of applicator design parameters and tissue properties.  

2. To generate FEM-based patient-specific anatomies of pancreatic tumors and surrounding 

anatomy, and to employ them in numerical simulations to evaluate the general feasibility 

and expected performance of endoluminal ultrasound-based thermal ablation and 

hyperthermia across a range of disease states. 

3. To design and fabricate prototype MR-compatible endoluminal ultrasound applicators, 

and to characterize them using benchtop acoustic measurements and MR-guided ex vivo 

tissue and porcine cadaver thermal ablation experiments.  

4. To assess the general feasibility of using MR-compatible endoluminal ultrasound 

applicators to generate thermal ablation of pancreatic tissue from the GI lumen under 

MR-guidance using an in vivo porcine model, and to evaluate applicator tracking and 

motion compensation strategies for real-time MRTI.   

5. To develop numerical methods that model ultrasound propagation in applicator 

assemblies containing transducers, acoustic reflectors, and acoustic lenses with arbitrary 

geometries, and to explore a variety of design alternatives for applicator configurations 

with deployable components that serve to increase achievable acoustic and thermal 

penetration, selectivity, or volumetric coverage.  
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6. To perform a comprehensive parametric analysis of select deployable applicator design in 

order to characterize expected acoustic and thermal performance based on design 

parameters, and to validate theoretical modeling through proof-of-concept experimental 

applicator development and characterization.  

1.6.1 Dissertation	content	

 This dissertation is divided into two sections. The first section focuses on theoretical and 

experimental investigations related to the development of an endoluminal ultrasound applicator 

for delivering thermal ablation and hyperthermia to pancreatic tumors. Herein practical applicator 

designs, with 1-2 active transducer elements that are surrounded by cooling water balloons at the 

distal tip of catheter assemblies, are considered. The second section focuses on novel design 

concepts for endoluminal ultrasound applicators with deployable acoustic reflector and fluid lens 

components that can be controllably expanded or collapsed as a means of increasing the effective 

therapeutic aperture and augmenting energy delivery. These designs are compatible with and 

evaluated for applications related to endogastric placement and treatment of tissues adjacent to the 

stomach, such as the pancreas, but could be applied for many other endoluminal applications as 

well.  

  Chapter 1 contains a background introduction on fundamental concepts of thermal therapy, 

therapeutic ultrasound, acoustic/biothermal modeling, treatment monitoring using MR 

temperature imaging, and clinical applications of thermal therapy for pancreatic cancer.    

 In Chapter 2, an acoustic/biothermal modeling analysis of thermal ablation and 

hyperthermia of pancreatic tumors using endoluminal ultrasound applicators is presented. 

Comprehensive parametric studies are performed to calculate power deposition, temperature, and 

thermal dose distributions as a function of transducer configuration, by varying the geometry 
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(planar, curvilinear-focused, and tubular radial-diverging) and frequency (1-5 MHz), across a 

range of expected tissue properties and anatomical conditions. 3D patient-specific anatomical 

geometries are generated using CT datasets of patients with pancreatic cancer, with cases chosen 

to bracket a wide range of disease severity. Endoluminal ultrasound thermal ablation and 

hyperthermia treatments are simulated in these patient-specific models to evaluate feasibility of 

the overall approach, evaluate treatment strategies, and determine projected efficacy in terms of 

therapeutic tumor coverage and sparing of adjacent sensitive tissues. The work presented in 

Chapter 2 is published in a journal article by Adams et al. in the International Journal of 

Hyperthermia and in a SPIE conference proceedings article by Adams et al.129,130  

 Chapter 3 presents the design, fabrication, and evaluations of prototype endoluminal 

ultrasound applicators intended for delivering thermal therapy to pancreatic tumors from the GI 

tract (stomach/duodenum) lumen. A family of applicators, each made with a separate transducer 

configuration, are described and characterized using benchtop force-balance measurements, 

hydrophone beam-plots, and MRTI temperature measurements in phantom, ex vivo tissue, and ex 

vivo porcine cadaver heating trials. Evaluations of device deliverability/tracking, MRTI motion-

compensation strategies, and ablative temperature generation using the prototype applicators for 

endoluminal ablation of pancreatic tissue under MR-guidance in in vivo porcine models are 

reported. The majority of the work presented in Chapter 3 is published in a journal article by 

Adams et al. in Medical Physics and in a SPIE conference proceedings article by Adams et al.130,131 

 Chapter 4 explores concepts for novel designs of endoluminal ultrasound applicators that 

incorporate deployable, balloon-based acoustic reflector and fluid lens components – allowing for 

smaller insertion profile but improved localization of energy and therapy. An acoustic modeling 

methodology to simulate wave propagation, refraction, and reflection through the proposed 
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assembly is introduced, and used to analyze acoustic properties of individual components and 

complete applicator assemblies. Comprehensive parametric studies, spanning 3D acoustic and 

biothermal tissue heating simulations, are performed for two applicator assembly designs 

representing “end-firing” and “side-firing” configurations. Experimental proof-of-concept 

applicator assemblies were developed and characterized in order to validate theoretical analyses. 

The majority of the work presented in Chapter 4 is published in a journal article (currently under 

review) by Adams et al. in Medical Physics, and in a SPIE conference proceedings article by 

Adams et al.132 

 Chapter 5 contains a summary of the findings from this dissertation, and a discussion of 

future directions for its constituent research projects. 

 Appendix A details the design of an MR-compatible endoluminal ultrasound applicator 

with endoscopic steering and articulation capabilities. Appendix B describes additional designs for 

deployable endoluminal ultrasound applicators that feature acoustic reflectors, fluid lenses, and/or 

phased arrays transducer sources, and presents preliminary theoretical analyses of each.  
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Chapter	2	

2 Thermal	therapy	of	pancreatic	tumors	

using	endoluminal	ultrasound:	

parametric	and	patient‐specific	modeling	

2.1 Abstract  

Purpose: To investigate endoluminal ultrasound applicator configurations for volumetric thermal 

ablation and hyperthermia of pancreatic tumors using 3D acoustic and biothermal finite element 

models. 

Materials and Methods: Parametric studies compared endoluminal heating performance for 

varying applicator transducer configurations (planar, curvilinear-focused, or tubular radial-

diverging), frequencies (1-5 MHz), and anatomical conditions. Patient-specific pancreatic head 

and body tumor models were created and used to evaluate feasibility of generating hyperthermia 

and thermal ablation using an ultrasound applicator positioned in the duodenal or stomach lumen. 

Temperature and thermal dose were calculated to define ablation (>240 EM43°C) and moderate 
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hyperthermia (40-45 °C) boundaries, and to assess sparing of sensitive tissues. Proportional-

integral control over applied powers was incorporated to regulate maximum temperature to 70-80 

°C for ablation and 45 °C for hyperthermia in target regions. 

Results: Parametric studies indicated that 1-3 MHz planar transducers are most suitable for 

volumetric ablation, producing 5-8 cm3 lesion volumes for a stationary 5 minute sonication. 

Curvilinear-focused geometries produce more localized ablation to 20-45mm depth from the GI 

tract and enhance thermal sparing (Tmax<42 °C) of the luminal wall. Patient anatomy simulations 

show feasibility in ablating 60.1-92.9% of head/body tumor volumes (4.3-37.2 cm3) with <15 

EM43°C in the luminal wall for 18-48 min treatment durations, using 1-3 applicator placements in 

GI lumen. For hyperthermia, planar and radial-diverging transducers could maintain up to 8 cm3 

and 15 cm3 of tissue, respectively, between 40-45 °C for a single applicator placement. 

Conclusions: Modeling studies indicate the feasibility of endoluminal ultrasound for volumetric 

thermal ablation or hyperthermia treatment of pancreatic tumor tissue. 

2.2 Introduction 

Endoluminal and intracavitary catheter-based ultrasound applicators can provide a 

minimally-invasive solution for delivery of thermal ablation or hyperthermia to tumors accessible 

from body lumens. Significant advantages of this ultrasound-based approach for thermal therapy 

include the high degree of control over the spatial distribution of energy as compared to other 

modalities, direct localization of the energy source and therapy adjacent to the target zone, as well 

as compatibility with diagnostic ultrasound or MR guidance techniques for possible real-time 

treatment monitoring and feedback control.63 Specific applicator configurations for placement in 

the upper gastrointestinal (GI) tract have been applied clinically for endoluminal ablation of 

esophageal and biliary tumors.76,133 An endoscope with a miniature spherically-focused transducer 
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at the tip has also been developed and experimentally validated to create ablation lesions in porcine 

pancreas and liver under endoscopic ultrasound guidance.79,134  

Simulation studies incorporating parametric analysis and patient specific anatomical 

models have been applied for device design and performance evaluations of endoluminal and 

interstitial ultrasound technologies for thermal therapy (e.g., 83,135-140). The objectives of this study 

are to investigate the feasibility and to characterize the performance of delivering volumetric 

thermal therapy to target regions within the pancreas using an endoluminal ultrasound applicator 

positioned within the GI tract. 3D acoustic and biothermal finite element models were developed 

to calculate power deposition patterns and resulting temperature and thermal dose distributions for 

both ablation and hyperthermia treatment paradigms. Full 3D multi-component models were used 

to perform parametric studies across applicator design parameters and anatomical variations to 

determine favorable designs and establish ranges of expected performance. Comprehensive 

patient-specific models, based on segmentation of CT images of pancreatic tumors and 

surrounding anatomy, were developed to serve as generalized anatomy models that bracket a range 

of representative geometries and potential target volumes. Using specific device configurations, 

as informed by the parametric studies, both thermal ablation and hyperthermia treatments were 

independently simulated in these models to evaluate delivery strategies and capabilities for 

achieving volumetric coverage of pancreatic tumor tissue while minimizing exposure to 

surrounding/intervening normal tissues.  

2.3 Materials and Methods  

2.3.1 Endoluminal	ultrasound	applicator		

As shown in Figure 2.1, the endoluminal applicator would be inserted orally through the 

esophagus, and, akin to an endoscope, positioned in the stomach or duodenal lumen adjacent to 
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the tumor-bearing region of the pancreas. Acoustic energy would be directed through the GI 

luminal wall into the tumor by an ultrasound transducer array on the distal tip of the applicator. A 

balloon covering the transducers, containing circulating cooled water, would provide coupling of 

the acoustic energy into the adjacent tissue and cool the wall tissue to protect it from thermal injury.  

 

Figure 2.1 Schema and concepts of an endoluminal ultrasound applicator positioned in the GI tract for 
thermal therapy of pancreatic tumors. The applicator is illustrated as positioned in the duodenum for 
sonication of tumors in the head of the pancreas, following placement and insertion strategies common in 
endoscopy. Transducer arrays are configured for focused or diffuse patterns to provide a high degree of 
spatial control and volumetric heating. 

The dimensions of the applicator and transducer assembly were conservatively chosen to 

be within a 15 mm diameter limit, following general constraints of the gastrointestinal anatomy on 

dimensions of endoscopic devices.141 As illustrated in Figure 2.2, four separate transducer 

configurations were considered for this study: planar, tubular section, curvilinear along the 

azimuthal axis of the applicator (lightly focused), and curvilinear along the elevation axis (strongly 

focused). The dimensions of the planar and curvilinear transducers were modeled as 10 mm width 

x 20 mm length, and the tubular transducer was modeled with a 20 mm length, 80° active acoustic 
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sector angle, and 6 mm radius of curvature. These geometries were chosen both due to their 

practical implementation and to examine diffuse vs. focal acoustic distributions. The distal tip of 

the applicator transducer assembly was modeled as a 12 mm diameter x 50 mm length cylinder 

with a single central transducer and the cooling balloon boundary situated 6.5 mm from the 

transducer surface, based off existing devices developed by our group.  

 

Figure 2.2  Considered transducer (yellow) configurations: (a) planar, (b) tubular section, (c) lightly focused 
curvilinear along the azimuthal direction, and (d) strongly focused curvilinear along the elevation direction, 
with respect to the (e) transducer coordinate system. The planar and curvilinear transducers are 20 x 10 mm 
along the elevation and azimuthal directions, and the tubular section is an 80° sector with a 6 mm radius of 
curvature and a 20 mm length.  
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2.3.2 Theory		

3D acoustic and bioheat transfer models were implemented to calculate the acoustic intensity 

patterns and resulting transient temperature and thermal dose profiles produced by ultrasound 

applicators in an endoluminal anatomical setting. The preliminary modeling framework for 

endoluminal ablation of pancreatic tumors was developed by Prakash et al., and expanded upon 

herein.142 Temperature distributions were simulated using an implicit finite element method (FEM) 

solver (COMSOL Multiphysics 4.3, COMSOL, Inc.) and the Pennes bioheat transfer equation (Eq. 

1.16).111 The acoustic absorption coefficient was approximated as equal to the acoustic attenuation 

coefficient μ (Np m-1) for each tissue, as all scattered energy was assumed to be absorbed locally. 

The acoustic pressure field was calculated for all considered transducer configurations using the 

Rayleigh-Sommerfeld diffraction integral, through a MATLAB (MathWorks, Inc.) 

implementation of the rectangular radiator approximation (Eq. 1.14).50 Uniform excitation and 

vibration across the surface of the transducer was assumed, and as such the surface velocity un for 

all ܰ elements was calculated using the plane-wave analysis expression below (Eq. 2.1):  

 
ݑ ൌ ඨ

௦ܫ2
ܿߩ

 
 

Eq.  2.1 

where ܫ௦ is the transducer surface intensity, which is equal to the electrical power applied to the 

transducer multiplied by the acoustic efficiency divided by the transducer surface area.  

Temperature distributions were calculated using a direct implicit stationary solver 

(PARDISO) in COMSOL. Dirichlet boundary conditions constrained the outer boundaries of the 

tissue to 37°C, and a convective heat flux boundary condition was imposed at the balloon-tissue 

interface, with a heat transfer coefficient of h = 500 (W m-2 °C	-1).89 The range of temperatures for 

the cooling water flow was 7-25 °C, based on practical ranges typically used for ablation and 
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hyperthermia devices. 7-10 °C cooling temperature was used for the ablation simulations to more 

efficiently reduce heating of the luminal wall. 20-25 °C water-cooling was applied in the 

hyperthermia simulations, with inherently lower applied power levels and resulting temperature 

and thermal dose, to avoid over-cooling and to extend therapeutic temperatures to tissue regions 

close to the luminal wall. Heterogenous tissue properties and perfusion values for stomach wall, 

duodenal wall, pancreas, tumor, and surrounding soft tissues were incorporated and are shown in 

Table 2.1.143-148 The material properties of pancreatic tumor tissue were assumed to be the same 

as pancreatic tissue, except for the attenuation coefficient where values equal to and slightly (1.25 

times) higher than normal pancreatic tissue were included. This estimated higher value was used 

to account for the higher collagen content and fibrotic nature of the pancreatic tumor stroma, as 

collagen density has been shown to correlate with acoustic attenuation in other soft tissues.115,149,150 

While a range of attenuation values for pancreatic tissue was extracted from literature, and is 

specifically examined along with the corresponding tumor attenuation value in the parametric 

studies, all other modeling incorporated the highest values of these ranges, as shown in Table 2.1, 

to give the most conservative estimates of achievable thermal lesion volumes and heating 

penetration. Proportional-integral (PI) feedback control of the applied power was integrated into 

the transient thermal solver, with the set-point evaluated between 70-80 °C to control the maximum 

temperature in the tumor. This controller was implemented to provide a standard point of 

comparison between simulations and to simulate a feasible feedback control scheme for treatment 

monitoring under either invasive thermometry or MR temperature imaging guidance.151 Thermal 

dose distributions were calculated using the Sapareto-Dewey formulation (Eq. 1.1).34 The 

thermally destroyed or ablated tissue region was defined as the tissue in which the dose exceeded 

240 EM43 °C, which has been shown to correspond to an approximate threshold for coagulative 
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necrosis in many soft tissues 28,36,152. In order to simulate the dynamic cessation of perfusion during 

ablation, a binary switch was implemented to reduce tissue perfusion from nominal to 0 kg m-3s-1 

during heating when tissue temperature exceeded 52 °C or thermal dose exceeded 300 EM43°C.113 

Tissue Density 

(kg/m
3
) 

Attenuation 
(Np/m) 

Thermal 
Conductivity 

(W/m/°C) 

Specific 
Heat 

(J/kg/°C) 

Perfusion 
Rate 

(kg/m
3
/s) 

Pancreas 1045 
[24] 

11.9f 
0.78 

[24] 
0.51 
[25] 

3164 
[25] 

10 
[24] 

Pancreatic 
Tumor 

1045 1.25 x 11.9f 
0.78 0.51 3164 4.5 

[26,28,29] 

Stomach 
Wall 

1045 
[25] 

5f 
* 

0.53 
[25] 

3698 
[25] 

6.75 
[24,27] 

Duodenal 
Wall 

1045 
[25] 

5f 
* 

0.53 
[25] 

3698 
[25] 

16.67 
[24] 

Soft Tissue 1045 
[24] 

6.4f 
[24] 

0.49 
[25] 

3421 
[25] 

3 
[24] 

Blood 1050 
[25] 

1.6f
 1.21 

[24] 
0.52 
[25] 

3617 
[25] - 

Table 2.1  Material properties used in acoustic and biothermal modeling. f: frequency (MHz). *Estimated 
from lab attenuation measurements in porcine stomach tissue. 

2.3.3 Parametric	studies		

A simplified 3D model of a pancreatic head tumor, with surrounding normal pancreas and 

intervening tissue regions adjacent to the duodenum, was created (Figure 2.3) to provide the 

framework for parametric studies of general applicator design and performance. The applicator 

was positioned with the transducer off-set 6.5 mm from the duodenal wall, with water-cooling of 

the luminal wall surface adjacent to the applicator cooled by 10	°C or 25	°C water for ablation and 
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hyperthermia treatments, respectively. The proximal edge of the pancreatic tumor tissue was 5 mm 

deep from the inner duodenal wall, and the overall dimensions of the tissue block were 50 x 50 x 

73.5 mm. The duodenal luminal wall was modeled as distended with a 2 mm thickness.153 Tissue 

thermal domains closer to the transducer were meshed at a finer resolution (equivalent to the 

acoustic wavelength) to appropriately capture the steep heating gradients near the applicator. The 

mesh size gradually increased to a maximum of 4 mm at the peripheral edges of the model. The 

acoustic calculations to obtain Qac were performed on a finer mesh (quarter-wavelength element 

length), which was then decimated to fit the thermal solver mesh. Convergence studies for both 

acoustic and bioheat transfer modeling were performed to ensure that the mesh element sizes were 

sufficiently small for accuracy and solution stability.  

 

Figure 2.3 3D generalized pancreatic tumor model employed for parametric studies of endoluminal 
ultrasound thermal therapy.  

For parametric studies of ablation, the feedback controller was set to limit maximum tumor 

temperature to 80	°C. The following transducer design parameters were varied: the transducer 

configuration (planar, tubular section, lightly focused curvilinear, or strongly focused curvilinear), 

frequency (1-5 MHz), and the radius of curvature (ROC) for curvilinear geometries (15-100 mm). 
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In order to capture the range of anatomical variation in adults, the duodenal wall thickness was 

varied between 1 and 5 mm. A range of values for the attenuation coefficient of pancreatic and 

tumor tissues, based off values reported in literature, was also incorporated. The range for 

pancreatic tissue was 4.37f 1.2 Np/m – 11.9f 0.78 Np/m, and the tumor attenuation was varied 

between 1-1.25 times greater than the corresponding pancreatic value.143,154 The effects of all of 

these parameters on the penetration depth of the thermal lesion, the total thermal lesion volume, 

and the maximum luminal wall temperature and thermal dose were evaluated. For each study, 

transient temperature solutions at a single applicator orientation were obtained with a variable 

time-stepping scheme for 5 minutes of total power application and heating time, followed by three 

minutes of cool-down with continued accrual of thermal dose and thermal spread of temperature 

contours. The PI controller proportional gain (Kp) and integral gain (Ki) parameters were adjusted 

for each case (Kp: 0.11-0.28 W °C-1, Ki: 0.0012-0.005 W °C-1 s-1) to achieve a 5 minute rise time 

to the maximum set-point temperature. This scheme was selected empirically to minimize power 

requirements and to set an appropriate time frame for image-guided control such as MRTI. It also 

resulted in minimal temperature overshoot and reduced thermal exposure of the luminal wall 

relative to shorter duration, high power schemes.  

For parametric studies of hyperthermia, only the planar and tubular transducer 

configurations were considered, due to their larger volumetric coverage of heating. The frequency 

was varied between 1-4 MHz for both configurations, and the volumes and dimensions of the 40	

°C and 43	 °C contours were measured as endpoints. Simulations were designed to approach 

pseudo-steady state during 10 minute long transient solutions. The controller parameters, Kp and 

Ki, were chosen to elevate the max temperature to 45	°C within 2-3 minutes and sustain it for 7-8 
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additional minutes. These final isothermal contours approximate the steady-state hyperthermia 

distributions that could be maintained for desired treatment lengths.   

2.3.4 Patient	anatomy	models		

3D patient anatomy models were created based on axial CT imaging studies of patients with 

pancreatic cancer. Four geometries were incorporated, with details of each shown in Table 2.2. 

These examples, while limited in representing the full scope of disease manifestation, were chosen 

to capture a range of distinct geometries, in terms of tumor size, location, and proximity to sensitive 

structures. Example 1 included a ~2 cm diameter pancreatic head tumor with boundaries 

immediately adjacent to the duodenum. Example 2 represents a ~2 cm diameter pancreatic head 

tumor located deeper (~5 mm from inner duodenal wall to closest proximity) in the pancreas and 

adjacent to the superior mesenteric artery (SMA), pancreatic duct, and bile duct. A strategy of 

preserving the bile duct during ablation treatment by using a simulated cooling balloon catheter 

was evaluated in this model. Example 3 represents a very advanced case, consisting of a large (~5 

cm diameter) pancreatic head tumor close in proximity to the aorta, vena cava, portal vein, SMA, 

and superior mesenteric vein (SMV). While its size and proximity to vasculature may limit its 

candidacy for thermal therapy treatment, this model is incorporated in the analysis to investigate 

generalized heating performance and potential strategies that may be applicable in extreme cases. 

As such, multiple large position changes of the applicator along the duodenum were considered in 

this model to extend coverage of the tumor. Example 4 included a ~4 cm diameter pancreatic body 

tumor peripheral to the stomach, portal vein, SMV, splenic artery, splenic vein, hepatic artery, and 

the right gastroepiploic vein. In this model sonication from the stomach lumen was simulated with 

a longer (10 x 30 mm) transducer geometry at two discrete applicator positions. For all cases, the 
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applicator was rotated about the long (elevation) axis during therapy by discrete amounts in order 

to extend treatment coverage.  

Case Tumor 
location 

Applicator 
placement 

Tumor 
vol. 

(cm
3
) 

Tumor 
dim. 
(mm) 

Nearest 
distance of 
tumor to 

inner 
luminal 

wall (mm) 

Distances from 
tumor to sensitive 

anatomical 
structures  

(mm) 

1 Head Duodenum 4.3 21 x 19 x 
18 2 PD – 1.5  

2 Head Duodenum 4.3 17 x 22 x 
24 5 PD – 3         BD – 0 

SMA – 0 

3 Head Duodenum 37.2 50 x 44 x 
25 2.5 

PD – 0           VC – 3  
Aorta – 2       PV – 6  
SMV – 0   SMA – 1.5 

4 Body Stomach 17.5 45 x 25 x 
25 4.5 

PD – 0          PV – 0.5 
SMV – 1       SV – 1   
RGV – 1       HA – 4  
SA – 1  

 

Table 2.2 General anatomical characteristics of patient anatomy models of pancreatic tumors. PD: 
pancreatic duct, BD: bile duct, SMA: superior mesenteric artery, VC: vena cava, PV: portal vein, SMV: 
superior mesenteric vein, SV: splenic vein, RGV: right gastroepiplioc vein, HA: hepatic artery, SA: splenic 
artery. 

Mimics (Mimics Innovation Suite, Materialise) was used to segment the CT images and 

generate 3D surface meshes of nearby and relevant anatomical structures, including the tumor, 

pancreas, duodenum/stomach, luminal wall, ducts, and nearby significant vasculature in each 

model. Using 3-matic (Mimics Innovation Suite, Materialise), models of the applicator within a 2 

cm diameter cooling balloon were positioned in either the duodenum or stomach lumen adjacent 

to the target volume, and the 3D object contours were converted into finite element meshes. 

Applicators were empirically positioned into a section of lumen close in proximity to the targeted 
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region, such that large volumetric coverage of tissue could be achieved by rotation or minute 

translation of the applicator, and such that there were not sensitive structures (such as ducts, 

vessels) along the beam path. For models with multiple applicator positions, these placements were 

selected with the additional criteria that they should afford minimal overlap of thermal coverage. 

Interior luminal surfaces adjacent to the applicator were modeled as smooth, under the assumption 

that the cooling balloon provides distension of luminal folds with no trapped gas present at the 

interface. Convergence studies of mesh size were performed to ensure solution stability and 

accuracy, with a maximum mesh size of .75 mm in the region adjacent to the transducer surface 

extending 3-4 cm over the tumor volume, gradually transitioning to a maximum mesh size of 5-8 

mm at the outer peripheries of the models. Each model consisted of 1.5-3 million elements, and 

Example 3 had three separate meshes which corresponded to the three distinct positions of the 

applicator.    

Specific transducer configurations, empirically selected according to the model geometry 

and informed by the general performance characteristics revealed from the parametric studies, 

were chosen for ablation and hyperthermia simulations for each patient anatomy model. Each finite 

element mesh was imported into MATLAB for calculation of the acoustic intensity field using the 

rectangular radiator method, and all biothermal simulations were performed in COMSOL 4.3. 

Heterogeneous tissue properties, as shown in Table 2.1, were incorporated. The attenuation 

coefficients of pancreatic and pancreatic tumor tissue were selected as the highest value in the 

aforementioned range (11.9f 0.78 and 1.25 × 11.9f 0.78, respectively). When visibly distended, ducts 

were modeled with the properties of static water. Localized cooling effects of major blood vessels 

were modeled using heat flux boundary conditions at the inner surface of the blood vessels, with 

an ambient blood temperature of 37 °C, and the heat transfer coefficient h value was calculated 
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using the method detailed by Haemmerich et al., with vasculature parameters obtained from 

literature.112,155-159 The duodenal and stomach walls were modeled as 2 mm and 3 mm thick, 

respectively.153,160,161 Feedback control over the maximum tumor temperature was applied for the 

ablation simulations and transient temperature solutions were obtained. For hyperthermia studies, 

a single applicator position was considered. A constant input power to the transducer was applied 

to obtain temperature distributions at steady-state. Thermal treatment parameters, including 

cooling water temperature, maximum set-point temperature for the feedback controller, heating 

time lengths, and applicator orientations underwent minor iteration for each case to limit thermal 

exposure to luminal and other sensitive tissues, and to extend volumetric coverage of tumor tissue, 

but were not rigorously optimized. 

2.4 Results 

2.4.1 Parametric	studies		

The characteristic temperature and thermal dose contours produced by each transducer 

configuration for ablation treatment simulations are shown in Figure 2.4, for the frequency and 

curvatures specified in the caption. The effects of transducer configuration and frequency on 

ablation volume, penetration depth, and maximum luminal wall temperature/thermal dose are 

shown in Figure 2.5. The ablation volume for these five minute sonications ranged from 2.2-11.6 

cm3, and the penetration depth from the inner luminal wall into the targeted tumor tissue ranged 

from 18.6-43.4 mm depending on which configuration and frequency was used. Both frequency 

and transducer configuration had a significant effect on the sparing of the luminal wall, with the 

maximum temperature ranging from 37.3-44.5 °C at 1 MHz and 46.2-51.9 °C at 5 MHz across 

configurations. Maximum thermal dose exposure of the luminal wall exceeded 15 EM43 °C for 
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tubular transducers (at all frequencies), for planar and lightly curvilinear transducers operating at 

or above 4 MHz, and for strongly focused curvilinear transducers at 5 MHz. 

    
Figure 2.4  Cross-sectional temperature distributions and 240 EM43°C contours (black dashes) for ablation 
studies in the generalized tumor model for 10 x 20 mm planar, lightly focused, strongly focused, and 80 
tubular transducer configurations operating at 2 MHz, after 5 minutes of active sonication. 
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Figure 2.5 Effects of transducer configuration and operating frequency on (a) tumor ablation volume 
(thermal dose > 240 EM43 °C), (b) penetration depth (measured from inner luminal wall) of thermal lesion, 
and maximum (c) temperature and (d) thermal dose of luminal wall tissue, after a single 5 minute sonication 
with a temperature set-point of 80 C and 3 minutes of post-sonication cooling.  

For curvilinear transducer geometries, the effect of the degree of focusing on thermal 

lesions was examined by varying the radius of curvature (ROC) at a set frequency of 2 MHz, as 

shown by Figure 2.6. The influence of this parameter on the resulting lesion parameters was more 

pronounced with the strongly focused design. Increasing the radius curvature resulted in larger 

lesion volumes, ranging from 1.1-5.1 cm3 as the ROC varied from 15-100 mm. A maximum 

penetration depth of 44.2 and 33.6 mm were obtained for the strongly focused and lightly focused 

transducers, respectively, at a 60 mm ROC. Sparing of the luminal wall was improved with lower 
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ROCs down to approximately 20 mm, until the geometric focus of the transducer was within 10 

mm of the luminal tissue.  

 

Figure 2.6  Effects of radius of curvature for 2 MHz curvilinear transducers on (a) tumor ablation volume 
(dose > 240 EM43 °C), (b) penetration depth (measured from inner luminal wall) of thermal lesion, and (c) 
maximum temperature of luminal wall tissue, after a single 5 minute sonication with a temperature set-
point of 80 C and 3 minute post-sonication cooling.  

As the luminal wall thickness increased from 1-5 mm, the maximal luminal wall 

temperature varied from 37.0-56.3 °C for planar, 37.0-54.8 °C for lightly focused curvilinear (30 

mm ROC), 37.0-51.8 °C for strongly focused curvilinear (30 mm ROC), and 38.6-61.8 °C for 

tubular section transducers, all operating at 2 MHz. The relationship between luminal wall 

thickness and maximum wall temperature was approximately linear for all transducer 

configurations. 

Sensitivity of the thermal lesion parameters to pancreatic and tumor attenuation 

coefficients varied with transducer configuration, as shown in Figure 2.7. For 2 MHz planar 

transducers, the lesion volume decreased 8.4-5.0 cm3, the penetration depth decreased 50.5-34.5 

mm, and the maximum luminal wall temperature increased 41.7-43 °C as pancreatic attenuation 
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increased from 4.37f 1.2 Np/m – 11.9f 0.78 Np/m, with tumor attenuation 1.25x greater. When tumor 

attenuation was equal to pancreatic attenuation, the penetration depth and thermal lesion volume 

increased, by up to ~5 mm and 1 cm3, respectively. The strongly focused transducer was insensitive 

to attenuation changes with regard to lesion volume, and the tubular section was relatively 

insensitive in terms of luminal heating. The penetration depths of both configurations were less 

sensitive to attenuation compared to the planar and lightly focused transducers.  

Parametric studies for hyperthermia treatments investigated the temperature distributions 

at steady-state, with maximum temperature set to 45 °C, and revealed similar trends as the ablation 

cases above. Tissue volumes elevated above 40 and 43	 °C for the tubular section and planar 

transducers across 1-4 MHz frequencies are shown in Figure 2.8, in addition to the penetration 

depth of each temperature contour. The azimuthal extent of tubular section 40 and 43 °C contours 

were an average of 34.3 and 22.1 cm3
 across frequencies, while the same for the planar transducer 

were 14.2 and 7.4 cm3, respectively. The contours’ extents in the elevation direction were 

approximately equal (22.2 cm3 and 15.1 cm3 for tubular 40 and 43 °C contours vs. 21.8 cm3 and 

15.3 cm3 for planar), and frequency independent. Maximum luminal temperatures for all tested 

configurations were below 39.5 °C, with maximum temperatures occurring with the 4 MHz tubular 

section configuration. 
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Figure 2.7  Effects of pancreatic tissue attenuation coefficient on (a,d) tumor ablation volume (dose > 240 
EM43 °C), (b,e) penetration depth (measured from inner luminal wall) of thermal lesion, and (c,f) maximum 
temperature of luminal wall tissue, after a single 5 minute sonication at 2 MHz operating frequency, with a 
maximum temperature set-point of 80 C and 3 minute post-sonication cooling period. The tumor 
attenuation coefficient is 1.25x the corresponding pancreatic tissue attenuation in (a)-(c), and equivalent to 
the pancreatic tissue attenuation in (d)-(f).   
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Figure 2.8  Effects of transducer configuration and operating frequency on (a) tumor volume elevated above 
40 and 43 C, and penetration depth (measured from inner luminal wall) of 40 and 43 C temperature 
contours, at steady-state with a maximum temperature set-point of 45 C for generation of moderate 
hyperthermia. 

2.4.2 Patient	anatomy	models:		

Example 1 – small head tumor: Ablation studies for this geometry (Figure 2.9) were simulated 

using an applicator placed in the duodenal lumen for two separate transducer configurations: a 2 

MHz planar transducer and a 2 MHz lightly focused curvilinear transducer with an ROC of 25 

mm. These were chosen due to the near proximity of the tumor boundary to the duodenal lumen 

and their capability to cover the majority of the tumor volume solely through rotation of the 

applicator. As shown in Table 2.3, which details ablation treatment delivery parameters and results 

for all four cases, use of either configuration demonstrated ablation of over 90% of the tumor 

volume under twenty-five minutes without exceeding a duodenal wall thermal dose of 5 EM43 °C. 

More (5 vs. 3) discrete rotations of the applicator were necessary using the curvilinear transducer 
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to extend tumor coverage. The curvilinear transducer resulted in a lower maximal thermal dose 

exposure of luminal tissue and the distal pancreatic duct.  

Case Transducer 
Configuration 

Freq. 
(MHz) 

Max set-
point 
temp. 
(°C) 

Cooling 
water 
temp. 
(°C) 

Total 
time 
(min) 

% 
Tumor 
ablated 

Max Temperature / 
Dose on Sensitive 

Anatomy 

1 Planar  2 70 10 20 92.9% 
DW – 44.3 °C, 5 EM 
PD – 46.8 °C, 30 EM 

1 
Lightly Focused 

 25 mm ROC 
2 70 10 24 90.3% 

DW – 41.8 °C, 0.4 EM 
PD – 46.2 °C, 16 EM 

2 
Strongly Focused  

32.5 mm ROC 
2 75 10 18 86.3% 

DW – 39.3 °C, .02 EM 
PD – 44.1 °C, 3.9 EM 

BD – 58.3 °C,6x10
4 
EM 

BV – 45.7 °C, 17.1 EM  

2 
Strongly Focused 

32.5 mm ROC 
*Cooled bile duct 

2 75 10 18 81.3% 

DW – 39.6 °C, .03 EM 
PD – 45.7 °C, 6.7 EM 
BD – 44.4 °C, 16.2 EM 
BV – 45.9 °C, 18.9 EM  

3 Planar 2 75 10 48 60.1% 
DW – 44.1 °C,11.8 EM 
PD – 43.2 °C, 2.33 EM 
BV – 42.9 °C, 1.95 EM 

4 Planar 2 75 7 29 79.8% 
SW – 44.4 °C, 13.3 EM 
PD – 44.6 °C, 4.0 EM 
BV – 43.0 °C, 0.9 EM 

Table 2.3  Parameters and outcomes for patient anatomy ablation simulations. DW: duodenal wall, PD: 
pancreatic duct, BD: bile duct, BV: blood vessels, SW: stomach wall.  
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Figure 2.9  (a) 3D model of the Example 1 anatomy, consisting of a small pancreatic head tumor directly 
adjacent to the duodenal lumen and positioned applicator. (b) 240 EM43 °C contours for ablation simulations 
using a 2 MHz planar (blue with dashes) and 2 MHz lightly focused curvilinear transducer with a 25 mm 
ROC (red with dots) across the central transverse slice through the applicator. (c) Temperature distributions 
and 40 and 43 °C contours (grey with dashes) are given for a hyperthermia simulation using a 1 MHz 
tubular section transducer. A: applicator, T: tumor, P: pancreas, DW: duodenal wall, PD: pancreatic duct. 

Details of hyperthermia treatment simulations for all four geometries are shown in Table 

2.4. A 1 MHz tubular transducer (80° active sector) was chosen for this geometry due to the 

relatively short depth of the tumor boundaries from the duodenum. With a constant applied surface 

intensity of 2.8 W/cm2, 95% of the tumor volume could be elevated above 40	°C, as shown in 

Figure 2.9 (c). No rotation or translation of the applicator was necessary for full tumor coverage.  
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Case Transducer 
Configuration 

Freq. 
(MHz) 

Applied 
intensity 
(W/cm

2
) 

Max 
tumor 
temp. 
(°C) 

Cooling 
water 
temp. 
(°C) 

Volume,        
% tumor  

 > 40/43°C 

1 Tubular  
(80° sector) 1 2.8 45.0 25 

4.1 cm
3
, 95.0% 
/ 

1.4 cm
3
, 32.8% 

2 Planar 1.5 1.5  45.0 20 
3.7 cm

3
, 86.5% 
/ 

0.9 cm
3
, 20.4% 

3 Planar 1.5 1.7 45.0 25 
7.6 cm

3
, 20.4% 
/ 

1.4 cm
3
, 3.8% 

4 Planar 1.5 1.6 45.0 25 
11.6 cm

3
, 

66.6% / 
2.4 cm

3
, 13.7% 

Table 2.4  Parameters and outcomes for patient anatomy hyperthermia simulations. 

Example 2 – small head tumor: The ablation study was simulated using an applicator placed in the 

duodenal lumen with a 2 MHz strongly focused curvilinear transducer (ROC of 32.5 mm) to more 

effectively target the deeper tumor depth and limit exposure to the adjacent sensitive tissues. Both 

rotation and minor translation (< 1 cm) of the applicator were necessary to increase tumor 

coverage. Over 80% of the tumor volume could be ablated in less than 20 min, with minimal 

thermal exposure to the SMA and pancreatic duct, as shown in Table 2.3 and Figure 2.10. 

Intraductal cooling of the bile duct using a simulated balloon catheter, with circulating coolant at 

33 °C, was necessary to achieve adequate sparing of the bile duct, as shown in Figure 2.10 (b), for 

the simulated applicator placements. Hyperthermia was performed with the applicator in a single 

position by rotating a 1.5 MHz planar transducer to cover the extent of the tumor, and could elevate 

86.5% of the tumor volume above 40 °C at steady state, as shown in Figure 2.10 (c). 
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Figure 2.10  (a) Ablated lesion volume (dose > 240 EM43 °C) overlaid with the Example 2 model anatomy, 
consisting of a small head tumor surrounded by the SMA, PD, and BD, using a 2 MHz strongly focused 
curvilinear transducer. (b) Maximum temperatures and 240 EM43 °C contours across a sagittal plane for two 
ablation simulations: without (top) and with (bottom) simulated cooling of the bile duct, all other treatment 
parameters being identical. Sparing of the bile duct (BD) could be achieved by perfusing it with cooling 
water during the duration of the ablation treatment. (c) Temperature distributions and 40 and 43 °C contours 
(grey with dashes) for hyperthermia produced by rotating a 1.5 MHz planar applicator. A: applicator, T: 
tumor, P: pancreas, DW: duodenal wall, PD: pancreatic duct, BD: bile duct, SMA: superior mesenteric 
artery. 

Example 3 – large head tumor: Three discrete positions of the applicator along the length of the 

duodenum were used for the ablation study, as shown in Figure 2.11, with multiple rotations of 

the applicator at each position to increase tumor coverage. A planar 2 MHz transducer was chosen 

due to its large volumetric capabilities. Using this approach, about 60% of the 37 cm3 volume 
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could be ablated within 50 minutes of cumulative heating and cooling time. The maximal thermal 

doses applied to the adjacent vasculature, pancreatic duct, and duodenal wall were all less than 15 

EM43 °C. Within this same model, hyperthermia was simulated using a 1.5 MHz transducer at a 

single position shown in Figure 2.11 (c). With rotation of the applicator, 7.6 cm3 (20.4%) of the 

tumor volume could be elevated above 40 °C at steady state.  

Example  4 – body tumor: The applicator was positioned at two discrete locations in the stomach, 

and minutely translated and rotated at each to increase tumor coverage. For ablation, a 2 MHz 

planar transducer was chosen for volumetric capabilities, and generated ablation of 79.8% of the 

tumor volume in a 29 min total treatment time, as shown in Figure 2.12. Thermal damage to the 3 

mm thick stomach wall was minimized (< 15 EM43 °C) by using a lower cooling water temperature 

of 7 °C, and there was no substantial heating of the surrounding major blood vessels in the region 

(all < 1 EM43 °C) or the pancreatic duct (< 5 EM43 °C). For hyperthermia, a 1.5 MHz planar 

transducer was used at a single applicator position, and could elevate 66.6% of the tumor volume 

above 40	°C at steady state by rotating the applicator to cover the tumor extent, as shown in Figure 

2.12 (c). 
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Figure 2.11 (a) 3D model of the Example 3 large pancreatic head tumor and surrounding anatomy, 
illustrating proximity of tumor to significant vasculature. (b) Ablated lesions (orange) were produced in the 
tumor by translating an applicator with a 2 MHz planar transducer to three individual positions along the 
length of the duodenum, with the cumulative thermal lesion shown at the bottom. (c) Temperature 
distribution and 40 and 43 °C contours (grey with dashes) across an axial plane for hyperthermia simulation 
using a 1.5 MHz planar transducer, rotated at a single position in the duodenum. A: applicator, T: tumor, 
P: pancreas, D: duodenum, PD: pancreatic duct, PV: portal vein, SMV: superior mesenteric vein, SMA: 
superior mesenteric artery. 
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Figure 2.12  Maximum temperature distributions and 240 EM43 °C	contours (dashed) across (a) axial and (b) 
sagittal planes after ablation treatment for the Example 4 body tumor model, as treated with an applicator 
positioned in the stomach lumen with a 30x10 mm 2 MHz planar transducer. (c) Temperature distribution 
and 40 and 43 °C contours (grey) across an axial slice for hyperthermia by rotating a 1.5 MHz planar 
applicator. T: tumor, SW: stomach wall, P: pancreas, PV: portal vein, SMA: superior mesenteric artery, 
HA: hepatic artery, SA: splenic artery. 
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2.5 Discussion 

This study has applied preliminary parametric and patient-specific acoustic and biothermal 

models to demonstrate the feasibility of generating ultrasound-based volumetric thermal ablation 

and hyperthermia within pancreatic tumors through the GI wall using an endoluminal delivery 

approach. Applicator transducer designs were investigated by evaluating four configurations 

(planer, lightly focused curvilinear, strongly focused curvilinear, and tubular section) across ranges 

of operating frequency and degree of focusing, with regard to heating capabilities and sparing of 

the luminal wall. Sweeps across transducer frequency for all configurations indicated that lower 

frequencies (1-3 MHz) were generally advantageous compared to higher frequencies (4-5 MHz), 

as they produced larger thermal lesion volumes and deeper penetration, while retaining the luminal 

wall at lower temperatures and thermal doses (Figure 2.5). In consideration of increased applied 

power requirements due to decreased absorption, cavitation thresholds within the applicator 

cooling fluid and tissue, and possibly excessive penetration of energy toward distal tissues and 

interfaces at frequencies at or below 1 MHz, a nominal low frequency of 2 MHz was selected for 

ablation simulations of the generalized patient anatomy models (Table 2.3). With regards to 

heating characteristics of each transducer configuration, parametric studies revealed that the planar 

transducer has the most favorable general-performance profile: deep (~30-35 mm) penetration, 

high lesion volume capability (up to 6 cm3 for a single position and 5 minute application), and 

suitable sparing (T < 45 °C, dose < 10 EM43 °C) of the luminal wall at frequencies below 3 MHz 

(Figure 2.5). The strongly focused curvilinear transducer offers significantly superior sparing (3-

4 °C lower max temperature, ~tenfold less thermal dose) of luminal tissue and the capability of 

tailoring the penetration and thermal lesion volume through a priori selection of the ROC (Figures 

2.5, 2.6). These properties would make it appropriate as a more specialized design option, suitable 
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for selective targeting of smaller target regions deeper from the GI tract or sonication through 

thicker (> 3 mm) luminal walls. Lightly curvilinear transducers represent an intermediate between 

the planar and strongly focused designs, allowing some control over heating depth and volumetric 

coverage (Figures 2.5, 2.6), but without a distinct significant advantage. Ablation studies across 

varying normal pancreatic and tumor tissue attenuation coefficients revealed that heating 

characteristics of focused transducers were less influenced by tissue attenuation as compared to 

the more diffuse configurations (Figure 2.7). Thus, in the absence of quantitative tissue property 

measurements, focused transducer designs could be advantageous due to their more predictable 

and consistent performance. Tubular sector transducers, in contrast, were demonstrably the least 

suitable for ablation due to shallow heat penetration and comparably higher thermal exposure (4-

7 °C higher max temperature) of the luminal wall relative to other configurations (Figure 2.5).  

However, low-frequency tubular transducers could be appropriate for delivering hyperthermia to 

small target volumes within 3 cm of the luminal wall (Figure 2.9). Planar transducer devices would 

require rotation to cover equivalent azimuthal extent, but could be advantageous for generating 

hyperthermia within larger/deeper targets due to greater penetration and potential volumetric 

coverage. As an alternative to having an assortment of these fixed transducer configurations 

available for a procedure, it may be possible to incorporate a more complex phased array 

transducer capable of dynamically producing variations of these focused and diffuse beam 

patterns, thereby permitting more flexibility from a single device in treatment delivery.73,162,163 

One of the primary safety requisites for endoluminal ultrasound delivery of thermal 

ablation to pancreatic targets is precluding thermal damage to the stomach or duodenal wall. This 

concern is relatively minimal for hyperthermia delivery, due to the much lower temperature 

elevation requirements, as shown by the parametric studies. While specific thermal dose thresholds 
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of thermal damage for human duodenal or stomach wall tissues have not been distinctly 

established, approximate damage thresholds can be inferred from experimental investigations in 

porcine GI tract (esophagus, small intestine, rectum).29,164,165 These studies indicate that significant 

acute and chronic damage, including degenerative necrosis of the tissue or thromboses of blood 

vessels, occur at thermal dose levels greater than 80-120 EM43 °C  and temperatures greater than 

45-47 °C.29,165 As such, the maximum luminal temperatures and doses obtained in the ablation 

simulations for the patient anatomy model studies (< 45 °C and < 15 EM43 °C) were considered to 

be within the safe limit to avoid significant thermal injury. As shown by the parametric studies, 

maximum luminal wall thermal exposures were strongly dependent on the luminal wall thickness. 

As such, sonicating through the stomach wall would likely have a higher risk of thermal injury as 

compared to through the duodenal wall, due to its greater thickness. However, there are many 

treatment parameters that could be adjusted to compensate for the increased risk of sonication 

through thicker GI luminal walls, including lowering the maximum set-point temperature or 

decreasing the cooling water flow temperature, as shown in the body tumor model (Figure 2.12). 

Using more focused transducer configurations, tailoring the ROC, and/or using lower frequency 

transducers could also improve sparing of the luminal wall (Figures 2.5, 2.6). In practice, it could 

be beneficial to distend the stomach or duodenum lumen to stretch and thin the luminal wall. This 

would be particularly important in the presence of folds or rugae, which could cause an increase 

in effective wall thickness or harbor air bubbles that could impact acoustic transmission and 

increase localized heating.79 Distension of the lumens may be achievable either through filling the 

stomach or small intestines with water, through endoscopic manipulation, or by incorporating large 

distensible balloons onto the applicator that would be inflated once the applicator was 

positioned.166  
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Simulations of these applicators incorporating patient anatomy models of pancreatic 

tumors and surrounding tissues illustrated feasibility of safely generating conformal ablation or 

hyperthermia across a range of tumor positions, sizes, and applicator positioning. Positioning the 

applicator within the duodenum provided the most access to tumors in the head of the pancreas 

(Figures 2.9-2.11), whereas the body tumor was most accessible to an applicator placed in the 

stomach lumen (Figure 2.12). All models necessitated sequential rotation and/or repositioning of 

the applicator to extend coverage of tumor volumes, leading to slightly scalloped or irregular outer 

boundaries of the lesions, as typical for heating with discretely rotating planar and curvilinear 

devices.167 Substantial portions (> 80% of total volume) of head tumors under 3 cm diameter could 

be targeted for ablative or hyperthermic temperature exposures in short (< 30 minutes) heating 

times without any major applicator repositions (Figures 2.9, 2.10). Furthermore, fewer 

manipulations were needed for applicators with a planar transducer as compared to lightly or 

strongly focused transducer configurations, due to its greater volumetric coverage (Figure 2.9 (b)). 

However, tailoring the ROC of focused transducers to the target anatomy provided more 

preferential heating of the tumor and enhanced sparing of normal tissues proximal/distal to the 

tumor, as compared to the non-focused geometry (Table 2.3, Figure 2.9 (b)). Obtaining suitable 

volumetric ablation of large pancreatic tumors (> 4 cm diameter) places additional demands on 

applicator positioning and manipulation to access different portions of the tumor, as shown in 

Figure 2.11. These large target volumes and re-positional requirements could increase technical 

and time demands, and may be impractical for extended hyperthermia delivery, depending upon 

temperature range and time regimen required. In addition to size, the proximity of pancreatic 

tumors to sensitive anatomy, such as ducts, bowel, or significant vasculature, limits volumetric 

tumor coverage for ablation and imposes the need for highly accurate placement and manipulation 
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of the applicator to ensure that energy is directed precisely towards target tissues. Integrating the 

applicator with an endoscope may provide sufficient control for positional accuracy 79. Image-

guidance techniques, incorporating MRI or ultrasound guidance, could also be employed to verify 

positioning, monitor treatments, and permit feedback control.60,79,104 While the PI feedback control 

scheme employed herein permitted conformal lesion formation, more advanced schemes 

incorporating pilot/boundary-control points or model predictive control could further improve 

targeting and reduce undesirable thermal exposure.113,168 Additional strategies to preserve sensitive 

tissues, such as internal cooling of major ducts using a cooling catheter, as shown in Figure 2.10 

(b), may be considered. Further optimization of designs and delivery strategies can be achieved 

with more extensive modeling inclusive of additional and broader ranges of patient anatomy cases. 

In principle, this endoluminal ultrasound approach may offer significant advantages over 

existing techniques for delivering thermal therapy to the pancreas. It can provide an attractive 

alternative to percutaneous RF or microwave ablation by minimizing complication risk through 

much more selective and targeted heating, and would not require major open surgery for its 

application.19,122,123 Compared to extracorporeal HIFU, endoluminal ultrasound could provide 

overall shorter ablation treatment times or enhanced hyperthermia coverage due to its local 

volumetric heating capability (Tables 2.3, 2.4). It could also provide easier access to tumors near 

or invading the duodenum or bowels that are often acoustically inaccessible from extracorporeal 

sources.118-120 Further, although not investigated herein, application of these devices from within 

the body also suggests that in terms of energy delivery, compensating for respiratory or other 

sources of motion may be less challenging as compared to extracorporeal HIFU due to tissue and 

applicator motion being  constrained together through endoscopic fixation. However, integrating 

the endoluminal approach with image-guidance treatment monitoring and feedback, e.g., by using 
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MR thermometry, could still require respiratory gating or other motion-compensatory 

techniques.104 

2.6 Conclusion 

3D acoustic and biothermal models illustrate the feasibility of generating ultrasound-based 

thermal therapy within pancreatic tumors using an endoluminal applicator placed in the duodenal 

or stomach lumen. Four specific applicator transducer configurations, ranging from curvilinear-

focused to planar or radial-diverging, were demonstrated to provide appreciable volumetric 

coverage for thermal ablation of pancreatic tumors or the delivery of moderate hyperthermia. 

Planar and curvilinear configurations could produce ablative temperatures and lethal thermal doses 

for tissue volumes of up to 8 cm3 for a single applicator placement and 5 minute sonication length, 

and for larger tumors additional rotations or translations of the applicator could be used to extend 

coverage. For moderate hyperthermia delivery, non-focused transducer geometries could sustain 

up to 16 cm3 of target tissue between a temperature range of 40-45 °C. Thermal simulations provide 

preliminary guidelines for appropriate frequency, transducer geometry, positioning, and treatment 

parameters to deliver conformal thermal therapy to pancreatic head or body target regions ranging 

from 20-45 mm deep from the GI wall while minimizing thermal exposures (dose < 15 EM43°C) to 

the intervening stomach or duodenal tissues. Additional modeling in the form of parametric studies 

and patient anatomy models can be applied for further optimization of device designs and delivery 

approaches.    
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Chapter	3	

3 Endoluminal	 ultrasound	 applicators	 for	

MR‐guided	thermal	ablation	of	pancreatic	

tumors:	preliminary	design	and	evaluation	

in	a	porcine	pancreas	model.	

3.1 Abstract 

Purpose: Endoluminal ultrasound may serve as a minimally invasive option for delivering thermal 

ablation to pancreatic tumors adjacent to the stomach or duodenum. The objective of this study 

was to explore the basic feasibility of this treatment strategy through the design, characterization, 

and evaluation of proof-of-concept endoluminal ultrasound applicators capable of placement in 

the gastrointestinal (GI) lumen for volumetric pancreas ablation under MR guidance.  

Methods: Four variants of the endoluminal applicator, each containing a distinct array of 1-2 

independently-powered planar or curvilinear-focused transducers at the distal end of a meter long 

flexible catheter assembly, were designed and fabricated. Transducers and circulatory water flow 
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for acoustic coupling and luminal cooling were contained by a low-profile polyester balloon 

covering the transducer assembly fixture. Each applicator incorporated miniature spiral MR coils 

and mechanical features (guiding tips, hinge) to facilitate tracking and insertion through the GI 

tract under MRI guidance. Characterization of each device was performed using radiation force 

balance measurements, hydrophone measurements, and heating studies in ex vivo muscle tissue. 

Device delivery into the upper GI tract, adjacent to the pancreas, and heating characteristics for 

treatment of pancreatic tissue were evaluated in MR-guided ex vivo and in vivo porcine 

experiments. MR-guidance was utilized for anatomical target identification, tracking/positioning 

of the applicator, and MR temperature imaging (MRTI) for PRF-based multi-slice thermometry, 

implemented in the real-time RTHawk software environment.  

Results: Acoustic efficiencies ranged between 48.8%-65.5% for the four applicator configurations. 

Ex vivo studies in whole-porcine carcasses revealed capabilities of producing ablative temperature 

rise (ΔT > 15 °C) contours in pancreatic tissue 4-40 mm long and 4-28 mm wide for the dual planar 

transducer applicator (1-13 minute sonication duration, ~ 4 W/cm2 applied acoustic intensity). An 

applicator with dual lightly-focused curvilinear transducer produced more selective heating, with 

a narrower ΔT > 15 °C contour length and width of up to 1-24 mm and 2-7 mm, respectively (1-7 

minute sonication duration, ~ 4 W/cm2 applied acoustic intensity). Active tracking of the miniature 

spiral coils was achieved using a Hadamard encoding tracking sequence, enabling real-time 

determination of each coil’s coordinates and automated prescription of imaging planes for 

thermometry. In vivo MRTI-guided heating trials in four pigs demonstrated capability of ~20-30 

°C temperature elevation in pancreatic tissue at 2 cm depths from the applicator, with 5-7 W/cm2 

applied intensity and 3-16 min sonication duration. Higher temperatures and more selective lesion 

formation was achieved using strongly-focused curvilinear transducer configurations. Dimensions 
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of thermal lesions in the pancreas ranged from 7-28 mm, 3-10 mm, and 5-12 mm in length, width, 

and depth, respectively, as verified through histological analysis of tissue sections. Multiple-

baseline reconstruction and respiratory-gated acquisition were demonstrated to be effective 

strategies in suppressing motion artifacts for clear evolution of temperature profiles during MRTI 

in the in vivo studies.   

Conclusions: This study demonstrates the technical feasibility of generating volumetric ablation 

in pancreatic tissue using endoluminal ultrasound applicators positioned in the stomach lumen. 

MR-guidance facilitates target identification, device tracking/positioning, and treatment 

monitoring through real-time multi-slice PRF-based thermometry.   

3.2 Introduction  

Endoluminal and intracavitary catheter-based ultrasound applicators can potentially provide a 

minimally invasive and effective means of ablating tumors adjacent to the gastrointestinal tract. 

Catheter-based ultrasound possesses many advantages compared to other ablative technologies, 

including the high degree of control over the spatial deposition of acoustic energy through 

transducer design, direct localization of energy delivery to the target region, and compatibility with 

imaging modalities, such as ultrasound or MRI, for direct treatment feedback.63 In consideration 

of treating pancreatic adenocarninoma (PDAC), endoluminal ultrasound could serve as a less 

invasive and inherently safer alternative to traditional radiofrequency and microwave interstitial 

ablation techniques, and may also circumvent accessibility issues associated with extracorporeal 

HIFU, in particular for target regions close to the GI tract. Specific configurations of endoluminal 

ultrasound applicators have been developed for delivering ablation to GI-accessible sites, 

including the biliary tract,133 esophagus,76 and liver.77,78 For ablating pancreas and liver tissue from 

the stomach lumen, an endoscope with an integrated miniature spherically-focused HIFU 
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transducer (12 mm diameter, 35 mm radius of curvature (ROC), 3.73 MHz) has been developed 

and experimentally verified in in vivo porcine studies.79 This device demonstrated feasibility of 

creating small (~3 x 10 mm) lesions beyond the stomach wall that were sequentially delivered with 

~30s sonication durations, and illustrated the utility of integrated endoscopic ultrasound to guide 

positioning and monitor bubble formation as an indicator for ablation.79  

Ultrasound169 and MRI170,171 can be used to guide and monitor thermal therapy treatments 

in real-time, and provide a means to enhance the accuracy of energy deposition and directly verify 

the efficacy of treatment delivery. Advantages of MR guidance include improved targeting due to 

enhanced soft-tissue contrast, and generation of multiple tomographic temperature maps across 

arbitrary planes using MR temperature imaging (MRTI), thereby providing direct and volumetric 

feedback to treatment progress. MRTI has been paired with many ablative modalities, and recently 

has been used in conjunction with extracorporeal HIFU for ablation of pancreatic body tumors in 

patients with locally advanced PDAC.119 

The principal aim of this study is to assess the general feasibility of using an MR-

compatible endoluminal ultrasound applicator to generate thermal ablation of pancreatic tissue 

from the GI lumen under MR guidance, as shown in Figure 3.1. In contrast to spherically- or 

highly-focused ultrasound, emphasis was placed on designing applicators capable of volumetric 

thermal coverage, as appropriate for the large size of advanced primary pancreatic tumors,172 and 

in order to minimize repositioning requirements and take advantage of MRTI multi-slice 

capabilities. Here we report the technical design of the proof-of-concept (POC) applicators, results 

of acoustic and thermal characterizations, and preliminary delivery and performance assessments 

in exploratory MR-guided ex vivo and in vivo heating trials in porcine animal models.  
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Figure 3.1  Schema and concepts of an endoluminal ultrasound applicator positioned in the GI tract for 
thermal therapy of pancreatic tumors. The applicator is illustrated as positioned in the duodenum for 
sonication of tumors in the head of the pancreas, following placement and insertion strategies common in 
endoscopy. Transducer arrays are configured for lightly focused or diffuse patterns to provide a high degree 
of spatial control and volumetric heating. 

3.3 Materials and Methods:  

3.3.1 Endoluminal	ultrasound	applicator	fabrication		

Four configurations of endoluminal applicators, incorporating different transducer geometries, 

were designed and fabricated. Transducer specifications for each applicator configuration are 

shown below in Table 3.1. All transducers were gold-plated PZT (EBL #1/#4, EBL Products, Inc.). 

Transducer assembly fixtures for the distal tip of the applicator were designed for each 

configuration in SolidWorks, as shown in Figure 3.2. The fixtures contain rectangular channels for 

seating each transducer, ports for wiring, internal channels for circulatory water flow, and 

attachment ports to the body and tip of the applicator. The dimensions of the cylindrical fixtures 

were 12 mm OD and 45 mm length, conservatively chosen to accommodate passage through 

gastrointestinal anatomy. 
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Applicator 

configuration 

# of 

elements 

Operating 

frequency 

(MHz) 

PZT 

Material 

Dimensions 

(width x 

length mm) 

Radius of 

curvature 

(mm) 

Dual planar 2 3.2 EBL #1 10 x 10 N/A 

Dual lightly-

focused curvilinear  

2 3.3 EBL #1 8 x 10 20 along width 

Dual strongly-

focused curvilinear 

2 3.1 EBL#4 9.3 x 11.4 25 along length 

Single strongly-

focused curvilinear 

1 3.3 EBL#4 9.3 x 22 37 along length 

Table 3.1  Transducer specifications for each endoluminal ultrasound applicator configuration. 

 

Figure 3.2  Design schematics for the (a,b) dual planar, (c,d) dual lightly-focused curvilinear, (e) dual 
strongly-focused curvilinear, and (f) single strongly-focused curvilinear endoluminal ultrasound 
applicators. Each design features the transducer assembly fixture, which consists of a 1-2 element 
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transducer array (yellow) seated along the device length covered by a thin-walled PET balloon, and active 
MR tracking coils on the fixture underside (arrows). Maneuverability and tracking into the GI tract are 
enhanced by the distal polyurethane tip (blue) and proximal silicone hinge (grey). Cross-sections along the 
dashed line through the assembly fixture are shown for the (b) dual planar and (c) dual lightly-focused 
curvilinear configurations, showing transducer dimensions and seating over the air-backed channels 
(asterisks). The internal structure of the housing fixtures, containing channels for electrical wiring and 
circulatory water flow, are shown in e,f).  

The transducer fixtures were 3D printed in Veroclear material using an Objet260 Connex 

(Stratasys, Ltd.). Transducers were secured using Stycast 2651 epoxy (Henkel Electronics 

Materials) over the corresponding channels of the fixture for air-backing. A fixed-shape low 

profile (radius = 7 mm) balloon made from .025 mm thick polyethylene terephthalate (PET) 

(Advanced Polymers, Inc.) was secured to the top of the fixture to cover the transducers and 

contain circulatory water flow. Approximately 1 meter of nylon tubing (8 mm OD x 6 mm ID, 

McMaster-Carr) was used for the body of the applicator. Polyethylene tubing (1.4 mm ID, Becton, 

Dickinson, and Company) and coaxial cabling (Molex, Inc.) served for circulatory water flow and 

power transmission to the transducers, respectively, and were routed within the nylon body. On 

the proximal end of the applicator, Redel RF power connectors (Lemo S.A.) and luer connectors 

(Quosina Corporation) for water flow were attached. Active MR tracking coils, based off a spiral 

surface coil design173 with 4 turns, ID ~ 1-1.5 mm, and OD ~ 4 mm, were fabricated using silver 

wire (.1 mm OD, California Fine Wire Company) and secured to the two platforms on the 

underside of each transducer fixture. Coaxial cables (Molex, Inc.) terminating with BNC 

connectors were attached to the coils. To improve maneuverability through the GI tract, a pre-

shaped 6-8 cm long polyurethane (6.4 mm OD, Cole-Parmer) tip was secured to the distal end of 

the applicator, and a flexible pivot point made from silicone tubing (9.5 mm  OD, HelixMark) was 

incorporated 3 cm proximal of the transducer stage fixture. Photos of the POC endoluminal 

ultrasound applicators are shown in Figure 3.3. 
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Figure 3.3 Fabricated (a) dual planar, (b) dual lightly-focused curvilinear, (c) dual strongly-focused 
curvilinear, and (d) single strongly-focused curvilinear endoluminal ultrasound applicators. (e) Two spiral 
tracking coils (arrows) for active MR tracking were integrated on the backside of each transducer assembly 
fixture.  

3.3.2 Acoustic	characterization		

The mounted transducers on the fully assembled endoluminal ultrasound applicators were 

characterized using (1) force balance measurements98 to determine acoustic output power and 

efficiencies, and (2) hydrophone measurements to map acoustic beam profiles across axial and 

sagittal planes relative to the mounted transducers. Force balance was performed using a bottom-

loading mass balance (BP2100S, Sartorius AG) setup, with the applicator under test submerged in 

deionized and degassed water, directing acoustic energy into acoustic absorbers on the balance. 

The acoustic output power was calculated using the mass displacement, and the acoustic efficiency 

was calculated as the ratio of acoustic power to net electrical power (range: 5-25 W) delivered to 
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both transducers, as measured using a power meter (438A, Hewlett-Packard). Beam intensity 

distributions were characterized by placing the applicator under test in a tank filled with deionized, 

degassed water and scanning a needle-type hydrophone (Onda HNP-0400, Onda Corp.) under 

motor control along the X-Z (axial) and Y-Z (sagittal) planes. Step sizes were .25 mm for the X 

and Y axes, and .5 mm along the Z (depth) axis. The pulse repetition rate for sonication was 1 ms, 

and burst count was 250 cycles. The peak-to-peak voltage measurements from the hydrophone 

were measured using an oscilloscope (AFG3022C, Tektronix, Inc.) and squared to obtain pressure-

squared distributions, which were then normalized to maximum value and represent normalized 

beam intensity distributions. 

3.3.3 MRI	experimental	setup	and	RTHawk	software	platform			

A 3T GE Discovery MRI scanner was used for all MR-guided experiments. Electronics for 

delivering RF power and cooling water flow were kept in the control room outside the MR suite. 

A function generator (HP Agilent 33220A) and RF amplifier (E&I Model 240L, Electronics & 

Innovation) were used to drive the transducers, with forward and reflected power monitored using 

an inline power meter (4391A, Bird Technologies). To reduce interference noise in the MRI 

images from the driving electronics, high power low pass filters (Model YA-1, Bencher, Inc.) and 

custom-built isolation transformers were integrated along the power lines to the shielded 

penetration panel of the MR suite. Shielded RF cabling was used to connect RF power lines to the 

applicator in the MR suite. Circulatory water flow was driven through the applicator PET balloon 

using a peristaltic pump (Masterflex, Cole-Palmer). Direct cooling of the water flow was achieved 

using an in-line copper tubing heat exchanger that was submerged in an ice-bath immediately 

proximal to the applicator input. Imaging was performed either with a phased-array cardiac coil 

(GE), or with two or three 13 cm or 20 cm surface coils connected to the scanner using a custom 
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5-channel adapter and hardware. This second configuration enabled connections and active 

tracking capabilities of the two miniature RF coils integrated onto the underside of the applicator 

transducer fixture using a Hadamard encoding tracking sequence (TE = 2 ms, TR = 4 ms, FOV =  

30cm, sample = 512),174 which incorporated dithering along 6 orthogonal directions to reduce bulk 

noise.175  

The RTHawk software environment (HeartVista, Inc.) was integrated with the GE scanner 

to provide real-time multi-slice continuous imaging and reconstruction capabilities, while allowing 

instant changes to pulse sequence parameters and imaging plane position and orientation. For 

thermometry purposes, a PRF-based GRE sequence (TE = 8 ms, TR = 23 ms, flip angle = 15, FOV 

= 30 cm, 128 X 128 acquisition matrix, slice thickness = 5 mm) was implemented in RTHawk and 

provided multi-slice temperature monitoring at an update time of ~3s per slice. Baseline images 

were acquired immediately after circulating flow was initiated (to incorporate any positional or 

flow-related artifact into the baseline) and prior to power delivery, and used to subtract baseline 

phase for temperature reconstruction during the course of heating. Background temporal phase 

drift was monitored in an ROI outside of the heated region and used to correct temperature 

calculations.176 For improved target contrast, an IR-FSE sequence (TI = 729 ms, TE = 120 ms, TR 

= 1285.7 ms, flip angle = 90, echo train length = 24, FOV = 30 cm, 256 x 256 acquisition matrix, 

slice thickness = 7 mm, NEX = 1) was also implemented in the RTHawk environment, and used 

to confirm final positioning of the device and prescription of thermometry slices before the start 

of sonication.  

3.3.4 MRTI	thermometry	validation	

An experiment was performed to validate the accuracy of the temperature measurements produced 

by the PRF GRE thermometry sequence and reconstruction scheme. A 12 cm OD cylindrical slab 
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of tissue-mimicking phantom177 was placed into the MR scanner bore, with the dual-planar 

applicator inserted into the phantom through a central bore. A fiber-optic based thermocouple was 

inserted adjacent to the central bore at a depth of 15 mm from the applicator, just adjacent to the 

projected beam path. A sonication was performed at ~3.8 W/cm2 transducer surface intensity for a 

duration of 3 minutes, during which concomitant thermometry sequences along a sagittal plane 

(visualizing the lengths of the inserted applicator and thermocouple) were ran, along with fiber-

optic measurements. Temperature measurements were continued for ~3 minutes following the end 

of sonication. Following the sonication, temperature measurements from the thermometry images 

were extracted at the portion of the image corresponding to the thermocouple tip location, and 

compared to the thermocouple measurements. 

3.3.5 Heating	characterization	in	MR	guided	ex	vivo	muscle	tissues	

Sonications were performed in store-bought meat slabs (pork shoulder/pork loin sirloin) under MR 

guidance in order to characterize the heating patterns of each applicator. Each applicator was 

placed in the middle of two slabs of meat, with ultrasound gel used to couple the applicator balloon 

to the tissue. Sonications were performed during single or multi-slice MRTI monitoring, with 

slices oriented along the length of the applicator (sagittal) and perpendicular to the applicator 

through the transducer stage (axial). Sonications were performed for up to 5 min durations, at ~1.5-

4 W/cm2 applied acoustic surface intensities.  

3.3.6 Applicator	delivery	and	heating	characterization	in	MR	guided	ex	vivo	porcine	

cadaver	experiments	

In order to validate applicator delivery strategies and characterize heating performance within the 

GI tract, six heating experiments were performed with six ~40 kg whole pig cadavers (euthanized 
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from previous experiments within 12-24 hours and kept in cold storage prior to study) within a 3T 

GE MRI scanner. Given the onset of rigor mortis, and hence the lack of access through the mouth, 

the esophagus was surgically accessed prior to each experiment. The POC endoluminal applicator 

under test was introduced into the esophagus and directed into the stomach. High resolution T2-

weighted FRFSE sequences (TE = 103 ms, TR = 3000-9000 ms, flip angle = 111, echo train length 

= 15, FOV = 30 cm, 512 X 512 acquisition matrix, slice thickness = 3 mm, NEX = 2) were used 

to delineate the anatomy, the position of the device, and to identify the target region of the 

pancreas. Under guidance of the real-time imaging capabilities of the RTHawk platform, fine 

manual manipulation (translation, rotation) of the endoluminal applicator to the target position in 

the stomach adjacent to pancreatic tissue was performed. If targets within the pancreatic tissue 

could not be defined, the liver adjacent to the stomach was used as a surrogate target tissue instead. 

Temperature monitoring slices were prescribed using two approaches: manually, using a scout 

scan in the RTHawk interface to localize the applicator and determine alignment; or automatically 

using the coordinates of the two active tracking coils.178 One thermometry slice was positioned 

sagittal to the applicator transducer fixture to visualize the longitudinal extent of heating, and one 

to three were prescribed along the axial plane through the transducer stage. All slices were 5 mm 

thickness with 1 mm gap between parallel slices, chosen to capture planes through the center of 

each transducer and the transducer assembly fixture. Sonications were performed for 5-13 min 

duration, at 3.8-5 W/cm2 applied acoustic surface intensity. The heat-exchanger was placed in ice 

slurry to cool circulating water temperature during sonication, and circulatory water flow was set 

at a rate of 50-70 ml/min, resulting in a cooling water temperature of ~4.5 °C in the applicator. 

Due to the low baseline core temperature of the cadavers, which would preclude representative 
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thermal lesion formation for the achieved temperature elevations, no excision or gross inspection 

of treated tissues following each study was performed.  

3.3.7 MR	guided	in	vivo	porcine	experiments		

Preliminary investigations of applicator placement strategy, heating generation, and thermometry 

motion-compensation techniques were performed with in vivo heating trials within four adult 

female White York porcines (weight: 43-51 kg). All animal experiments and procedures were 

approved by Stanford IACUC. For each experiment, the animal was anesthetized with Atropine 

(.05 mg/kg) and Telazol (5 mg/kg), and maintained on isoflurane gas inhalation and controlled 

respiration for the duration of the experiment. Vital signs were continuously monitored. The 

animal was placed in the MRI scanner in dorsal or left lateral recumbency to facilitate device 

delivery into the stomach. The cardiac phased array coil (chosen to obtain high SNR for image 

guidance and thermometry) was positioned around the proximal abdomen of the animal, closely 

centered to the region of the pancreas. The endoluminal applicator under test was inserted through 

the oral cavity into the esophagus to the stomach. Scout and T2 weighted anatomical scans were 

used for initial localization of the applicator and pancreas. Real-time imaging feedback (< 1s 

update time) with RTHawk was used for fine manual manipulation to positions within the stomach 

adjacent to the splenic lobe of the pancreas. Once the applicator was in position, imaging planes 

thermometry were prescribed and ice cooled water flow was set to a rate of 70 ml/min just prior 

to the start of sonication. 

Two different strategies for performing thermometry in the presence of respiratory motion 

were implemented and evaluated. The first scheme integrated single or multi-slice MRTI (with 

one slice sagittal and up to three axial with respect to the device) acquired continuously during the 

course of heating with a multiple-baseline109 reconstruction strategy. A library of ~15-30 reference 
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baseline images were acquired prior to the onset of heating. Matching of temperature phase maps 

with the appropriate baseline was performed by determining the maximum intercorrelation 

coefficient between the target region of the corresponding anatomical image and the set of baseline 

images.94 Breath-holds (30-60 s duration) were induced just prior to heating to obtain baselines 

(30 s with flow off and 30 s with flow on) and every subsequent 2-4 minutes following the start of 

heating in order to further minimize baseline misregistration and validate the reconstruction. The 

second thermometry scheme consisted of a single-slice with gated acquisition, using pressure 

bellows wrapped around the chest of the animal and connected to the MRI scanner. No breath-

holds were induced, and while the GRE thermometry sequence was continuously prescribed so 

steady-state was achieved, data for a temperature image was only acquired and saved at the onset 

of expiration for each respiratory cycle. All MRTI images were thresholded to remove temperature 

measurements for the pixels with lowest (1-10%) signal intensity magnitude, and rectangular 

spatial filters, centered on the applicator and target region, were used to isolate device-related 

heating. 

After the sonications were complete, the applicator was withdrawn and the animal was 

removed from the MRI scanner and euthanized following protocol procedures. The pancreas and 

stomach were removed in necropsy and sectioned in order to measure and photograph dimensions 

of the gross lesions, defined by hyperemic border or tissue blanching. Transverse and longitudinal 

sections through the pancreatic lesions were harvested, fixed in formalin, routinely processed for 

paraffin embedding, and 4 micron-thick sections were adhered to glass slides and stained using 

hematoxylin and eosin (H&E) for histological analysis of tissue structure. In the fourth in vivo 

porcine studies, prior to applicator removal and euthanasia, a 5.5 mL bolus of Gadovist (1.0 

mmol/mL) contrast agent was injected intravenously following the final ablation, and a T1w 
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LAVA ARC sequence (TE = 1.7 ms, TR = 3.7 ms, TI = 5 ms, flip angle = 15, echo train length = 

1, FOV = 44 cm, 512 X 512 acquisition matrix, slice thickness = 3 mm, NEX = 2) was acquired 

before and after the bolus to obtain contrast-enhanced images of the treatment area.  

3.4 Results 

3.4.1 Acoustic	characterization:		

The acoustic efficiencies of the combined transducers were 48.8% ±1.9% for the dual planar 

applicator, 47.8% ± 0.5% for the dual lightly-focused curvilinear applicator, 65.5% ± 0.9% for the 

dual strongly-focused curvilinear applicator, and 60.9% ± 1.2% for the single strongly-focused 

curvilinear applicator. The normalized acoustic beam pressure-squared distributions for each 

applicator are shown in Figure 3.4 for longitudinal and transverse planes. Pressure-squared 

distributions were smoothed using a 3 x 3 pixel Gaussian filter, with a sigma value of 0.8. For the 

dual lightly-focused curvilinear applicator, the dimensions of the -3 dB beam-width is 1.2 mm 

along the focused dimension and extends 25 mm in depth, while for the dual planar applicator the 

-3 dB contour beam-width extends 3.2 mm. The dimensions of the -3 dB focal zone for the dual 

strongly-focused curvilinear applicator is 0.4 x 2.9 x 4.0 mm (length x width x depth), and the 

focal zone for the single strongly-focused curvilinear applicator is 0.8 x 2.7 x 9.3 mm.  
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Figure 3.4  Normalized pressure-squared distributions in degassed water for the (a,b) dual planar, (c,d) dual 
lightly-focused curvilinear, (e,f) dual strongly-focused, and (g,h) single strongly-focused applicators across 
the (a,c,e,g) axial and (b,d,f,h) sagittal planes, as measured using a hydrophone.  
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3.4.2 MRTI	experimental	validation		

Agreement between the temperature measurements extracted from the PRF GRE sequence and the 

fiber optic thermocouples can be visualized below in Figure 3.5. The average absolute magnitude 

of difference between the two measurements over the entire measurement time-course was 0.5 °C. 

 

Figure 3.5  Relative temperature change measurements during a heat in tissue-mimicking phantom using 
the dual planar applicator. Temperature change was measured using a fiber optic thermocouple (“Luxtron”) 
and the PRF thermometry sequence (“MRTI”) for comparison and validation of the PRF sequence and 
temperature reconstruction scheme. Baseline temperature was 22 °C. 

3.4.3 Heating	characterization	in	MR	guided	ex	vivo	muscle	tissues		

Figure 3.6 shows representative temperature distributions produced by each applicator in pork 

shoulder (dual planar / dual lightly-focused curvilinear) and pork loin sirloin (dual strongly-

focused curvilinear and single strongly-focused curvilinear). Applied surface intensities were ~4 

W/cm2 for the a-b) dual planar and c-d) dual lightly-focused curvilinear configurations, and ~2.5 

W/cm2 for the  e) dual strongly-focused curvilinear applicator, with the depicted temperature 

distributions for each taken at 1 minute following the start of sonication. For the f) single strongly-

focused curvilinear, the applied surface intensity was ~1.5 W/cm2, and the temperature distribution 

corresponds to a 3 minute heating duration. 
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Figure 3.6  MRTI temperature distributions produced during sonications in ex vivo pork shoulder and pork 
sirloin meat slabs. Applicator placement for (a,c,e,f) sagittal and (b,d) axial temperature monitoring planes 
are indicated by the white arrow. Sonication durations were 1 minute for (a)-(e) and 3 minutes for (f), with 
applied surface intensities between ~1.5-4 W/cm2.    

3.4.4 Applicator	delivery	and	heating	characterization	in	MR	guided	ex	vivo	porcine	

cadaver	experiments		

As shown in Figure 3.7, the Hadamard encoded tracking sequence enabled determination of each 

coil’s 3D coordinates in the scanner, permitting automatic prescription of imaging planes through 

the transducer stage for monitoring thermometry. The tracking coils could also be directly 

visualized with a GRE sequence, and used to determine the orientation of the applicator. 

Alternatively, when using the phased-array cardiac coil, the device position and orientation could 

be determined from the characteristic hypointense profile of the transducer assembly fixture.  
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Figure 3.7  (a) The 3D coordinates of the tracking coils were localized using a Hadamard-encoded tracking 
sequence to obtain four projections of the coil signal. (b) Tracking coils (white arrows) could be visualized 
on the fixture and used to automatically prescribe imaging planes through the transducer stage. (c) 
Orientation of the applicator and direction of sonication (red arrow) could be determined by the relation 
between the hyperintense coil signal (white arrow) and hypointense applicator body. 

Applicator insertion into the stomach and placement against the stomach wall for treatment 

of adjacent pancreatic tissue, as demonstrated in Figure 3.8, was achieved in 5 out of 6 total porcine 

cadaver experiments. Multi-slice temperature profiles for endoluminal sonications of pancreatic 

tissue using the dual planar and dual lightly-focused curvilinear applicators in separate 

experiments are shown in Figures 3.9 and 3.10, respectively. Treatment parameters and MRTI 

measurements are shown for each carcass heating trial in Table 3.2.  For the planar applicator, 

potentially ablative (ΔT > 15 °C) contour dimensions increased from 4-40 mm in length and 4-28 

mm in width as sonication time increased from 1-13 minutes, for applied surface intensities around 

4 W/cm2 (range: 3.8-5 W/cm2). For the dual lightly-focused curvilinear applicator at 4 W/cm2, ΔT 

> 15 °C contours extended approximately 1-24 mm in length and 2-7 mm in width as heating time 

increased from 1-6 minutes. Temperature standard deviation using the phased array coil and 

surface coils varied between 0.2-0.3 °C and 2.2-4.0 °C, respectively.  
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Figure 3.8  (a) Placement of the dual-planar endoluminal ultrasound applicator A in ex vivo porcine stomach 
lumen S adjacent to pancreatic tissue P (bordered by red dotted line). (b) ~ 3.5x magnified image showing 
axial cross-section of the transducer assembly fixture A with frontal coupling balloon B aligned with and 
facing pancreatic tissue P. 

 

Figure 3.9  (a) Following dual-planar applicator placement in ex vivo stomach lumen for sonication of 
pancreatic tissue  (Figure 3.8), an oblique imaging slice was prescribed through the central axis of the 
applicator (black arrow) and used to prescribe three additional axial monitoring planes through the 
transducer stage, with slice placement shown by the saturation bands (asterisk). Temperature distributions 
for each monitoring slice (b)-(e) are shown at the end of the 13 minute heat (4 W/cm2 applied intensity), 
with a maximum temperature rise of ~40 °C.   



87 

 
Figure 3.10  (a) Placement of the dual lightly-focused curvilinear endoluminal applicator (white arrow) in 
ex vivo pig carcass stomach and sonication of adjacent pancreatic tissue. Real-time thermometry was 
monitored in a (b) sagittal slice through the applicator and (c)-(e) three axial slices orthogonal to the 
transducer stage. Sonication duration was 6 minutes at 4 W/cm2 applied acoustic intensity, and produced a 
maximum temperature elevation of 24 °C. 
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Exp. 

# 
Device 

Freq. 

(MHz) 

 

Coil 

Acoustic 

intensity 

(W/cm2) 

Time 

(min) 

Max 

Temp. 

(° C) 

 

Temp. 

Std. Dev. 

(° C) 

 

Long. extent 

[5 min/ tfinal] 

(mm) 

Transverse extent 

at 1 cm depth 

[5 min/ tfinal] 

(mm) 

1 
Dual LF 

Curv. 
3.3 

Phased-

array 
4.0 6 22 0.3 [23 / 25] [6 / 6] 

2 Planar 3.2 
Phased-

array 
4.0 13 40 0.2 [24 / 42] [12 / 27] 

3 Planar 3.2 
Phased-

array 
3.8 5 25 0.3 23 11 

4 Planar 3.2 
Phased-

array 
4.5 10 40 0.2 [20 / 20] [13 / 15] 

5† Planar 3.2 
Surface/ 

tracking 
4.5 5 30 4.0 18 14 

6 Planar 3.2 
Surface/ 

tracking 
5 5 28 2.2 20 12 

Table 3.2  Experimental details and MRTI T > 15 °C contour dimensions for ex vivo porcine cadaver heating 
trials of pancreatic tissue. † liver tissue targeted through the stomach was used as surrogate transgastric 
target similar to pancreas. 

3.4.5 MR	guided	in	vivo	porcine	experiments		

Table 3.3 lists details for each in vivo animal experiment, including device under test, sonication 

parameters, MRTI scheme, and MRTI/gross lesion measures. Oral, intraesophageal delivery of the 

dual planar, dual lightly-focused curvilinear, and dual strongly-focused applicators under MR 

guidance into the stomach and positioning adjacent to the splenic lobe of the porcine pancreas was 

achieved in all experiments, as demonstrated in Figure 3.11. Better success in mitigating 

susceptibility artifacts caused by bowel gas adjacent to the treatment site for clearer thermometry 

was achieved with the animal in dorsal recumbency as compared to left-lateral recumbency. 
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Pig Device 
Freq. 

(MHz) 
MRTI scheme 

Son. 

site 

Animal 

position 

Acoustic 

intensity 

(W/cm2) 

Time 

(min) 

Max 

Temp. 

(° C) 

Temp. 

Std. 

Dev. 

(° C) 

T > 15 °C 

dimensions 

(mm)* 

Lesion 

dimensions 

(mm)* 

1 Planar 3.2 
Multi-slice / 

multi-baseline 

1 
Left 

lateral 
5.5 10 NA NA NA 17 x 4 x 9 

2 Dorsal 5.5 16 20 3.0 15 x 7 x 8 16 x 4 x 10 

2 Planar 3.2 
Single-slice w/ 

resp. gating 

1 Dorsal 5.4 12 18 2.0 
19 x NA x 

7 
22 x 10 x 6 

2 Dorsal 6.2 12 20 2.3 
19 x NA x 

9 
28 x 8 x 5 

3 
Dual LF 

Curv. 
3.3 

Single-slice 

w/ resp. gating 
1 Dorsal 

6.2 9 17 0.8 
12 x 3 x 6 NA 

6.9 6 16 0.8 

4 
Dual SF 

Curv. 
3.14 

Single-slice w/ 

multi-baseline 

1 

Dorsal 

5.9 5 31 3.3 
10 x NA 

x14 
11 x 8 x 12 

2 5.9 2.75 29 2.1 
6 x NA x 

10 
7 x 6 x 9 

Table 3.3  Sonication parameters and details for in vivo porcine pancreas heating experiments. *Dimensions 
reported in Length x Width x Depth. NA: not available 
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Figure 3.11  T2-weighted sagittal MRI images illustrating placement and visualization of the (a,b) dual 
planar, (c) dual lightly-focused curvilinear, and (d) dual strongly-focused curvilinear endoluminal 
applicators (white arrow) in the stomach lumen adjacent to the splenic lobe of the pancreas (red dotted 
outline) in the four in vivo porcine experiments.  

Figure 3.12 illustrates MRTI temperature images from the second sonication in pancreatic 

tissue in Pig 1. A maximum temperature elevation of ~20 °C was generated in pancreatic tissue at 

a depth of about 17 mm from the transducer surface. This temperature maximum was reached and 

sustained after ~4 min of heating. Using the multiple-baselines reconstruction approach permitted 

recovery of temperature data for the entire treatment as shown in Figure 3.12 (e), by reducing 

motion-associated misregistration artifacts. There was general agreement in the temperature 

measurements recorded during breath-holds (where baseline misregistration would be minimal) 

and interim time-points. The temperature standard deviation was 3.0 °C using the multiple-

baseline reconstruction, as compared to 4.5 °C using a single-baseline reconstruction.  

 

Figure 3.12  (a) Sagittal and (b) axial temperature monitoring planes generated using a multiple baseline 
reconstruction, for endoluminal sonication of pancreatic tissue in vivo in Pig 1 after 6 minutes of heating, 
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at ~5.5 W/cm2 applied to each transducer of the dual-planar applicator (white arrow). (c,d) For clarity, 
rectangular spatial-masks were applied to each image to isolate sonication-induced temperature change. (e) 
The temperature profile over time in a small (3 x 3 pixels) ROI in the heated region using the multiple 
baseline reconstruction, illustrating prolonged temperature elevation of target tissue to around 50 °C, with 
the end of sonication indicated by the black arrow. Temperature measurements taken during breath-holds 
are contained within the shaded boxes.  

Temperature profiles for heating trials using the dual planar applicator in Pig 2 and the dual 

lightly- focused curvilinear applicator in Pig 3 are illustrated in Figure 3.13. MRTI in both 

experiments was performed using a single thermometry plane, with respiratory gating to minimize 

misregistration. This scheme permitted visualization of the entire course of heating during the 

treatment, with minimal motion-related artifacts. For the first treatment site in Pig 2, the maximum 

temperature elevation was ~18 °C at a depth of 20 mm from the transducer surface, and the 

temperature magnitude was responsive to increases in applied input power to the transducers, as 

shown in Figure 3.13 (b). For Pig 3, using the dual-curvilinear applicator, a maximum temperature 

elevation was ~17 °C was reached 16 mm from the transducer, and the temperature near the splenic 

vein immediately distal to the target region was reduced to ~ 5 °C. The temperature standard 

deviations for the thermometry in Pig 2 and 3 were 2.0-2.3 °C and 0.8 °C, respectively, as 

measured in the target region prior to the onset of heating. The greater temperature uncertainty in 

Pig 2 can likely be attributed to closer proximity of the target region to bowel tissue with large 

susceptibility artifacts. MRTI revealed moderate temperature penetration (ΔTmax  > 10 °C) beyond 

the pancreas boundaries for treatment site #2 for Pig 2, with preferential heating of spine tissue 

within 4 cm of and directly aligned with the applicator.  
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Figure 3.13  End-sonication temperature distributions are shown for endoluminal heating of pancreatic 
tissue though the stomach lumen for (a) a sagittal monitoring slice of the  dual planar applicator in sonication 
site #1 for Pig 2 , and (c) an axial monitoring slice of the dual lightly-focused curvilinear applicator in Pig 
3. For both experiments, MRTI was performed with a single monitoring slice and respiratory-gated 
acquisition. Temperature-time curves for small (3 x 3 pixels) ROIs in the heated region are shown in (b,d) 
for the dual planar and dual lightly-focused curvilinear heats, respectively. The transducers were driven at 
an average of 5.4 W/cm2 for (a,b) and 6.9 W/cm2 for (c,d). Time-points at which the applied power to the 
transducers were increased from 4.8 W/cm2 to 5.5 W/cm2, then from 5.5 W/cm2 to 6 W/cm2 for Pig 2 are 
shown by the red arrows in (b), and the points at which power was switched off are indicated by the black 
arrows for both experiments. 
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Figure 3.14  End-sonication temperature distributions are shown for endoluminal heating of two different 
sites in pancreatic tissue though the stomach lumen using the dual strongly-focused curvilinear applicator. 
A single sagittal temperature monitoring plane was prescribed and continuously acquired during both 
heating trials, with intermittent breath-holds used to mitigate motion-associated artifacts. Applied surface 
intensities were 5.9 W/cm2 for both trials, with a (a,b) 5 min sonication duration for the first heating trial, 
and (c,d) 2.75 min sonication duration for the second. Time-points at which power was ceased are indicated 
by the black arrows for both trials.  

Two heating trials in Pig 4 were performed using the dual strongly-focused curvilinear 

applicator, with resulting temperature distributions and temperature time-courses shown in Figure 

3.14. MRTI was performed using a single thermometry monitoring plane (sagittal with respect to 

the applicator) with continuous acquisition (no respiratory gating), allowing an effective temporal 

resolution of ~2.3 s. Breath-holds were used prior to and after the onset of heating, and applied 

every 2-3 minutes during the heats. A baseline library of 15-30 images were acquired prior to the 

start of heating, and were used for a multibaseline thermometry reconstruction. The maximum 



94 

temperature at the end of the first heating trial (5 min sonication duration) was 31 °C, which 

occurred at a depth of 18 mm from the transducer. The maximum temperature at the end of the 

second heating trial (2 min 45 s sonication duration) was 29 °C, and also occurred 18 mm from 

the transducer. The standard deviations of temperature for the two trials were 3.3 °C and 2.2 °C, 

respectively, with the lower value of the second trial potentially attributable to the larger number 

of baseline images used in the multibaseline reconstruction (30 vs. 15). After the sonications were 

completed in Pig 4, contrast-enhanced T1w images were taken to confirm lesion formation, as 

shown in Figure 3.15. 

 

Figure 3.15  Contrast-enhanced T1w images depicting non-perfused volumes (NPV) in the pancreas as 
verification of thermal lesion formation. The NPVs are labelled by the red arrows, corresponding to the (a) 
first and (b) second heating trials in Pig 4. The applicator is depicted by the white arrows. 

Following animal euthanasia and excision of the pancreas and adjacent stomach tissue, the 

presence of thermal lesions in the splenic lobe of the pancreas were confirmed for each animal. 

Figure 3.16 depicts representative images of the gross appearance of the thermal lesions, as taken 

from Pig 1 and Pig 4. A section of each lesion was taken and stained with H&E to visualize and 

verify the contiguous volumetric zone of coagulative necrosis, which appeared paler in comparison 

to undamaged or normal tissue, as shown in Figure 3.17. Dimensions of the thermal lesions for 

each pig and sonication site, based on gross inspection, are given in Table 3.3. For Pig 3, thermal 
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lesions dimensions were not available from gross measurements, and instead were estimated by 

ΔT > 15 °C contours from MRTI. The length, width, and depth of the lesions from the surface of 

the pancreas ranged from 7-28 mm, 3-10 mm, and 5-12 mm, respectively. The width of the 

transition zone, forming the boundary between complete coagulation and normal tissue, was less 

than 2 mm for all cases.  Inspection of excised stomach tissue revealed that samples from Pigs 1 

and 3 possessed a slight discoloration on the exterior surface adjacent to the treated pancreas, and 

histological analysis confirmed areas of acute, sublethal thermal damage to portions of the outer 

muscular and serosal layers. In Pig 4, one of the thermal lesions extended to the superficial surface 

of the kidney. Otherwise, there was no observed lesion formation in tissues other than the stomach 

and pancreas during gross inspection at necropsy. 

 

Figure 3.16  (a) Longitudinal section through a thermal lesion on the splenic lobe of the excised pancreas 
from the first in vivo porcine study, revealing ablative penetration to a depth of ~1 cm from the pancreas 
surface, with direction of applied ultrasound shown by the white arrows. (b) Surface view of a thermal 
lesion generated on the pancreas from the fourth in vivo porcine study, with conspicuous tissue blanching 
and hyperemic rim defining the lesion boundaries.   
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Figure 3.17  (a) Pancreatic histopathology illustrates the sub gross or macroscopic histology of the pancreas 
and clearly depicts the boundaries of the thermal lesion (delineated by red dashed line). Histological 
analysis of the pancreas was characterized by (b) untreated, normal pancreatic acini, (c) sublethally 
damaged lesion borders or transition zone, and (d) thermally ablated tissue that resulted in diffuse 
coagulation necrosis. (b = 2.5x, c-e = 40x. All slides stained with H&E.) 

3.5 Discussion 

This study has demonstrated the basic feasibility of generating ablative temperature elevations and 

thermal lesions in the porcine pancreas through the stomach wall using an endoluminal ultrasound 

applicator under MR guidance. These POC MR-compatible applicators could be positioned under 

real-time MR guidance, through the GI tract and immediately adjacent to the pancreas target 
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region. The feasibility of using MRTI techniques to permit multi-slice and real-time monitoring of 

temperature evolution during treatments was demonstrated. The planar and lightly-focused 

curvilinear transducer designs were able to achieve ablative temperature elevation (>15 °C) in 

pancreatic tissue at depths of 2-4 cm from the luminal wall in ex vivo porcine carcass models. As 

shown by MRTI (Figures 3.6, 3.9-3.10; Table 3.2, 3.3) and the acoustic beam profiles (Figure 3.4), 

curvilinear transducer configurations resulted in more spatially-selective heating profiles that were 

narrower along the curved dimension relative to the planar applicator, as expected.167 In the in vivo 

experiments, the maximum temperatures and extents of effective temperature elevations extended 

~30 °C at depths up to 2 cm from the transducer surface, but were reduced compared to ex vivo 

studies for the dual planar and lightly-focused curvilinear designs. One likely cause for these 

discrepancies is the heat sink effect caused by general perfusion and the proximity of nearby major 

vasculature, i.e the splenic vein and artery, which run along the length of the splenic lobe and were 

evident at a depth of 1.5-2 cm in the pancreas (Figure 3.11). In the face of perfusion effects, greater 

applied powers could be utilized to increase heat generation. Utilizing more strongly-focused 

transducer designs could also increase exposure temperatures, as demonstrated in Pig 4 using the 

dual strongly-focused curvilinear applicator (maximum temperature of ~30 °C as opposed to ~20 

°C for the planar/lightly-focused curvilinear designs). Coupling and positional alignment between 

the applicator, stomach lumen, and pancreatic tissue may also be inconsistent in the presence of 

respiratory motion, resulting in the dispersion of acoustic energy over a larger volume of tissue. 

Applicator fixation methods could alleviate this coupling issue, with potential strategies including 

distensible back balloons, clip fixation, or vacuum suction of the applicator against the stomach 

lumen. Incorporation of flexibility, steering, and placement strategies common to endoscopes into 

the flexible distal end of the device may also improve positioning and reduce movement. Further, 
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variation in the lesion dimensions and shapes in the ex vivo and in vivo experiments may be 

attributed to the distinct anatomical conditions in each animal, as access to pancreatic tissue and 

the overall size of targetable tissue varied between animals (Figure 3.11).       

A primary safety concern affiliated with this endoluminal delivery of thermal ablation 

approach is the preservation of the luminal wall from thermal injury, which could cause formation 

of gastric fistula.118 While MRTI in the ex vivo and in vivo studies illustrated that the water cooling 

was effectively pushing the maximum temperatures deeper into the tissue, there was some 

histological evidence of acute thermal damage to the outer muscular and serosal layers of excised 

stomach tissues from the in vivo studies. One likely cause for this is the large measured thickness 

(~8 mm) of the porcine stomach wall near the esophagus, where the sonications for treating the 

splenic lobe of the pancreas were performed. In theoretical simulations of endoluminal ultrasound 

ablation of human pancreatic cancer, while pertaining to different anatomical conditions and tissue 

properties compared to porcine anatomy, it was demonstrated that endoluminal sonication through 

thinner luminal walls results in lower temperatures within the wall and minimizes the risk of 

thermal injuries.129 As such, the risk of thermal damage would be reduced in humans due to the 

lower anticipated luminal wall thicknesses (2-3 mm). Similarly, in the experimental porcine setting 

there was likely an increased effective acoustic attenuation and absorption in the wall tissue due 

to the presence of food particles and/or gas bubbles in the mucosal layers, which could be reduced 

by flushing the interior stomach or GI lumen via lavage prior to treatment.79 Transducer designs 

that incorporate tighter focusing, with the focus depth at least 1 cm beyond the wall tissue, should 

also improve stomach sparing, as verified in Pig 4.129  Improving coupling between the applicator 

cooling balloon and luminal wall through tip steering, compression, or fixation mechanisms may 

also provide for consistent or enhanced luminal sparing.  



99 

While the porcine represents a close animal model to humans in terms of digestive 

anatomy, key differences exist which present unique challenges as compared to the application of 

this technique in humans. In humans, the head of the pancreas is the largest region of the organ 

and the most common site for tumor genesis as compared to tail/body regions.115 Treatment of 

tumors in the pancreatic head would ideally be performed with the endoluminal applicator 

positioned in the duodenal lumen (see Figure 3.1), which is intimately attached to the head and 

would facilitate luminal sparing due to the thinner thickness of the duodenal wall (2 mm distended) 

as compared to stomach wall (3-5 mm) in humans.153,160,161 In the porcine model, the head of the 

pancreas (the duodenal lobe) is the smallest volumetric portion of the pancreas,179 and is separated 

from the medial duodenum by mesentery, leaving potential gaps between the two organs.164 

Further, the pyloric region that connects the stomach and duodenum contains a mucosal 

protuberance called the torus pyloricus, which results in much more constriction in the porcine 

model than in humans, impeding endoluminal access. As such, the splenic lobe of the porcine 

pancreas (analogous to the tail of the human pancreas) was chosen as the target region, due to its 

larger comparative volume and relative ease of access from the stomach lumen. Tradeoffs 

associated with this target choice include the greater susceptibility to respiratory motion in the tail 

region,180 the thicker luminal walls adjacent to the tail relative to the stomach antrum or duodenum, 

and proximity to major vasculature and the left kidney, which act as heat sinks.  

The endoluminal ultrasound applicators were designed for compatibility with MR-

guidance, which permitted target identification, device localization and positioning, as well as 

direct treatment monitoring through PRF-based MRTI. Inclusion of the active tracking coils 

provided quick localization of the applicator and automated prescription of thermometry planes 

through the transducers, thereby reducing overall procedural times for a single device placement 
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and sonication by approximately 5-10 minutes, as compared to manual methods. Hardware 

limitations of the MRI system in our current setup required that they could only be implemented 

with up to three individual surface coils for deep abdominal imaging, which suffered from poorer 

imaging quality and lower thermometry fidelity as compared to what could be achieved with the 

phased array coil (Table 3.2), and hence were unsuitable for the in vivo studies. With additional 

hardware to integrate the tracking coils with phased array coil imaging, they could be valuable in 

reducing procedural times as well as further developed to track applicator motion in vivo, as a 

means of evaluating different fixation strategies, or for gating sonications in the presence of 

significant motion.  

Due to the relatively long durations (3-15 min) of active sonications associated with this 

volumetric heating strategy, multi-slice MRTI is a valuable and appropriate tool for monitoring 

the complete extent of heating over time. MRTI performed in the ex vivo studies using the phased 

array coil permitted real-time and clear demarcation of temperature contour evolution, with the 

only significant noise source being susceptibility artifacts caused by gas in nearby bowel tissue. 

As anticipated, MRTI in the in vivo study suffered from additional respiratory motion artifacts, as 

well as flow artifacts from nearby major vasculature. While there was general agreement between 

the gross lesion measurements and MRTI (ΔT > 15 °C) measurements (Table 3.3), discrepancies 

were expected due to limited thermometry precision as well as the inherent difficulty in registering 

the temperature monitoring planes and lesion cutting planes, particularly as the orientation, shape, 

and position of the inspected tissues shift during excision. Both multiple-baseline reconstruction 

(Figures 3.12, 3.14) and respiratory gating (Figure 3.13), using controlled respiration and pressure 

bellow input signal, were demonstrated to reduce motion artifacts for clearer real-time monitoring 

of thermometry during treatments. Compared to multiple-baseline reconstruction, the respiratory 
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gated acquisition scheme permitted more precise thermometry (Table 3.3), and could be similarly 

adapted for multiple-plane monitoring at the cost of temporal resolution.181,182 The multiple-

baseline reconstruction methods as applied also have errors in temperature measurements 

immediately adjacent to the applicator, due to either different circulatory flow conditions or the 

development of temperature gradients caused by cooling water circulation throughout the duration 

of baseline collection. Besides motion compensation, other sources of significant artifacts, such as 

excessive gas in the stomach/bowels and peristalsis motion, could be reduced in future studies by 

flushing and filling the stomach with degassed water prior to treatment,79 and by administration of 

anticholinergic drugs, such as dicyclomine,183 respectively. Although not demonstrated in this 

study, a substantial benefit of MRTI-based thermometry that could be applied in future studies is 

the real-time calculation of thermal dose accumulation in tissues, and inclusion of feedback control 

schemes based on temperature/dose levels in target or sensitive tissues to modulate applied power 

levels and/or applicator positioning.94,184-186 

3.6 Conclusions  

The results of this study demonstrate preliminary feasibility that MR-guided endoluminal 

ultrasound applicators can generate volumetric thermal therapy in pancreatic tissues from within 

the GI tract. MR guidance provides an effective means of localizing and positioning the applicator 

in the GI tract for targeting pancreatic tissues, and has the potential to enable conformal therapies 

through monitoring volumetric temperature elevation. Further development of this approach, 

including treatment control, validation, and refinement to applicator design and MR thermometry 

techniques, is warranted for preclinical evaluation.  
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Chapter	4 

4 Integration	of	deployable	fluid	lenses	and	

reflectors	with	endoluminal	ultrasound	

applicators:	preliminary	investigations	of	

enhanced	penetration	depth	and	focal	

gain	

4.1 Abstract 

Purpose: Catheter-based ultrasound applicators can generate thermal ablation of tissues adjacent 

to body lumens, but have limited focusing and penetration capabilities due to the small profile of 

integrated transducers required for the applicator to traverse anatomical passages. This study 

investigates two designs for an endoluminal or laparoscopic ultrasound applicator with deployable 

acoustic reflector and fluid lens components, which can be expanded after device delivery to 

increase the effective acoustic aperture and allow for deeper and dynamically adjustable target 
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depths. Acoustic and biothermal theoretical studies, along with benchtop proof-of-concept 

measurements, were performed to investigate the general concept and proposed designs. 

Methods: Two distinct applicator designs, one an “end-firing” configuration and the other “side-

firing”, were conceived. The design schema for the end-fire configuration consists of an array of 

tubular transducer(s) situated at the end of a catheter assembly, surrounded by an expandable 

water-filled conical balloon with a secondary reflective compartment that redirects acoustic energy 

distally through a plano-convex fluid lens. The side-fire configuration integrates three planar 

transducer arrays arranged in an equilateral triangle geometry along the tip of the catheter 

assembly, with planar reflectors and plano-convex fluid lens compartments arranged to output 

energy adjacent to the transducer assembly.  By controlling the lens fluid volume, the convex 

surface of the fluid lens can be altered to adjust the focal length or collapsed for device insertion 

or removal. Acoustic output of the expanded applicator assemblies was modeled using the 

rectangular radiator method and secondary sources, accounting for reflection and refraction at 

interfaces. Parametric studies of transducer fixture radius (1-6 mm), transducer length (3-30 mm), 

frequency (1.5-3 MHz), expanded balloon diameter (10-50 mm), lens focal length (10-100 mm), 

lens fluid (silicone oil, perfluorocarbon), and tissue attenuation (0-10 Np/m/MHz) on beam 

distributions and focal gain were performed. A proof-of-concept end-fire applicator assembly was 

fabricated and characterized using hydrophone-based intensity profile measurements. Biothermal 

simulations of endoluminal ablation in liver and pancreatic tissue were performed for target depths 

between 2-10 cm. 

Results: Simulations indicate that focal gain and penetration depth scale with the expanded 

reflector-lens balloon diameter for the end-fire design, and with transducer size for the side-fire 

configuration, with greater achievable fluid lens transmission using perfluorocarbon lens fluid. 
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Simulations of a 50 mm balloon OD, 10 mm transducer OD, 1.5 MHz end-fire assembly in water 

resulted in maximum intensity gain of ~170 (focal dimensions: ~12 mm length x 1.4 mm width) 

at ~5 cm focal depth and focal gains above 100 between 24-84 mm depths. The largest side-fire 

configuration (12 mm fixture OD, 30 mm transducer length, ~40 mm balloon aperture diameter) 

produced a maximum gain of 250 (focal dimensions: ~8 mm length x 1.1 mm width) at ~28 mm 

focal depth and focal gains above 100 between 12-66 mm depths. Compared to a conventional 

applicator with a fixed spherically-focused transducer of 12 mm diameter, focal gain was enhanced 

at depths beyond 20 mm for assembly configurations with expanded balloon diameters ≥ 20 mm. 

Hydrophone characterizations of the experimental end-fire assembly (31 mm reflector/lens 

diameter, 4.75 mm transducer radius, 1.7 MHz) illustrated focusing at variable depths between 10-

70 mm with a maximum gain of ~60 and demonstrated agreement with theoretical simulations. 

Biothermal simulations (30 s sonication, 75°C maximum) indicate that investigated applicator 

assembly configurations could create localized ellipsoidal thermal lesions increasing in size from 

10-46 mm length x 4-8 mm width in pancreatic tissue as target depth increased from 2-8 cm.  

Conclusions: Preliminary theoretical and experimental investigations demonstrate that combining 

endoluminal ultrasound with an expandable acoustic reflector and fluid lens assembly can 

significantly enhance acoustic focal gain and penetration from inherently smaller diameter 

catheter-based applicators. 

 

4.2 Introduction 

Endoluminal catheter-based ultrasound applicators provide a minimally invasive option for 

delivering localized and spatially-precise thermal therapy to tissue targets that are adjacent to body 

cavities or lumens. Compared to other commonly used energy sources for thermal ablation, such 
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as RF, laser, or microwave, ultrasound provides a high degree of control over the spatial deposition 

of energy and heating, and improved penetration for targeting deeper tissues.63   Extracorporeal 

high intensity focused ultrasound (HIFU) uses large focused transducer arrays (0.5-1.5 MHz) to 

target depths of 10-15 cm and is completely non-invasive, but requires a clear acoustic window 

from the transducer to the target location for safe and effective treatments, which is challenging in 

treating sites near in proximity to bone or gaseous interfaces such as the bowels or lungs.54 

Catheter-based ultrasound, while more invasive than external HIFU, can be used to target sites 

with limited external acoustic access and provides better volumetric energy localization.63  

Despite its advantages, there are physical limitations to current endoluminal ultrasound 

technology which impose practical constraints on achievable energy and thermal penetration 

depths. By necessity, these catheter-based devices need to have a small size profile (i.e., overall 

diameter) and high flexibility in order to navigate through narrow luminal passages to reach the 

target site. Similarly, laparoscopic-based ultrasound devices are restricted in diameter to minimize 

the incision or port size for access to the abdominal cavity. These requirements constrain the 

physical size of the integrated transducer assembly (fixed or phased array) and its effective 

aperture, thereby limiting acoustic output and depth of penetration typically to within a few 

centimeters of the device. While this limited penetration may be appropriate for sites with shallow 

and small targets, greater penetration and control of the focal depth could expand the utility of 

endoluminal ultrasound for treating sites with larger and/or deeper targets, such as for advanced 

stages of liver or pancreatic cancer. Beyond simply extending the length of produced lesions, a 

valuable capability would be target depth specificity, whereby localized lesions could be generated 

at specified depths without substantial near-field heating. This would be essential for targeting 

tissues with deep borders (>~3 cm) from the luminal wall, without inducing thermal injury to the 
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luminal wall or intervening tissues. Accomplishing such specificity requires high focal gain at 

target depths, which is typically precluded at focal depths beyond a few centimeters due to the 

small effective aperture of mounted focused transducers.  

One means of enhancing the effective aperture of radiating acoustic energy in endoluminal 

ultrasound, without compromising the device’s ease of placement or delivery, is to integrate an 

expandable multi-compartment balloon around the transducers that serves as an acoustic reflector. 

The concept of combining endoluminal ultrasound with expandable balloon reflectors was 

introduced by Nakagawa et al., where it was used to re-direct and focus acoustic energy from a 

tubular transducer source to create annular ring lesions for pulmonary vein isolation.75 Their design 

featured a multi-compartment balloon that was collapsed during device delivery and removal, and 

expanded at the treatment site up to a diameter of 35 mm, with the inner coupling compartment of 

the balloon filled with water and the outer compartment filled with CO2
 gas to form the reflective 

interface.87 Whereas the Nakagawa et al. device used a highly-precise and fixed parabolic surface 

geometry to create the annular ring focus, a simpler balloon geometry, such as a conical surface 

profile, could be combined with tubular transducer sources to redirect all energy in the forward 

direction of the applicator, without focusing. Reflected energy would be dispersed over a larger 

surface area (as a function of the reflector geometry) relative to the source, resulting in an increased 

effective aperture of the acoustic emission. While focusing could also be directly achieved using 

the reflector, as demonstrated by Nakagawa et al., it requires a more complex and geometrically-

precise surface profile upon inflation, which is not practically amenable to dynamic and fine 

adjustment in order to vary the size or depth of the focal region. 

Rather than use the deployable reflector to both augment the aperture and focus the acoustic 

energy, focusing can be achieved using an acoustic fluid lens. Fluid lenses incorporating 
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perfluorocarbon or silicone oil solutions have been integrated with therapeutic ultrasound sources 

for extracorporeal hyperthermia applications by Yoon et al.53,187 The lens is composed of a liquid 

that has a different speed of sound relative to water or tissue contained by a distensible membrane, 

and by varying the fluid volume, the spherical radius-of-curvature (ROC) of the convex membrane 

and resulting focal length of the lens can be adjusted. This distensible spherical lens allows for 

dynamic adjustment of the focal depth, and serves as a simpler, albeit more limited, means of 

achieving dynamic focusing capabilities as compared to a 2D phased array source which, while 

permitting dynamic 3D focusing, is significantly more expensive and technically complex to 

fabricate and operate.  

Based upon the above concepts, the core design concept explored herein is to combine 

deployable acoustic reflectors and fluid lenses within an endoluminal ultrasound applicator, as a 

means to increase focusing and penetration depth, while maintaining a small insertion profile. 

Figure 4.1 shows concept drawings of two distinct “end-firing” and “side-firing” deployable 

applicator configurations, each of which featuring an expandable multi-compartment balloon that 

functionally serves as an acoustic reflector and lens in order to disperse acoustic energy across a 

larger surface area and focus it. The proposed “end-fire” design, as shown in Figure 4.1 (a), 

consists of a central tubular transducer source surrounded by a conical balloon filled with water in 

the interior compartment and gas or reflective components in the external compartment to form a 

reflective surface. At the distal tip, a separate balloon compartment would serve as a plano-convex 

fluid lens, with a distensible distal membrane to permit dynamic adjustment of the focal depth by 

changing the volume of lens fluid. The “side-fire” design (Figure 4.1 (b)) utilizes three planar 

transducer arrays geometrically arranged in an equilateral triangle configuration along the long 

axis of the applicator, with deployable reflector and distensible fluid lens compartments spatially-



108 

configured to direct and focus all acoustic energy adjacent to the applicator. Both configurations 

would emulate a larger diameter spherically-focused device with the focal region in line with or 

adjacent to the longitudinal axis of the device, for the end-fire and side-fire designs, respectively. 

For both configurations, the entire reflector-lens assembly would be collapsible during device 

insertion and removal, and could be deployed at the target site, such as the stomach or GI tract, for 

treatment. 

The objective of this study is to evaluate the capabilities of the proposed designs and 

characterize their performance as a function of various design parameters, applying both 

theoretical and experimental approaches. Models of acoustic propagation through both assemblies, 

incorporating the rectangular radiator method and the method of secondary sources to incorporate 

acoustic reflection and refraction at material interfaces, were implemented. An extensive set of 

parametric studies over transducer, reflector, lens, and tissue properties were performed to 

investigate their effects on resulting acoustic pressure and intensity distributions for each 

applicator design. In order to validate the acoustic modeling methodology and core concepts 

explored in this study, a modular proof-of-concept “end-fire” applicator assembly was designed, 

fabricated, and characterized using hydrophone measurements for comparative purposes. Finally, 

a series of three-dimensional biothermal simulations were performed to investigate the heating 

characteristics produced by each proposed design for endoluminal ultrasound ablation in pancreas 

and liver tissue targets.    
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Figure 4.1  Schematics of two ultrasound applicator designs that each integrate a multi-compartment 
balloon that serves as a deployable acoustic reflector and fluid lens. The multi-compartment balloons are 
illustrated in their expanded or deployed states. For the (a) end-fire configuration, acoustic energy would 
be emitted by the central tubular transducer, reflected off the conical reflector interface, and focused by the 
convex interface of the fluid lens in line with the long axis of the device. The (b) side-fire configuration 
consists of three planar transducers arranged in triangular geometry, and the reflector is used to collimate 
energy from the posterior elements in line with the anterior element for focusing energy adjacent to the 
applicator.  

4.3 Methods 

Acoustic modeling of the wave propagation within and through multiple material interfaces is 

complex, and requires incorporation of wave reflection and refraction. Figure 2 (a)-(b) shows side-

profile and transverse section schematics of the proposed applicator assemblies, with ray traces to 

approximate how the acoustic energy propagates through each compartment of the expanded 

balloons. For the end-fire design, acoustic energy would be generated by the central tubular 

transducer array, and emitted radially through the water-filled interior compartment. Complete 

reflection would occur at the interface to the outer gas-filled compartment, which has a 45° angle 

relative to the long axis of the device in order to collimate all reflecting acoustic energy along the 

long central axis of the device. At the interface between the water-filled compartment and the fluid 

lens, partial reflection would occur due to the impedance mismatch between the two fluids. Partial 

reflection and refraction of the acoustic waves would occur at the distal interface of the fluid lens 

due to its convex surface, which focuses the beam. For the side-fire, acoustic energy would be 
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generated by the posterior and anterior planar transducer arrays, which are arranged in an 

equilateral triangular cross-sectional geometry. The acoustic output of the posterior elements 

would be completely reflected by the posterior gas-filled compartment with planar surface profiles 

that are angled to collimate energy along the direction of the anterior transducer element. Akin the 

end-fire design, partial reflection/transmission would occur at the interface of the water-filled 

compartment and fluid lens, and then partial reflection and refraction at the convex boundary of 

the fluid lens. Due to the different distance travelled by the acoustic waves outputted by the 

posterior planar elements relative to the anterior element, a phase difference in the driving signals 

may be necessary to ensure the waves are all in phase at the focus. A thorough description of the 

theory and methodology employed to model acoustic propagation through the applicator 

assemblies is given below: 
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Figure 4.2  Simplified ray traces of acoustic propagation for the (a) end-fire and (b) side-fire configurations, 
highlighting reflection/refraction at each material interface of the applicator assembly, as numbered. 
Complete reflection occurs at interface 1., partial reflection at interface 2., and partial reflection and 
refraction at interface 3.. Materials comprising each interface:  1. Water-gas (CO

2
); 2. Water-lens fluid; 3. 

Lens fluid-field medium (water, tissue). (c) Diagram for theoretical modeling of reflection and refraction 
at each material interface.  

4.3.1 Acoustic	modeling	theory	

In a homogeneous medium, the acoustic velocity potential (ψ) due to a radiating transducer source 

in an infinite rigid baffle can be determined using the Rayleigh-Sommerfeld diffraction integral:  
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Eq.  4.1 

where integration is over the entirety of the radiating surface S, u [m/s] is the normal particle 

velocity on the radiating surface, ߤ [Np/m] is the acoustic attenuation coefficient of the medium, 

݆ ൌ √െ1, k [radians/m] is the wave number, and r [m] is the distance between the field point and 

an infinitesimal source element of area dS. By discretizing the radiating surface into N elements of 

small enough area ΔS	to be considered point sources, and summing the contributions from each 

element to the field point of interest, the expression can be evaluated as: 
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Eq.  4.2 

where subscript n corresponds to the nth element. The resulting acoustic pressure on a field point 

is:  
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Eq.  4.3 

where ߩ [kg/m3] is the density and ܿ [m/s] is the speed of sound of the medium. If the radiating 

source is divided into N rectangular elements, then the rectangular radiator method50 (Eq. 1.13) 

can be used to calculate the field point pressure. 
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In order to model wave refraction and reflection at material interfaces, the secondary source 

approach as applied by Fan and Hynynen188 and expanded by Moros et al.189 was employed, 

whereby each interface was treated as a new radiator source of a complex wave front that reflects 

energy back into the original medium or transmits (refracts) energy into the second medium. This 

method assumes plane wave theory, which was regarded as an acceptable approximation for our 

analysis as the distances between interfaces typically exceeded several wavelengths.  

As shown in Figure 4.2 (b), consider a ray from the nth small point source of the radiating 

surface traveling along ݎ to an infinitesimal area of the interface between two mediums at an angle 

of incidence ߠଵ relative to the interface surface normal. By definition, the particle velocity along 

  : can be calculated by taking the derivative of the velocity potential of the small sourceݎ
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Eq.  4.4 

where ݇ଵ	[radians/m] is the wave number of the first medium. The reflected particle velocity from 

the interface due to the incident ray can be calculated as the particle velocity at the interface in the 

first medium multiplied by the velocity reflectivity ܴ௩, and is defined along a new direction ߠଵ
ᇱ . 

Hence, the normal reflected particle velocity on the interface (Δݒோ) is the component of the 

reflected particle velocity along the normal of the interface: 

 
Δݒோ ൌ ܴ௩ ∙ Δݒ ∙ cosሺߠଵ
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Eq.  4.5 

where the velocity reflectivity ܴ௩	can be calculated as: 
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Eq.  4.6 

Similarly, the transmitted or refracted particle velocity in the second medium is equal to the particle 

velocity at the interface in the first medium multiplied by the velocity transmittivity	 ௩ܶ, and is 
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defined along the direction ߠଶ. The normal transmitted particle velocity on the interface (Δ்ݒሻ	is 

the component of the transmitted particle velocity in the second medium along the normal to the 

interface:  

 
Δ்ݒ ൌ ௩ܶ ∙ Δݒ ∙ cosሺߠଶሻ 

 
Eq.  4.7 

Where the velocity transmittivity ௩ܶ can be calculated as defined in Fan and Hynynen188 (rather 

than the approximation employed in Moros et al.189): 
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Eq.  4.8 

Note that the angles of incidence ሺߠଵሻ, reflection ሺߠଵ
ᇱሻ, and refraction ሺߠଶሻ are related by Snell’s 

Law: 
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Eq.  4.9 

The reflected and transmitted normal particle velocities on the interface due to the entire radiating 

surface source are calculated by summing the contributions from each source element: 
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Eq.  4.10 

 
 
 
 
Eq.  4.11 

By discretizing the entire interface surface into M sub-elements, and using Eqs. (11, 12) to 

calculate the reflected and transmitted normal particle velocities for each element, the interface 

can be treated as a new radiating source. The resultant pressures in the second (or transmitted) 

medium can be calculated using Eqs. 4.2, 4.3 or Eq. 1.13, by summing over the M interface 

elements where n is replaced by m, the index of the mth interface element, and ݑis replaced by 
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்ݒ , representing the transmitted normal velocity of the mth element. Similarly, the pressures in 

the first medium from interface reflections can be calculated using ݒோ , the reflected normal 

velocity of the mth interface element. Further, successive material interfaces can be each regarded 

as secondary sources, whereby the normal velocity distributions on each interface are calculated 

using Eqs. 4.10, 4.11 using the reflected or transmitted normal velocity distributions of the prior 

interface or radiating source as the input.  

Acoustic propagation through each applicator assembly was modeled by separately 

considering each interface as secondary sources. The interfaces, as shown and numbered in Figure 

4.2 (a)-(b), consist of 1 –  the water-gas interface between the internal and reflector compartments; 

2 –  the water-lens fluid interface between the internal and lens compartments; and 3 – the interface 

between the lens fluid and the adjacent medium in the computational field. For interface 1, the 

central tubular transducer is used as the radiating source in the end-fire configuration, whereas the 

posterior transducers are the sources in the side-fire. The reflected normal particle velocity 

distribution on the conical and planar interfaces are calculated for the end-fire and side-fire 

assemblies, respectively. These interfaces are approximated as an ideal reflector, with a velocity 

reflectivity R of 1 and no acoustic transmission into the adjacent gas compartment. The 

contributions of each element of the transducer source were constrained to affect only the elements 

of the interface that were in front of the source element tangent plane. For interface 2, the reflected 

normal velocity distribution on interface 1 was used to calculate the transmitted normal particle 

velocities on the planar interface. For the side-fire, the normal velocity distribution on the anterior 

planar transducer was also used. Contributions from source-interface element pairs were nullified 

if the ray trace between the two elements intersected with the central transducer structure. For 

interface 3, the transmitted normal velocity distribution of interface 2 was used to calculate the 
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transmitted normal velocities on the convex lens surface. Following, the pressure field in the 

adjacent medium was calculated by discretizing the lens surface into rectangular subelements and 

using the transmitted normal velocity distribution as the input for the rectangular radiator method 

(Eq. 1.13). The surface geometry of the convex lens was modeled as a spherical section, which is 

an appropriate approximation of the more complex parabolid geometry that characterizes fluid 

lenses made in practice.190   

4.3.2 Fluid	lens	analysis	

A theoretical analysis was used to characterize acoustic performance of the fluid lens and to 

compare two candidate lens fluids: perfluorocarbon solution and silicone oil. The acoustic 

properties each of these fluids were taken from formulations in Yoon et al.187, and are shown in 

Table 4.1. The lens focal length, aperture diameter, and constituent fluid were all varied to 

investigate their impact on energy transmission across the convex lens interface. The focal length 

of the lens was approximated using the optical analogy for a plano-convex lens53:   
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Eq.  4.12 

where ROC [m] is the radius-of-curvature of the lens, and ܿଵ and ܿଶ are the speed of sound of the 

lens fluid and water, respectively. Eq. 13 was used to determine the ROC associated with each lens 

focal length. 

For the analysis, a 2D central cross-section of the spherical lens was considered. Energy 

transmission across the lens was determined by calculating and summing the power transmission 

coefficient ܶ௪ across the 2D section:  
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Eq.  4.13 

 

Snell’s law (Eq. 4.9) was used to calculate the relationship between angle of incidence and angle 

of refraction. At each point along the 2D section, the power transmission coefficient was calculated 

assuming a uniform and collimated energy source, such that the angle of incidence varied along 

the section according to:  
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Eq.  4.14 

where x is the x-coordinate of the point along the 2D section, and defined as zero at the center of 

the lens. The maximum absolute x-coordinate along the lens was constrained by the aperture 

diameter, and could not exceed the lens ROC. The sum of the power transmission coefficient 

across the 2D section was used to approximate the total energy transmission. 

Liquid 
Density 

(kg/m3) 

Speed of Sound 

(m/s) 

Attenuation 

(Np/m/MHz) 

Silicone Oil  980 1002 0.055 

Perfluorocarbon 1820 610 0.006 

Water 1050 1484 ~ 0 

Table 4.1  Acoustic properties of prospective lens fluids and water. 

4.3.3 Influence	of	applicator	design	parameters	on	focal	properties	

Using the theory and methodology presented in the prior section, parametric studies were 

performed to characterize acoustic output of both applicator assembly designs. Parameters varied 

for the end-fire design include the expanded balloon aperture diameter (as illustrated in Figure 4.2 



117 

(a)) between 10-50 mm, the transducer radius (1-6 mm), and lens focal length (1-100 mm). For 

each distinct configuration, the height of the tubular transducer was set by the expanded balloon 

diameter, matching the height of the conical reflector compartment (varying accordingly between 

~3-25 mm). For the side-fire design, the radius of the transducer housing fixture and the length of 

the transducers were adjusted between 2-6 mm and 10-30 mm, respectively. The width of each 

transducer segment was equal to 0.866 ∗	ሺ2	 ∗ 	Fixture	radiusሻ െ 1	mm, where the 1 mm is to 

ensure a 0.5 mm gap between the transducer sides from the edge of the housing fixture.  All 

simulations were performed using a perfluorocarbon lens fluid and the resulting acoustic pressure 

and time-averaged intensity distributions were calculated in a water medium.  

Simulations were also performed for a single spherical bowl transducer (without 

incorporating the reflector-lens assembly) in a water medium, to serve as a comparison. The 

spherical transducer aperture radius was varied between 1-6 mm, and the ROC adjusted between 

1-100 mm. In both cases, the transducer operating frequency was 1.5 MHz. 6 mm was chosen as 

the upper limit of the transducer radius in both sets of simulations as a conservative size constraint 

on the non-collapsible overall device profile. This upper limit would be appropriate for endogastric 

access, based on diameters of currently available endoscopes on the market.141  

A second series of parametric studies, utilizing only the end-fire applicator configuration, 

investigated the effects of transducer frequency and attenuation of the field medium on achievable 

focal gain as a function of focal depth. A single end-fire configuration was used (50 mm expanded 

balloon diameter, 5 mm transducer radius), while the transducer frequency was varied between 1.5 

and 3 MHz, and the medium attenuation varied between 0-10 Np/m/MHz, assuming a linear 

frequency dependence. 
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4.3.4 Experimental	validation	

In order to validate the methodology and acoustic simulations presented herein, a proof-of-concept 

end-fire test applicator assembly was designed, fabricated, and characterized using hydrophone 

measurements of the beam profiles. The assembly, as shown in Figure 4.3, consists of a 9.5 mm 

OD x 9.5 mm height 1.70 MHz tubular transducer mounted on a 3D printed housing fixture (Form 

1+, Formlabs Inc.), centered in a conical brass reflector fixture. The fluid lens was made from a 

3D printed fixture (Form 1+, Formlabs Inc.), with a latex sheet (.006” thick, McMaster-Carr) 

serving as the distal distensible lens membrane, and a stiff polyimide sheet (.005” thick, McMaster-

Carr) as the proximal boundary. Fluid inlet and outlet ports were used to inject the perfluorocarbon 

solution (Fluorinert FC-43, Synquest Lab Inc.) into the lens, and the radius of curvature of the 

latex membrane could be manually adjusted by varying the volume of perfluorocarbon in the 

fixture. The aperture diameter of the lens and the diameter of the brass reflector opening were 31 

mm. The fluid lens fixture was centered over the applicator-brass reflector assembly using a 3D 

printed adapter (M200, Zortax).  

 

Figure 4.3  (a) Cross-sectional schematic of the proof-of-concept end-fire applicator assembly, consisting 
of a tubular transducer applicator (1.70 MHz, 4.75 mm radius x 9.5 mm height, white arrow) mounted in a 
brass conical reflector fixture, a fluid lens fixture filled with perfluorocarbon solution, and 3D printed 
adapters for mounting and alignment. (b) The applicator, brass reflector and lens fixture subassemblies are 
shown. (c) Acoustic characterization was performed using hydrophone scanning in a water tank, and the 
focal length of the lens was varied between measurements by adjusting the fluid volume in the lens fixture. 
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Measurements of the intensity profiles of the modular POC assembly were performed in 

deionized, degassed water by scanning a needle-type hydrophone (Onda HNP-0400, Onda Corp.) 

under computerized motor control and acquisition. Longitudinal scanning planes through the 

applicator center and extending up to 90 mm in depth were obtained for a range of lens focal 

length, which was varied by adjusting the volume of fluid in the lens between scans. The step sizes 

were 0.5 mm in the transverse dimension and 1 mm in the axial dimension, and the pulse repetition 

period and burst count were 1 ms and 230 cycles, respectively. Peak-to-peak voltage measurements 

from the hydrophone were taken using an oscilloscope (AFG3022C, Tektronic, Inc.), and 

converted into time-averaged intensity values using the acoustic efficiency of the transducer. The 

transducer efficiency was determined through force balance measurements98 using a bottom-

loading mass balance (AE200, Mettler-Toledo Ltd.), with the applicator-reflector subassembly 

submerged in deionized and degassed water, directing acoustic energy into absorbers suspended 

from the balance. Acoustic simulations that modeled the POC assembly were performed for 

comparative purposes, but did not incorporate modeling of the thin latex or polyimide lens 

membranes.   

4.3.5 Biothermal	modeling	theory	

In order to investigate the utility of the proposed applicator assemblies for thermal ablation of 

tissue, three-dimensional bioheat transfer models of endoluminal tissue heating in liver and 

pancreatic tissue were employed. Transient temperature distributions resulting from the incident 

acoustic pressure field were simulated using an implicit finite element method solver (COMSOL 

Multiphysics 4.3, Burlington, MA) and the Pennes bioheat transfer equation111 (Eq. 1.16).  
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The acoustic heat deposition in tissue was derived from the acoustic pressure field using Eq. 1.17. 

The acoustic absorption coefficient was approximated as equal to the acoustic attenuation 

coefficient μ (Np m-1) for each tissue, as all scattered energy was assumed to be absorbed locally. 

4.3.6 Simulated	temperature	distributions	from	deployable	assemblies	

A three-dimensional model of endoluminal ablation of either liver or pancreatic tissue 

through the stomach wall, as shown in Figure 4.4, was used. The deployable applicator assembly 

was situated in the stomach lumen, with the rest of the lumen filled with cooling and coupling 

water (25 °C). In order to constrain the parametric space, two select configurations of the end-fire 

applicator assembly were modeled: configuration 1 was for 30 mm expanded balloon diameter, 3 

mm transducer radius x 12 mm height, sonicating at 1.5 MHz; configuration 2 was for 50 mm 

expanded balloon diameter, 5 mm transducer radius x 20 mm height, sonicating at 1.5 MHz. One 

configuration of the side-fire applicator assembly was modeled, incorporating a fixture radius of 

6 mm and transducer height of 30 mm, resulting in an effective balloon diameter of ~40 mm. Short 

duration (30 s) sonications were simulated, with a constant transducer input power that was 

empirically adjusted to produce a maximum tissue temperature of 75 °C by the end of sonication. 

The maximum value of the input power was constrained so as not to exceed a transducer surface 

intensity of 20 W/cm2.191 The lens focal length was varied between simulations to evaluate the 

capability of producing selective heating at specific depths up to 10 cm.  
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Figure 4.4  Generic tissue block model for thermal simulations of endoluminal ablation of liver or pancreatic 
tissue using the proposed ultrasound applicator assemblies. Ranges for the dimensions for the tissue block 
and constituent features (transducer dimensions, expanded balloon diameter) of the applicator assembly are 
shown. The transducer frequency was 1.5 MHz, and the radius-of-curvature of the lens was adjusted to 
target focal depths of 2-10 cm in the tissue. 

For comparative purposes, simulations were also performed for a more conventional 

endoluminal ultrasound applicator design that contained a single 1.5 MHz, 12 mm diameter 

spherically focused transducer. The ROC of the transducer was varied to adjust the treatment focal 

depth.  

The acoustic and thermal material properties of each tissue that were incorporated in the 

simulations are listed in Table 4.2.129,143,144 Water cooling (25 °C) was modeled on the interior of 

the stomach luminal surface, by using a convective heat flux boundary equation with a heat transfer 

coefficient of h = 500 W/m2/°C.129 The stomach wall was modeled as 3 mm thick.160 Dirichlet 

boundary conditions constrained the outer borders of the tissue boundary to 37 °C. In order to 

simulate the dynamic cessation of perfusion during ablation, tissue perfusion was reduced from its 

nominal value to zero when the temperature exceeded 52 °C, which closely tracks the boundary 
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of lethal thermal dose in these simulations.113 Borders of coagulative necrosis or thermal lesion 

formation by the end of the sonication were approximated by the T > 52 °C contour.  

Tissue 
Density 

(kg/m3) 

Attenuation 

(Np/m) 

Thermal 

conductivity 

(W/m/°C)  

Specific heat 

(J/kg/°C) 

Perfusion 

rate 

(kg/m3/s) 

Pancreas 1045 11.9f 0.78 0.51 3164 10 

Liver 1050 6.9f 0.51 3639 15.8 

Stomach Wall 1045 5f 0.53 3698 6.75 

Blood 1050 - 0.52 3617 - 

Table 4.2  Material properties of tissues used in biothermal modeling studies.  

4.4 Results 

4.4.1 Fluid	lens	analysis		

Figure 4.5 illustrates how acoustic energy transmission across a fluid lens with a spherical 

curvature changes as a function of lens fluid, aperture diameter, and focal length. Energy 

transmission rises with increasing focal length up to a saturation level, and increasing the aperture 

size yields a greater saturation level at a higher focal length. At each focal length, there is a 

maximum limit of energy transmission that cannot be raised by increasing the aperture size, and 

that scales in magnitude with focal length. Figure 4.5 also shows that at all focal lengths, the 

perfluorocarbon fluid lens permits greater energy transmission as compared to silicone oil. The 

difference in transmission is relatively minimal beyond the saturation focal length for each aperture 

size, but is more significant prior to saturation. Hence, these results formed the basis for employing 

perfluorocarbon as the lens fluid in the remaining modeling and experimental work presented in 

this study.   
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Figure 4.5  Normalized energy transmission through the convex interface of the fluid lens as a function of 
lens focal length, lens fluid (PF – perfluorocarbon, SO – silicone oil), and aperture diameter (10, 30, or 50 
mm). 

4.4.2 Influence	of	applicator	design	parameters	on	focal	properties	

Figures 4.6 (a)-(c) show three 2D planes of simulated longitudinal intensity distributions, 

corresponding to a single end-fire applicator assembly configuration (50 mm expanded balloon 

diameter, 5 mm transducer radius x 20 mm length, 1.5 MHz) at three focal depths of ~20, 40, and 

60 mm in water. The scale is normalized to the input surface intensity of the tubular transducer, 

thus representing effective intensity gain. For each assembly configuration, a series of central axial 

intensity profiles were simulated, as demonstrated in Figure 4.6 (d) for the 50 mm balloon 

diameter, 5 mm transducer radius x 20 mm length configuration. Each individual intensity vs. 

depth profile corresponds to a specific lens focal length, and interpolation of the maximum gains 

and corresponding depths across all profiles was used to generate a general “performance 

envelope”. This envelope approximates the maximum achievable focal gain at each depth that 

could be realized by adjusting the lens curvature, and was generated for each applicator 

configuration.    
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Figure 4.6  Simulated acoustic intensity gain distributions in water for the end-fire applicator assembly (1.5 
MHz, 50 mm expanded balloon diameter, 5 mm transducer radius) for three separate lens focal lengths of 
(a) ~20 mm, (b) ~40 mm, and (c) ~60 mm. (d) A series of intensity profiles along the central axial axis 
(solid lines) are created by varying the lens focal length. Depth is measured as the axial distance from the 
lens membrane. By compiling the maximum intensity and corresponding depth of each profile, an 
interpolated envelope (dotted line with stars) or “performance envelope” that approximates the achievable 
focal gain at each depth can be determined.  

A series of performance envelopes for 1.5 MHz end-fire configurations are shown in Figure 

4.7, with expanded balloon diameter (10-50 mm) varied between panels and transducer radius (1-

6 mm radius) varied between curves. In the last panel (Figure 4.7 (f)), a series of simulations 

corresponding to a single spherically focused transducer, with varying aperture radius and ROC, 

is shown for comparison. It can be seen that as the balloon diameter of the applicator assembly 
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increases, both the magnitude and the depth of the maximum focal gain increase. For all 

configurations, the achievable focal gain generally increases as a function of focal depth up to a 

maximum value, then tapers down gradually. In varying the transducer radius for each balloon 

size, the maximum focal gain is achieved by an intermediate transducer radius value. As the 

balloon aperture increases, then the transducer radius that corresponds to the curve with the highest 

maximum gain increases as well. Comparing the end-fire applicator assembly configurations to 

the spherical transducer, it is evident that at very short focal depths (<15 mm) the largest spherical 

transducer is capable of higher focal gains than any of the assembly configurations. However, 

beyond 20 mm, many assembly configurations with balloon diameters of 2 cm or greater achieve 

higher focal gain, with an increasing discrepancy in magnitude as the balloon size and focal depth 

increase. As a quantitative comparison, whereas the 6 mm radius spherical bowl transducer cannot 

effectively produces a focus beyond 30 mm, the assembly configuration with a 50 mm balloon 

diameter and 5 mm transducer radius achieves its peak focal gain of ~170 around 45 mm depth 

and tapers off gradually, retaining a gain of ~90 at 100 mm depth. Smaller configurations with a 

10 mm balloon diameter show a maximum potential focal gains of ~6 and cannot focus beyond 2 

cm.  
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Figure 4.7  (a)-(e) Approximate maximum focal gain of the end-fire applicator assembly at 1.5 MHz 
operating frequency, as a function of focal depth, transducer radius (“Rad”), and expanded balloon 
diameter. (f) A comparative case, consisting of a 1.5 MHz spherically focused transducer of various 
aperture radii with curves generated by varying the radius-of-curvature, is shown.  

The performance envelopes for the side-fire applicator configurations are shown in Figure 

4.8. Achievable intensity gain increases as a function of larger transducer height and fixture width, 

as both parameters also corresponded to larger expanded balloon dimensions. The absolute 

maximum of the achievable focal gain is greater for the side-fire configuration compared to the 

end-fire, but the gain also exhibits steeper fall-off as the focal depth increases. For example, the 

maximum gain of the largest side-fire configuration (6 mm fixture radius, 30 mm transducer 

height, ~40 mm effective balloon aperture) is ~250 at a depth of ~28 mm, whereas the maximum 

gain of the optimal end-fire configuration (5 mm transducer radius, 20mm transducer height, 50 

mm balloon aperture) is ~170 at ~46 mm. At 50 and 60 mm depths, the gain of the largest side-

fire configuration drops down to ~160 and ~115, respectively, while at the same depths the end-

fire configuration gains are ~170 and ~135, respectively.  
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Figure 4.8  Approximate maximum focal gain of the side-fire applicator assembly at 1.5 MHz operating 
frequency, as a function of focal depth, fixture radius (“Rad”), and transducer heights, ranging from (a) 10 
mm, (b) 20 mm, and (c) 30 mm.  

The approximate sizes of the focal zones produced by the end-fire configurations in terms 

of the full-width-half-max (FWHM) across the axial and transverse dimensions, corresponding to 

the extents of the -3 dB intensity contours, are shown in Figures 4.9 and 4.10, respectively. As 

expected, the axial length of the focal zone generally increases with rising focal depth, though for 

configurations with larger balloon apertures there is an inflection point, where the axial length only 

starts to increase significantly after a specific focal depth. As the balloon size increases, this 

inflection point translates to higher focal depths, and the overall magnitude of axial length 

decreases significantly (e.g., for 50 mm focal depth, the axial length is ~50 mm for configurations 

with 20 mm balloon diameter, and ~10 mm for 50 mm diameter). Within each balloon size, the 

axial length of the focal zone correlates with transducer radius, with smaller transducers producing 

tighter foci; this is opposite the behavior for the spherical bowl transducer. The spherical bowl 

transducer, compared to the tubular applicator assembly configurations, generally produces larger 

focal zones beyond a ~15 mm depth. The transverse width of the focal zone increases as a function 

of focal depth and decreases as balloon size increases, though to a lesser extent as compared to the 
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axial length. In contrast with the axial length, the width decreases as transducer radius increases, 

though to a relatively minimal degree (~0.5 mm as transducer radius increases from 1 to 6 mm).    

 

Figure 4.9  (a)-(e) Axial length of the focal zone as defined by the -3 dB intensity extents or FWHM for the 
end-fire applicator assembly, as a function of focal depth, transducer radius (“Rad”), and expanded balloon 
diameter. (f) Focal zone length for a spherically focused transducer with varying radius and radius-of-
curvature.  
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Figure 4.10  (a)-(e) Transverse width of the focal zone as defined by the -3 dB intensity contours or FWHM 
for the end-fire applicator assembly, as a function of focal depth, transducer radius (“Rad”), and expanded 
balloon diameter. (f) Focal zone width for a spherically focused transducer with varying radius and radius-
of-curvature.  

The axial and transverse FWHM dimensions of the focal zones produced by the side-fire 

applicator configurations are shown by Figure 4.11 and Figure 4.12, respectively. It can be seen 

that increasing the fixture radius and transducer height increases in tighter foci, and that the fixture 

radius has a greater impact on the focal zone dimensions compared to the end-fire deisng. This is 

likely because the fixture radius is intrinsically linked to the overall size of the reflector-lens 

balloon for the side-fire design. Also, unlike the end-fire design, the focal zone is not symmetric 

around the central longitudinal axis, due to different dimensions of the balloon aperture along the 

X and Y dimensions, where Y is the dimension along the transducer height, and X the transducer 

width. As such, the transverse FWHM measures are shown along the X (Figure 4.12 (a)-(c)) and 

Y (Figure 4.12 (d)-(f)) profiles as well.  
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Figure 4.11  Axial length of the focal zone as defined by the -3 dB intensity extents or FWHM for the side-
fire applicator assembly, as a function of focal depth, fixture radius (“Rad”), and transducer heights ranging 
from (a) 10 mm, (b) 20 mm, and (c) 30 mm. 

 

Figure 4.12  Transverse dimensions of the focal zone as defined by the -3 dB intensity extents or FWHM 
for the side-fire applicator assembly, as a function of focal depth, fixture radius (“Rad”), and transducer 
heights. Dimensions along the X axis are shown in (a)-(c), and the Y axis shown in (d)-(f). 

Figure 4.13 shows the results for the second series of parametric studies for a single end-

fire deployable configuration (50 mm balloon diameter, 5 mm transducer radius x 20 mm height), 

with the transducer frequency and attenuation of the medium varied. As expected, increasing the 
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frequency results in tighter foci, with shorter -3dB axial and transverse extents and greater focal 

gains in non-attenuating mediums. As the medium attenuation increases, then the lower frequency 

assembly is capable of producing greater gain at longer focal depths, whereas the higher frequency 

provides greater gain at shorter depths. 

 

Figure 4.13  Effects of transducer frequency, tissue attenuation, and focal depth on the maximum (a) focal 
gain, (b) axial length, and (c) transverse width of the focal zone for an end-fire applicator assembly 
configuration with a 50 mm expanded balloon diameter and 5 mm transducer radius. 

4.4.3 Experimental	validation		

Figure 4.14 (a) shows beam-plots created from scanning hydrophone measurements of the test 

end-fire applicator assembly in a water tank. Each contour plot shows the normalized pressure-

squared distributions along longitudinal scanning planes along the central axis, with the transverse 

origin at the center of the fluid lens and the depth origin situated ~1 mm axial from the lens 

membrane. Four distributions are shown, each obtained using a different volume of lens fluid 

injected into the fluid lens to alter its distal curvature and effective focal length. These plots (a-d) 

show focal depths between ~ 1 cm and ~5 cm, and illustrate broadening of the axial length of the 

focal zone as the lens volume is reduced and focal depth increases. 

A series of central axial intensity profiles were measured for the test applicator assembly 

across eleven distinct focal depths by varying the lens fluid volume. The measured profiles are 

shown in Figure 4.14 (e) and the corresponding simulated intensity gain profiles that model the 
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test assembly in Figure 4.14 (f). Overall agreement between the experimental and theoretical 

profiles and trends is good, though discrepancies are present, particularly at the near or far limits 

of the focal depth.  

 

Figure 4.14  (a)-(d) Normalized beam plots (pressure-squared distributions) measured by hydrophone in 
water for the experimental end-fire test applicator assembly at increasing focal lengths or distensions of the 
fluid lens. (e) Measured and (f) simulated central axial intensity gain profiles at a range of focal lengths. 

4.4.4 Simulated	temperature	distributions	from	deployable	assemblies	

Figure 4.15 shows simulated temperature distributions in pancreatic tissue after 30 s sonication 

using the larger end-fire applicator assembly (50 mm balloon diameter, 5 mm transducer radius x 

20 mm height, 1.5 MHz) at four distinct lens focal depths of ~20, 40, 60, and 80 mm (Figure 4.15 

(a)-(d) respectively). The analogous temperature distributions for the side-fire applicator 
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configuration (fixture radius of 6 mm and transducer height of 30 mm) are shown in Figure 4.16. 

Contours that approximate ablation boundaries of T = 52 °C and a safety margin of T = 43 °C are 

included. These plots illustrate that the end-fire applicator configuration is capable of selective and 

localized temperature rise up to the set-point temperature (75 °C) at the each of the target depths 

with minimal pre-focal heating. The side-fire applicator configuration generates substantial pre-

focal heating at focal depths beyond 60 mm, as seen in Figure 4.16 (c)-(d). 

 

Figure 4.15  Simulated temperature distributions after 30 s sonication durations in pancreas tissue using an 
end-fire applicator assembly (1.5 MHz, 50 mm expanded balloon diameter, 5 mm transducer radius), for 
four separate treatment target depths of (a) 2 cm, (b) 4 cm, (c) 6 cm, and (d) 8 cm. The red contour (T = 52 
°C) approximates the ablated lesion borders, while the white line demarcates a T = 43 °C safety margin.  
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Figure 4.16  Simulated temperature distributions after 30 s sonication durations in pancreas tissue using a 
side-fire applicator assembly (1.5 MHz, 6 mm fixture radius, 30 mm transducer height), for four separate 
treatment target depths of (a) 2 cm, (b) 4 cm, (c) 6 cm, and (d) 8 cm. The red contour (T = 52 °C) 
approximates the ablated lesion borders, while the white line demarcates a T = 43 °C safety margin.  

Figure 4.17 compiles thermal simulation data regarding the dimensions and position of the 

ablation zones (T > 52 °C) in pancreatic and liver tissues as a function of target depth for each 

applicator assembly configuration, and compared with a 12 mm diameter spherically focused 

transducer. Comparing the two end-fire assembly configurations, the larger (50 mm balloon) 

configuration produces deeper and more localized lesions compared to the 30 mm balloon 

configuration. In liver tissue, the ablation volume increases from ~90-480 mm3 as target depth 

increases from ~20-100 mm, and from ~75-910 mm3 over ~20-70 mm target depths, for the larger 

and smaller assembly configurations, respectively. These volume increases primarily correspond 

to lengthening of the axial extents of the lesion from ~12-42 mm and ~12-56 mm, whereas the 

transverse widths increase from ~3.5-4.5 mm and ~3.3-5.6 mm, respectively, over the 

corresponding depth ranges. The nearest border of the ablated region, marking the depth in tissue 
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to the lesion boundary, increases from ~15-83 mm as target depth increases from 20-100 mm for 

the larger configuration, and from ~15-48 mm over a target depth range of ~20-70 mm for the 

smaller configuration, with the differences from the target depth increasing at deeper depths. The 

maximum target depth for the smaller configuration was limited to 70 mm due to insufficient focal 

gain to reach a maximum temperature of 75 °C within the time/power constraints at deeper depths. 

Similar trends can be seen for ablation in pancreatic tissue, which primarily represents a more 

attenuating medium (16.3 Np/m for pancreas vs 10.3 Np/m for liver at 1.5 MHz). This translates 

to more pre-focal heating at deeper targets and shallower lesion depths; nearest lesion borders are 

up to ~3 mm shallower at an 80 mm target depth for the larger configuration, and up to ~10 mm 

shallower at a 50 mm target depth for the smaller configuration. The lesion volumes in pancreas 

are also greater by ~20-100 mm3 over 20-80 mm target depths and by ~25-140 mm3 over 20-50 

mm depths for the larger and smaller configurations, respectively. For the larger configuration, 

significant pre-focal heating occurs and creates a much larger ablation volume of ~2000 mm3 with 

near lesion borders at 5 mm at 100 mm target depth, while similar heating behavior and an ablation 

volume of ~3000 mm3 was observed for the smaller configuration at 60 mm target depth. As such, 

100 mm and 60 mm approximate the focal depth limits at which the two assembly configurations 

can no longer create localized thermal lesions in pancreatic tissue.  

The side-fire configuration has intermediate performance, lying between the smaller and 

larger end-fire configurations in terms of selective lesion formation and penetration depth. 

Maximum penetration depths in pancreatic and liver tissue without significant pre-focal heating 

are ~6 and ~8 cm, respectively. Primary thermal lesion length and width increase from ~20-50 mm 

and 5-8 mm, respectively, in pancreas over target depths of 2-8 cm, and increase from 15-45 mm 

and 4.5-6 mm in liver over the same depth range.  
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Figure 4.17  Results of thermal simulations using two select end-fire applicator assembly configurations 
(1.5 MHz, 30/50 mm expanded balloon diameter, 3/5 mm transducer radius) and a side-fire applicator 
configuration (1.5 MHz, 6 mm fixture diameter, 30 mm transducer length, ~40 mm balloon aperture 
diameter) in endoluminal ablation of pancreatic or liver tissue across a range of target depths. Sonications 
were 30 seconds long with a maximum temperature of 75 °C, and lesion boundaries were approximated by 
the 52 °C boundaries. Comparison cases using a single 12 mm diameter spherically focused bowl transducer 
in liver and pancreatic tissue are also shown.  

Figure 4.17 also includes comparative biothermal simulations of a spherical transducer 

with a 6 mm aperture radius and 1.5 MHz operating frequency. In liver tissue the depth of 

maximum temperature, which approximates the focal depth, could not exceed ~25 mm. Due to the 

much more limited focusing capabilities at depth, the resultant ablation volumes were larger (up 

to ~1900 mm3 at a 25 mm target depth). At this largest limit the axial length of the lesion extended 

up to 55 mm, and its nearest border depth was 1.6 mm, which was within the stomach wall layer.  

Similar volumetric performance was seen in ablation of pancreatic tissue; however, the axial length 
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of the lesion peaked at 45 mm due to the higher attenuation, and correspondingly the depth of 

maximum temperature could not exceed ~22 mm. Greater heating in the transverse extents was 

observed, along with very shallow (< 3 mm) depths to nearest borders of the thermal ablation zone. 

4.5 Discussion 

This study has introduced and investigated design concepts for a catheter-based ultrasound 

applicator assembly that incorporates deployable acoustic reflector and fluid lens components 

within an expandable multi-compartment balloon, with potential to increase the therapeutic 

aperture and enhance focal gain and penetration depth. Specific designs for a “forward- or end-

firing” applicator and a “side-firing” applicator have been presented and acoustic simulations were 

employed to characterize and assess the capabilities of the proposed applicators and to determine 

the influence of key design parameters. The acoustic modeling methodology and simulations were 

in part validated by constructing a test end-fire applicator assembly and comparing hydrophone 

measurements of beam distributions to simulations. Finally, a series of biothermal simulations 

were performed and demonstrated capabilities of select assembly configurations to create selective 

and localized temperature rise at a range of depths (2-10 cm), for endoluminal ablation applications 

in either pancreas or liver tissue targets, while sparing the intervening luminal wall. 

The trends seen in the theoretical model for energy transmission across a convex fluid lens 

interface offer insight towards optimal design practices concerning the fluid lens. As seen in Figure 

4.5, the energy transmission increases as the lens focal length increases due to the lessening of the 

radius of curvature of the lens surface; this results in smaller angles of incidence for the incident 

acoustic rays, and therefore lower reflection. This property also explains the saturation of energy 

transmission for a particular aperture size at long focal lengths, as the lens asymptotically flattens, 

leading to normal incidence of all incoming rays across the surface. Furthermore, the maximum 
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transmission of energy at each lens focal length can be attributed to the critical angle. Once the 

angles of incidence for acoustic rays at the lens’ periphery exceed the critical angle, then no 

additional energy transmission can be realized by increasing the aperture. Instead, increasing the 

aperture beyond that threshold would decrease transmission due to the higher profile and 

subsequent greater attenuation of the fluid lens. In terms of constituent lens fluids, the 

perfluorocarbon solution was shown to achieve better transmission compared to the silicone oil 

(Figure 4.5), especially at lower lens focal lengths (before saturation). This performance difference 

can be primarily attributed to the much lower speed of sound of perfluorocarbon relative to silicone 

oil (610 m/s vs. 1002 m/s), as this translates into a significantly larger radius of curvature for each 

focal length, permitting greater transmission due to the smaller angles of incidence. At very high 

focal lengths, where both lens fluids converge towards flat interfaces, the transmission difference 

is minimal, and solely due to the relatively small difference in acoustic impedance between the 

two fluids. Other studies187,190 involving acoustic fluid lenses have indicated preference of silicone 

oil over perfluorocarbon due to its lower density, which is close to water. In those studies the high 

density of perfluorocarbon was predicted to cause buckling or distortion of the lens profile due to 

gravitational forces acting on the lens fluid volume; however, the lens sizes were much larger (> 

10 cm diameters) and would be more susceptible to that issue. For the experimental lens evaluated 

in this study, which was about ~3 cm in diameter, no significant distortion of the lens due to 

buoyancy forces was observed. Additionally, the membranes which make up the lens boundary 

can be made from less compliant materials to better maintain shape. Other desirable qualities for 

the lens fluid would include low acoustic attenuation, which again favors perfluorocarbon over 

silicone oil, as well as biocompatibility and high temperature stability.  
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Both the acoustic simulations and preliminary experimental investigations performed 

within this study illustrate that there is a complex relationship between the achievable focal gain 

and target focal depth for the proposed applicator designs. The general trend shows that as target 

depth increases, the focal gain generally rises to a maximum then decreases beyond that 

corresponding depth (Figures 4.6-4.8, 4.14). The explanation for this trend is that there is a 

fundamental tradeoff between increasing the energy transmission through the fluid lens, or 

equivalently the effective aperture of the lens, and the inherent loss in focal gain, both caused by 

increasing the focal depth. At short focal depths, the increase in energy transmission or effective 

aperture of the lens outweigh the losses caused by increasing the focal depth, causing an upward 

slope in gain vs. depth. The maximum gain and corresponding depth mark the transition point, 

beyond which the losses exceed the increase in lens energy transmission as focal depth increases 

further. Whereas Figure 4.5 predicts smooth increases in energy transmission as the focal length 

increases, the changes in achievable focal gain with depth (Figures 4.6-4.8, 4.14) appear to be 

more irregular and erratic. One possible reason for this discrepancy is that the modeling used in 

the energy transmission analysis (Figure 4.5) assumes a uniform acoustic source, whereas the 

actual distribution of acoustic energy reflecting off of the conical interface is nonuniform. As such, 

the increase in energy transmission would be expected to fluctuate more with increasing focal 

length, and varies based on the transducer size and frequency, as shown in Figures 4.7, 4.8 and 

4.13. The end-fire acoustic simulations were compared to hydrophone measurements of the 

experimental test fixture, and demonstrated good agreement in terms of the relationship between 

intensity gain and focal depth, as described above. The differences between the experimental 

assembly beam plots and theoretical simulations, while relatively minimal near the apex of focal 

gain, were more substantial at the low and high focal depth extremes. Discrepancies at the low 
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focal length limit can likely in part be attributed to the extreme distension of the lens at the short 

depths, which would break the validity of assuming a spherical geometry. At the upper focal depth 

limits, the progressive thickening of the lens membrane and corresponding increase in attenuation 

due to reduced distension at lower fluid volumes may have contributed to the more rapid decrease 

in focal gain magnitude observed experimentally.  

The expanded balloon size, transducer dimensions, and transducer operating frequency all 

have significant impact on the predicted achievable focal gain (Figures 4.7 – 4.8). For the end-fire 

applicator, increasing the balloon size, and correspondingly, the transducer lengths, resulted in 

greater focal gains, with large increases primarily at greater focal depths. Larger transducer 

diameters, conversely, did not always result in more focal gain. This is because for a set balloon 

diameter, increasing the transducer diameter results in a smaller effective aperture, since the 

transverse footprint of the transducer on the lens surface is blocked. This is particularly 

consequential since the footprint covers the center of the lens, which has the greatest transmission, 

particularly at shallow focal depths. As such, there is a tradeoff between the amount of energy 

emitted by the transducer, which increases with larger transducer diameters, and the effective 

aperture size, which increases with smaller transducers. In order to offset the blocking issue and 

increase gain at smaller focal depths, it may be possible to incorporate a flat disk transducer on top 

of the tubular transducer at the distal tip of the housing fixture, though this would add complexity 

and potentially increase near-field heating. An alternative means of increasing gain, as shown by 

Figure 13, would include increasing the transducer frequency, though medium attenuation must 

be accounted for in choosing the optimal frequency for a specific target depth. For the side-fire 

applicator design, increasing both the fixture diameter, which constrained the width of the planar 

transducer arrays, and the transducer length resulted in greater focal gains. When comparing a 
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side-fire applicator configuration to an end-fire configuration with an equivalent transducer array 

profile (length and fixture diameter), the balloon size needed to cover the acoustic output of the 

transducers was smaller for a given transducer footprint relative to the end-fire design, meaning 

that the energy was dispersed over a smaller effective aperture. Furthermore, the effective surface 

area of the radiating transducer array is smaller for the side-fire design as compared the end-fire, 

as the tubular transducer has a larger surface area relative to the three planar transducers. As a 

result, the side-fire design produces lower gains at deeper depths when compared to an end-fire 

design with a similar transducer array profile. However, since the side-fire design incorporated an 

anterior transducer element that transmitted through the central portion of the fluid lens, much 

higher gains were possible at closer depths compared to comparable end-fire designs. 

Both deployable applicator designs are capable of generating ablative temperature 

distributions in a localized and selective fashion across a large range of target depths (Figures 4.15-

4.17). In comparing the heating performances of the two end-fire assembly configurations, the 

larger configuration (50 mm balloon diameter, 5 mm transducer radius) is capable of creating more 

selective lesions across a greater range of ~20-100 mm treatment depths in liver, as compared to 

the smaller configuration (30 mm balloon diameter, 3 mm transducer radius) which could produce 

focal heating at depths up to ~70 mm. For both assemblies, maximum penetration depth of the 

produced thermal lesions (~125 mm and 104 mm, respectively) extended approximately twice as 

far as is possible using the 12 mm diameter spherically focused transducer, while circumventing 

significant luminal heating and volumetric lesion formation. Furthermore, comparisons between 

simulations in pancreatic and liver tissue indicate that the applicator assembly configurations 

provide greater consistency across tissues with different material properties, particularly at 

moderate tissue depths (~20-80 mm and ~20-50 mm for the larger and smaller configurations, 
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respectively). The performance in “liver” and “pancreas” can also be generalized as possible in 

other similar target tissues. It is important to note that the scope of the biothermal simulations 

performed in this preliminary study emphasized demonstrating the generation of localized heating 

at target depths, and hence treatment parameters, including power, sonication duration, and set-

point temperature, were tailored for this purpose.  More volumetric heating could possibly be 

achieved with the applicator assemblies than demonstrated, by adjusting the sonication parameters 

(lower power, longer duration). More extensive biothermal modeling analysis that incorporates 

additional assembly configurations, operating frequencies, and tissue dimensions and properties 

could also be performed to further evaluate the design and determine optimal configurations for 

specific target applications.    

The demonstrated capabilities of the deployable reflector – lens applicator assembly could 

enable tissue targets that were previously untreatable with catheter-based ultrasound intervention. 

This fundamental design lends itself towards particular endoluminal or laparoscopic sites and 

delivery pathways. Endogastric placement of the applicator into the stomach or upper GI tract is 

particularly appropriate due to the large luminal volume once positioned within these structures, 

permitting insertion diameters as large as 15 mm for initial placement and deployment of the 

expandable balloon assembly up to and potentially beyond a 5 cm diameter. Fine positioning and 

manipulation of the applicator assembly could be achieved by incorporating articulation and 

positional control mechanisms commonly employed in endoscopic devices. From these sites tumor 

targets in the liver or pancreas would be most accessible; however, tumors in the gall bladder or 

biliary tract, kidneys or spleen, while less common and farther in anatomical proximity, could also 

potentially be targeted. This applicator assembly could also be suitable for laparoscopic access and 

ablation of tumors (such as for targets in the kidney), permitting a minimal access port (incision) 
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diameter and large balloon expansion within the abdominal cavity. Besides tumor ablation, another 

potential application could be nerve ablation for pain palliation, with the celiac plexus bundle 

serving as one candidate target. Other potential delivery pathways beyond endogastric or 

laparoscopic routes include colorectal, bronchial, and endovascular lumens. For more constricted 

lumens, assembly configurations with smaller profiles (~3-6 mm transducer/catheter diameter) and 

potentially higher operating frequencies that expand up to 10-20 mm may be particularly suited 

for targeting shallow (1-3 cm) treatment depths.   

In realizing the proposed deployable assemblies in practice, both the interior balloon, 

whose boundary serves as the reflector, as well as the distensible lens compartment may require 

high precision requirements in terms of the surface geometries and mounted orientations relative 

to the ultrasound source. These requirements and associated manufacturing tolerances could be 

potentially elucidated in simulation studies that explore varying degrees of “non-ideal” surface 

geometries or lens aberrations. With regards to the balloons comprising the reflector, precisely 

pre-shaped non-compliant medical balloons have been demonstrated and used in a variety of 

catheter-based medical applications, such as stent/heart valve delivery or angioplasty, with many 

different balloon shapes and materials (PET, Nylon, etc.) possible.192 Further, precisely shaped 

non-compliant balloons with a reflective multi-lumen compartment or coating have been 

demonstrated and integrated with ultrasonic and fiber optic sources, respectively.87,193 Greater 

technical difficulty may be associated with the integration and controlled distension of the convex 

lens. Bonding the distensible membrane to the non-compliant balloon could potentially be 

achieved using thermoplastic welding techniques (e.g., laser, RF) or with flexible medical-grade 

adhesives to preserve compact collapse.194,195 Material selection and thickness tolerance for the 

lens membrane will be important to ensure bonding compatibility and predictable distension 
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behavior. As a simpler design alternative to the separate distal fluid lens compartment, the interior 

balloon could be filled with lens fluid rather than water and its distal boundary modified to a fixed-

shaped spherically-convex geometry. This design would preserve effective aperture and focal gain 

enhancement for a set focal length, as defined by the convex boundary curvature, at the loss of 

dynamic adjustment to the target depth.  

Lastly, it is important to note that the core concepts introduced in this study – integrating 

endoluminal ultrasound sources with expandable acoustic reflector and lens components – could 

be combined into different applicator configurations besides the specific end-fire and side-fire 

designs evaluated herein. Furthermore, while the fluid lens compartment was highlighted to 

provide dynamic adjustment to the focal length by using a distensible membrane, a membrane that 

inflates to a fixed-shape could be applied to generate a fixed distance focus. Beyond a simple 

spherical convex profile, a fixed-shape lens membrane could be molded to a custom shape or 

profile to create more complex beam patterns that are tailored for specific target sites or various 

thermal (i.e., ablation, hyperthermia) or mechanical (e.g., drug delivery) therapeutic applications. 

Finally, as with other catheter-based ultrasound devices, these conceived applicator assemblies 

could also be made compatible with ultrasound or MR-based imaging guidance for navigation and 

treatment monitoring, as well as targeting sequential sonications similar to extracorporeal and 

endorectal HIFU systems. 

4.6 Conclusions 

Concepts and designs for integrating catheter-based endoluminal ultrasound devices with 

deployable acoustic reflectors and fluid lenses, in order to enhance acoustic output and penetration 

depth from small diameter devices, have been introduced. Acoustic simulations that incorporate 

acoustic transmission and reflection at material interfaces were performed, and show good 
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agreement with experimental characterization of a test applicator assembly. Parametric modeling 

studies demonstrates capability of the proposed applicator designs to achieve high focal gain and 

localized ablative temperature elevation at target depths between 10-100 mm.  Based upon these 

positive findings, future studies will be directed towards further theoretical analysis and 

construction of complete prototypes of the proposed applicator for experimental evaluations.  
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Chapter	5	

5 Conclusions	and	future	work	

5.1.1 Research	summary	

The overarching goal of this research project was to develop catheter-based therapeutic ultrasound 

delivery systems capable of targeting tissues adjacent to the gastrointestinal tract. The primary 

focus was on generating thermal ablation or hyperthermia within pancreatic tumors using 

ultrasound applicators placed in the stomach or duodenal lumens. However, many of the explored 

device configurations could be adapted for alternative luminal sites and tissue targets. The first 

part of this dissertation focused on developing and evaluating practical endoluminal ultrasound 

applicator device designs, spanning both theoretical and experimental investigations. The second 

part of this dissertation served as a preliminary exploration and theoretical analysis of more 

complex applicator configurations that contain deployable reflector and fluid lens components to 

enhance therapeutic energy delivery capabilities.  

 In Chapter 2, numerical models of ultrasound-based thermal ablation or hyperthermia 

generation in pancreatic tumor targets were developed and used to evaluate applicator designs with 
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different transducer configurations. Parametric studies revealed that select transducer geometries 

operating within a lower frequency range (1-3 MHz) were capable of greater volumetric thermal 

ablation of tissue while retaining sufficient thermal sparing (Tmax < 45 °C) of the luminal wall. 

Planar transducer designs were most suitable for volumetric ablations, generating 5-8 cm3 lesion 

volumes for a stationary 5 min sonication, while curvilinear transducer designs could produce 

more localized ablations to 20-45 mm depths from the luminal wall and enhance luminal sparing. 

Simulations in patient-specific anatomies showed that applicators with planar or curvilinear were 

capable of ablating >80% of the tumor volume for small (<5 cm3) tumors in the pancreatic head 

within 25 min and a single applicator placement. For larger tumors (17-38 cm3) in the pancreatic 

head and body, 2-3 applicator placements and longer treatments (up to ~50 min) would be 

necessary to cover appreciable portions (60-80%) of the tumor. For hyperthermia treatments, either 

planar or tubular section transducer configurations could be used for volumetric tissue coverage 

(8, 15 cm3 within 40-45 °C, respectively), with the planar providing deeper penetration as 

compared to the larger transverse coverage of the tubular section. These findings confirmed the 

theoretical feasibility of utilizing endoluminal ultrasound for volumetric thermal ablation or 

hyperthermia of pancreatic tumor targets, illustrating favored performance for treating smaller 

tumor targets near the luminal boundaries, with lower frequency planar and curvilinear transducers 

favored for ablative lesion formation while retaining luminal sparing. 

 In Chapter 3, based on the results of the theoretical modeling analysis, a family of 

endoluminal applicators with different transducer configurations (~3 MHz, planar or curvilinear-

focused geometries) were designed and fabricated. These applicators were designed to be MR-

compatible, with embedded tracking coils to facilitate in vivo placement under MR guidance and 

treatment monitoring using PRF-based MRTI. The applicators were characterized through force 
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balance efficiency measurements (ranging between ~50-65%), and the spatial distribution of 

energy deposition for each unique transducer configuration was characterized through hydrophone 

beam plots and MRTI-guided ex vivo tissue heating experiments. To assess the capabilities of the 

applicators to be endogastrically delivered and positioned within the GI tract and generate heating 

in targets within the pancreas, a porcine animal model was used due to their high similarities to 

humans with respect to GI anatomy. Ex vivo evaluations in a porcine cadaver confirmed 

capabilities of positioning the endoluminal applicators in the stomach under MR-guidance and 

generating and monitoring temperature elevations within pancreatic tissue. Maximum ablative 

temperature elevations extended up to 4 cm deep and 28 mm wide. Preliminary investigations in 

in vivo studies were performed using 4 animals, and demonstrated the capabilities of the 

applicators to generate temperature elevations of ~20-30 °C in pancreatic tissue at ~2 cm depths 

from the applicator, using 5-7 W/cm2 applied acoustic intensity and sonication durations ranging 

from 3-16 minutes. Localized thermal lesions were generated in the pancreas, as verified through 

histological assessment, with dimensions ranging from 7-28 mm in length, 3-10 mm in width, and 

5-12 mm in depth. Different strategies for mitigating motion artifacts during temperature 

monitoring in vivo were evaluated, and both multiple-baseline reconstruction and respiratory-gated 

acquisitions were shown to improve thermometry accuracy and mitigate artifacts for clear real-

time thermometry measurements. Overall, these preliminary experimental investigations 

confirmed the technical feasibility of the endoluminal ultrasound approach to generating thermal 

ablation within pancreatic tissue targets under MRI and MRTI-guidance. 

 In Chapter 4, novel endoluminal ultrasound applicator configurations that integrate 

deployable balloon-based acoustic reflector and lens components were introduced and analyzed 

using theoretical modeling analysis and preliminary experimental validation. The core concept 
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behind these applicators is that they would be inserted and delivered in a small profile, then 

expanded at the target luminal site to enhance potential focal gain and penetration depth, permitting 

deeper and more selective treatment targets. By incorporating a fluid lens compartment bound by 

a distensible membrane, the lens’ focal length could be adjusted to dynamically change the target 

depth. Two specific designs, representing alternatives with “end-firing” or “side-firing” 

capabilities, were proposed, and an acoustic modeling methodology that accounts for wave 

reflection/refraction was employed to model acoustic propagation through the applicator 

assemblies. Comprehensive parametric studies across design parameters for both applicator 

configurations were performed and demonstrated significant enhancement of focal gain, selective 

lesion formation, and penetration depth for the proposed assemblies as compared to conventional 

applicator designs with focused transducer configurations. Preliminary experimental 

investigations, using a proof-of-concept “end-fire” applicator assembly, validated the modeling 

analysis. Biothermal simulations demonstrated the capability of the proposed applicator assembly 

configurations to produce localized ellipsoidal thermal lesions increasing in size from 10-46 mm 

length x 4-8 mm width in pancreatic tissue as target depth increased from 2-8 cm. As such, these 

proposed designs possess significant improvements over conventional ultrasound applicator 

designs that could permit deeper targets and more selective heating while being fundamentally 

adaptable to other luminal sites and delivery strategies beyond the GI tract, such as for laparoscopy. 

5.1.2 Future	directions	

One of the limitations of the modeling analysis performed in Chapter 2 is the uncertainty in the 

acoustic and thermal properties of pancreatic tumor tissue. Many of these material properties were 

approximated from values reported for pancreatic tissue, with modifications based on reported 

physiological differences in tissue composition between them. However, even for normal 
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pancreatic tissue, there was a wide range of values reported in literature, such as for the acoustic 

attenuation coefficient. While this entire range was taken into account to bracket expected 

performance of the explored applicator configurations, more precise and accurate modeling results 

could potentially be determined if large numbers of samples of human pancreatic adenocarcinoma 

were obtained and characterized in terms of their material properties. In addition, significant future 

efforts could be directed into converting the modeling platform developed and used herein into a 

full treatment planning platform with inverse planning algorithms that automatically optimize over 

various treatment parameters to maximize tumor coverage while maintaining sufficient sparing of 

adjacent normal tissues. Parameters that could be potentially optimized over could include design 

parameters of the applicators themselves (transducer frequency, geometry), positioning or 

placement of the applicator along the GI tract, as well as applied powers and durations of 

sonications. In order to be clinically useful for treatment planning purposes, full patient-specific 

model creation and simulations would have to be greatly accelerated in terms of total run-times. 

Automated segmentation techniques could potentially be developed to rapidly decrease the time 

requisite to segment patient image sets and generate 3D FEM models of the relevant anatomy. 

Superposition-based thermal solutions, based on lookup tables, could also significantly decrease 

simulation computation time, though would need to be verified in terms of retaining sufficient 

modelling accuracy. As much of the total simulation time in the patient-specific models performed 

in this work could be attributed to the iterative approach in determining appropriate treatment 

parameters, inverse planning algorithms could mitigate the iterative demands and substantially 

decrease overall computational times.  

 With respect to the experimental applicator development and evaluations in Chapter 3, the 

primary outcome of this preliminary investigation was demonstration of the basic feasibility of 
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placement, targeting and generating ablation in the pancreas under endoluminal device placement 

and MR/MRTI guidance. Further refinement to the positional control over the applicator can be 

made by incorporating and refining the articulation steering assembly highlighted in Appendix A. 

Improvements to the animal study protocol, such as including a lavage of the stomach prior to 

applicator insertion and treatment, could also reduce variability between animal studies, improve 

coupling of the applicator to tissue, and enhance sparing of the luminal wall. Due to the substantial 

experimental variations and challenges that were encountered in each animal study, it was difficult 

to clearly define relationships between sonication parameters (durations, powers, transducer 

geometries) and resulting lesion formation. Future validation studies can be applied to more clearly 

assess the safety and efficacy of this endoluminal approach using additional acute and chronic in 

vivo porcine studies. Further development and refinement of applicator designs and experimental 

methods should permit more reproducible experimental conditions and characterization studies to 

elucidate clearer relationships between sonication parameters, resulting temperature/thermal dose 

distributions, and lesion dimensions. These studies should permit formation of a consistent set of 

treatment parameters and methods, which can be evaluated in comprehensive safety studies to 

assess any acute and long-term complications resulting from the endoluminal ablation, as well as 

to evaluate thermal damage to the stomach and other tissues adjacent to the pancreas. Furthermore, 

as an alternative to ablation, further development of this approach could also be directed towards 

delivering moderate (40-45 °C) hyperthermia in the pancreas, which would benefit from the 

volumetric nature of heating and MR temperature monitoring, and could potentially enhance drug 

delivery, chemotherapy, or radiation therapies in patients with pancreatic adenocarcinoma. 

 For all the work investigating endoluminal applicators with deployable reflector and/or 

fluid lenses, as presented in Chapter 4 and Appendix B, natural next steps are towards complete 
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prototype fabrication and experimental evaluations. More comprehensive theoretical analyses of 

the proposed applicator configurations in Appendix B would be instructive in evaluating their 

capabilities and promise. Further explorations could also be directed towards investigating balloon 

profiles with more intricate surface geometries that permit complex beamforming, as may 

preferred for specific anatomical targets or therapeutic applications.  
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Appendix	A  

A MR‐compatible	endoscopic	articulation	

assembly	

A.1 Introduction	

 In envisioning an endoluminal ultrasound applicator that would be navigated into the upper 

GI tract and precisely positioned to target specific sites in the pancreas, there are clear requirements 

for high positional accuracy and controlled manipulation of the device tip where ultrasound is 

emitted, particularly due to the abundance of sensitive anatomy in and around the pancreas. For 

the practical endoluminal applicator designs used in the majority of the experimental evaluations 

within this research project (see Chapter 3), positional capabilities were relatively limited to whole 

body translation and rotation of the entire catheter assembly. While adequate for navigating the 

assembly through the esophagus into the stomach and orienting it towards pancreatic tissue, the 

limited positional controls are unsuitable for precise applicator placement and targeting of specific 

tissue sites while the ensuring safety of nearby sensitive tissues.  



172 

Commercial endoscopes integrate articulation controls to provide precise 4-way steering 

of the device tip.141 Steering can be accomplished using a wide variety of physical, thermal, 

magnetic or electrical actuation methods, though using pull-wires that are attached to articulating 

rings or segments at the device tip is most common.196 While ultrasound applicators have been 

attached onto existing endoscopes in order to utilize their imaging guidance and positional 

capabilities79, the vast majority of endoscopes contain magnetic components, which are not MR-

compatible, and hence cannot be used in an interventional MR procedure. As such, there is a need 

to develop an endoluminal ultrasound applicator with endoscopic articulation capabilities that is 

completely MR-compatible. In addition to improving the positional control of the applicator in the 

stomach for precise spatial localization and targeting, articulation could also improve coupling 

between the applicator and luminal wall, which could enhance luminal sparing by providing 

optimal heat transfer between the wall and the circulating cooling water.  

Hence, this section introduces a preliminary design for a MR-compatible endoluminal 

applicator with endoscopic articulation capabilities. The design is intended to be very cost-

effective, simple, and modular, predominantly consisting of 3D printed parts and standard off-the-

shelf components. Initial fabricated prototypes are also presented. 

A.2 Design	

A.2.1 Overview	

Figure A.1 shows a CAD schematic of the complete applicator assembly. The articulation is 

provided by four parallel pull-wires that run inside the length of the catheter body, attaching to the 

distal tip of the articulation rings segment and to pulley assemblies within the control handle. Each 

pull wire controls deflection of the tip along a principal direction: up, down, left, or right. The 

ultrasound applicator fixture is attached to the distal tip of the catheter assembly, and the 
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corresponding power cables and flow lines are routed through the articulation rings, catheter body, 

and control handle to the proximal connectors.  

 

Figure A.1  CAD schematic of the MR-compatible endoluminal ultrasound applicator with articulated 
steering capabilities. 

A.2.2 Control	handle	

The control handle housing is modular, consisting of four compartments and six 3D printed 

parts (Zortrax M200, Zortrax), as shown in Figure A.2. The distal adapter contains an embedded 

set screw to attach to the catheter body, and has four T-shaped parts with a hole at the bottom that 

each route a pull-wire. By adjusting the length of these parts protruding into the housing cavity, 

these parts serve as tensioners to adjust the tension of each pull-wire independently. The next two 

proximal compartments are contain two orthogonal pulley subassemblies that control tip 

articulation along the left-right directions and along the up-down directions, respectively. The last 

compartment, the proximal adapter, contains open interior space for slack in the flow lines and 

power cabling, matching networks, and ports for flow/power connections. The flow tubes and 

power lines from the ultrasound applicator are routed through an enclosed channel along the 



174 

interior wall of the control housing, orginating in the distal adapter and terminating at the junction 

to the proximal adapter. The pull-wires are routed through the center of the housing to their 

respective pulley subassembly. Thin rectangular prisms protrude from the interior walls of the 

housing assembly, each containing holes at set depths which are used to uniquely route each pull-

wire, ensuring proper alignment to the corresponding terminating pulley and mitigating any 

potential tangles or interleaves between the wires. The assembly can be assembled and 

disassembled modularly, permitting easy assembly and adjustment, with compartments attached 

to each other via plastic screws/nuts. 

 

Figure A.2  Control handle assembly, containing four modular compartments that appropriately route 
power/flow lines from the ultrasound applicator to external connectors and pull-wires to their respective 
pulley assembly. Housing body is shown in (a) opaque and (c) transparent display states.  
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A.2.3 Pulley	subassembly	

Two orthogonally-aligned pulley assemblies control tip articulation along the left-right and up-

down directions. Each assembly, as shown in Figure A.3, consists of an aluminum rod inserted 

through the housing assembly, centered in a peg-insert on the posterior interior. An end-stop is 

attached to the bottom of the rod, which in combination with the corral embedded in the housing 

fixture, limits vertical displacement of the rod to a set amount. The corral contains a press-fit brass 

bearing, to center the rod, and above it the pulley is fixed to the middle portion of the rod. At the 

top of the rod, outside the housing assembly, the knob is affixed. Pull-wires are routed through 

opposite flanges on the pulley and attached to screws, which can be tightened or loosened 

individually to adjust wire tension. As the assembly is rotated, one of the pull-wires undergoes 

tension while the opposite wire is slackened, causing bending of the articulation rings along the 

direction of the wire under tension. To lock the position, the entire rod assembly can be pushed 

into the housing, creating a press-fit between the bottom of the knob and the opening in the housing 

which prevents rotation until the knob is pulled out. The pulley, knob, and end-stop are all 3D 

printed (Zortrax M200, Zortrax) and affixed to the rod through brass set screws.  

 

Figure A.3  Pulley subassembly that controls pull-wire tension and tip articulation. (a) Cross-sectional view 
of the subassembly as inserted into the housing compartment, and (b) view from the proximal aspect of the 
compartment 
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A.2.4 Articulation	rings	

The articulation segment is composed of 3D printed (Form 1+, Formlabs) rings that are stacked 

together, with each successive rink rotated 90 degrees relative to its neighbors, as shown in Figure 

A.4. They permit bending along the left/right (Figure A.2 (b)), with concurrent bending up/down 

along the orthogonal axis to achieve full omnidirectional motion. As shown in Figure A.2 (c), each 

ring has two lumens along the interior to contain pull wires, and a central lumen of 44 mm2 surface 

area for power/flow line routing from the ultrasound applicator. Each ring has insertion tabs and 

notches to attach to the adjacent ring, and there are proximal and distal adapter components which 

connect to the main catheter tubing body. The overall diameter of the articulation ring assembly is 

12 mm OD, and a thin silicone tube covers the assembly to make it water-tight.  

 

Figure A.4  (a) Omnidirectional articulation assembly, consisting of stacked interleaved ring segments with 
four parallel pull-wires routed through lumens along the inner surface of each ring. The wires are fixed to 
the distal adapter component. When tension is applied to one of the pull wires, the opposite wire slackens, 
permitting bending along a direction, as shown in (b). An individual ring segment is illustrated in (c). 
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A.3 Fabricated	prototypes	

Figure A.5 shows a complete prototype assembly, featuring an ultrasound applicator with two 

curvilinear transducers along the length of the device (each 9.3 mm x 11.4 mm, 25.1 mm ROC, 

3.14 MHz). The catheter body consisted of custom-made multi-lumen silicone tubing (12 mm 

OD), with a large central lumen that contained flow/power lines and four small peripheral lumens 

which routed each of the pull-wires. MR compatibility of the complete assembly was verified in a 

3T GE Discovery MRI scanner, and the device was able to be inserted orally down the esophagus 

in an anesthetized porcine under MR guidance, as shown in Figure A.6.  

 

Figure A.5  (a) Prototype endoluminal ultrasound applicator with endoscopic tip articulation capabilities. 
(b) Distal tip of the assembly, highlighting the ultrasound applicator and articulation ring segment in neutral 
and (c) bent states. 
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Figure A.6  T2w MR image illustrating delivery of the prototype assembly (red arrow) through the porcine 
esophagus in vivo.  

An improved design iteration for the articulation ring segments is shown in Figure A.7, as based 

off the design description in Figure A.4. These rings have larger internal diameters to more easily 

accommodate the power/flow lines and an adjusted surface curvature to permit a tighter bending 

radius of curvature, as shown in Figure A.7 (b). 

 

Figure A.7 (a) Prototype endoscopic tip articulation assembly with improved ring design and (b) tighter 
bending capabilities. 
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A.4 Discussion	

In general, the capability to precisely spatially-localize and steer energy emissions of an 

endoluminal ultrasound applicator is critical for effective therapy delivery and mitigating 

complications. For thermal therapy applications in the pancreas, safety concerns are particularly 

high due to the close proximity of sensitive tissues, such as the pancreatic duct, major vasculature, 

bowel, and normal pancreatic parenchyma. Thermal damage to these tissues could result in 

pancreatic juice leakage and pseudocyst formation, hemorrhage, gastric fistulas, and/or 

pancreatitis. While image-guided methods, including the MR and MRTI-based guidance presented 

in Chapter 3, could serve as a vital tool for ensuring energy is delivered to the desired targets, the 

applicator itself must be capable of reaching the ideal positions for delivering the treatment. 

Integrating catheter steering and tip articulation mechanisms within the endoluminal ultrasound 

applicator could potentially fulfill this need. 

 A design for a MR-compatible steerable endoluminal ultrasound applicator has been 

presented. The design is low cost, with parts primarily 3D printed from cheap plastic or resin-

based materials, and the mechanisms for articulation are simple, allowing for quick and easy 

assembly. A prototype assembly was fabricated, verified to be MR-compatible, and orally passed 

down the porcine esophagus in vivo. A prototype with an improved tip bending radius of curvature 

has also been fabricated, and should more easily accommodate passage through tortuous channels. 

Further evaluations of complete prototype assemblies in animal models are necessary to motivate 

further design changes and to establish benefits of the articulation capabilities in terms of 

positioning the applicator to treat specific sites and optimally coupling to the luminal wall. This 

technology could be applied for the practical applicator configurations presented in Chapter 3, as 

well as the more complex assembly configurations presented in Chapter 4 and Appendix B. 
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Appendix	B 

B Preliminary	 modeling	 analysis	 of	

alternative	 deployable	 ultrasound	

applicator	 assemblies	 for	 enhanced	

volumetric	or	selective	energy	localization	

B.1 Introduction	

 As alluded to in the discussion section of Chapter 4, many additional applicator assembly 

designs can be conceived that incorporate deployable components in order to augment the effective 

acoustic aperture and enhance therapeutic potential while still retaining a small-profile during 

delivery into the body. This section introduces design schemes and preliminary theoretical 

analyses of promising alternative configurations to the end-fire and side-fire applicator designs 

presented in Chapter 4. In contrast to the initial assemblies, these new designs do not contain fluid 

lens compartments. Select configurations of each proposed design were analyzed by adapting the 

acoustic and/or biothermal modeling methodology introduced in Chapter 4. 
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B.2 Volumetric	end‐fire/side‐fire	deployable	assemblies	

 By simply removing the fluid lens compartment for the end-fire and side-fire designs 

presented in Chapter 4; or equivalently, replacing the perfluorocarbon lens fluid solution contained 

therein with water, focusing capabilities can be substituted for a more volumetric, but still 

collimated and directional emission of acoustic energy, as shown in Figure B.1. For the end-fire, 

this expanded configuration would approximate a large planar disk transducer with outer diameter 

equal to the expanded diameter of the conical reflector and a central dead-zone equal to the 

diameter of the tubular transducer source. In contrast to the selective and localized heating 

capabilities of the end-fire/side-fire designs that integrates a convex fluid lens, these design 

alternatives could be suitable for more volumetric tissue exposure and temperature elevation.  

 

Figure B.1  Schematic of the deployable (a) end-fire and (b) side-fire (central transverse cross-section 
shown) ultrasound applicator assemblies with no distal fluid lens compartment. As depicted by the ray-
traces for each case, acoustic energy is reflected off the interface between the interior water compartment 
and the exterior gas-filled compartment. Reflected acoustic energy is collimated either out the distal tip, or 
adjacent to the applicator fixture, for the end-fire and side-fire designs, respectively.  

Two select configurations of the end-fire design were analyzed using acoustic and biothermal 

modeling: a small configuration (1.5 MHz, 6 mm OD x 12 mm height tubular transducer, 30 mm 

expanded balloon diameter), and a larger configuration (1.5 MHz, 10 mm OD x 20 mm height 

tubular transducer, 50 mm expanded balloon diameter). Only a single configuration for the side-
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fire configuration (1.5 MHz, 12 mm fixture diameter, 10 x 30 mm transducer width x height, ~40 

mm expanded balloon diameter), which approximately matched the collapsed diameter of the 

larger end-fire configuration, was analyzed. Acoustic propagation through the expanded 

assemblies was modeled using the method of secondary sources, similarly to the assemblies in 

Chapter 4 with the difference of substituting perfluorocarbon lens fluid with water in the distal 

compartment. Using the simulated acoustic intensity distributions as input, biothermal simulations 

for endoluminal heating of pancreatic tissue, using the 3D generic model geometry shown in 

Figure 4.1, were performed. Due to the volumetric nature of heating, applied powers and target 

temperatures were chosen as suitable for hyperthermia treatments (40-45 °C). A convective heat 

flux boundary condition at the interface between the distal applicator balloon and the inner 

stomach wall was modeled to account for cooling effects of water (25 °C) circulation through the 

balloon. For each configuration, a steady state temperature distribution was generated using a 

constant input intensity that corresponded to a maximum tissue temperature of 45 °C.  

Simulated hyperthermic temperature distributions in the central longitudinal plane for the 

two end-fire configurations are illustrated in Fig. 2. The smaller configuration (30 mm expanded 

balloon - Figure B.2 (a)) could maintain approximately 20.1 cm3 of pancreatic tissue between 40 

°C ≤ T ≤ 45 °C, with the corresponding diameter and depth extent of the 40 °C contour being 2.9 

cm and 4.1 cm, respectively.  The larger configuration (50 mm expanded balloon - Figure B.2 (b)) 

could maintain approximately 64.3 cm3 of pancreatic tissue between 40 °C ≤ T ≤ 45 °C, with the 

corresponding diameter and depth extent of the 40 °C contour being 5.0 cm and 4.2 cm, 

respectively. 
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Figure B.2  Simulated endoluminal hyperthermic temperature distributions in pancreatic tissue for end-fire 
applicator assemblies without focusing fluid lens compartments. Central longitudinal 2D slices of the 3D 
tissue block model are shown for (a) small (1.5 MHz, 6 mm OD x 12 mm height tubular transducer, 30 mm 
expanded balloon diameter) and (b) large (1.5 MHz, 10 mm OD x 20 mm height tubular transducer, 50 mm 
expanded balloon diameter) assembly configurations. Maximum tissue temperature for the steady-state 
temperature solution did not exceed 45 °C, and 40/43 °C contours are shown in white, as labeled. 

The simulated hyperthermic temperature distributions in the central transverse and sagittal 

planes for the side-fire configuration is shown in Figure B.3. 28.5 cm3 of tissue was elevated 

between 40-45 °C, and the extent of the 40 °C contour was 3.4 cm x 3.1 cm x 4.5 cm in the X, Y, 

and Z (depth) dimensions.  

 

Figure B.3  Simulated endoluminal hyperthermic temperature distributions in pancreatic tissue in the central 
(a) transverse and (b) sagittal 2D planes for the side-fire applicator assembly (1.5 MHz, 12 mm fixture 
diameter, ~10 x 30 mm transducer, ~40 mm expanded balloon diameter) without a focusing fluid lens 
compartment. Maximum tissue temperature for the steady-state temperature solution did not exceed 45 °C, 
and 40/43 °C contours are shown in white, as labeled. 
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These preliminary biothermal simulations indicate that both the end-fire and side-fire 

deployable applicator assembly designs are capable of elevating large volumes of tissue to 

hyperthermic temperature ranges for a single, static applicator placement. The volumes of tissue 

maintained at 40-45 °C for the larger end-fire and side-fire configurations were much larger 

compared to static placements of more conventional applicators designs, as investigated in 

simulation studies presented in Chapter 2 (Figure 2.8).   The heating extent along the transverse 

(X-dimension) for the two end-fire assemblies were closely delimited by the diameter of the 

expanded reflector balloons. However, there was some variation in the uniformity of the 

temperature across the transverse diameter, with lower values in the central region due to the 

acoustic dead-zone at the central portion of the applicator assembly. As can be seen by differences 

between the smaller and larger configurations, increasing the transducer diameter resulted in 

greater temperature discrepancies between the central and peripheral regions of the heated zone. 

Uniformity could potentially be filled by adding a planar disk transducer onto the tip of the 

applicator assembly, or by using a conical reflector balloon geometry with a marginally lower 

conical angle (< 45° relative to the long axis) so that the reflected acoustic waves converge slightly. 

The side-fire configuration displays better temperature uniformity; however, the spatial extent of 

tissue at hyperthermic temperatures is reduced compared to the larger end-fire configuration, 

despite both designs having similar collapsed profiles. This is likely due to the difference in how 

acoustic energy is dispersed across the reflector surfaces for the end-fire and side-fire designs: 

energy emitted by the tubular transducers is dispersed across the entire conical interface for the 

end-fire design, independent of the tubular transducer radius; whereas the dispersion of energy 

across the reflector surface for the side-fire is limited, and varies as a function of the transducer 

width (fixture size) and how the transducer stage is centered within the multi-compartment 
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balloon. Whereas for the end-fire the height of the tubular transducer is constrained by the 

expanded balloon diameter (using a larger balloon diameter requires a longer tube to cover the 

reflector surface), both the transducer width (i.e., fixture diameter) and length for the side-fire 

design need to increase in order to augment the effective therapeutic aperture. As a result, 

increasing the spatial extent of heating would necessitate a larger overall profile when the side-fire 

assembly is in its collapsed state, which could limit device delivery and accessibility. 

B.3 End‐fire	 with	 1D	 phased	 array	 and	 conical/parabolid	
reflector	

As briefly discussed in Chapter 1, focusing of ultrasonic waves can be achieved using 

arrays of transducer elements that are independently phased to electronically steer the beam. A 

modification to the end-fire design presented in Chapter 4 was explored in which the fluid lens 

was removed and the tubular transducer array was converted into a one-dimensional phased array, 

with ring-segment sub-elements positioned along the length of the array, as shown in Figure B.4 

(a). By integrating the phased-array of tubular transducers with the reflector balloon, this 

arrangement is envisioned to mimic a concentric ring transducer array197-199, which is capable of 

electronic steering of the beam in depth along the central longitudinal axis. Focusing performance 

of the conventional concentric ring transducer array depends on a variety of parameters, including 

the number of independent rings, the center-to-center ring spacing, and the inherent geometric 

focus of the array.199 As such, analogous properties for the proposed deployable assembly were 

hypothesized to influence focal capabilities.  
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Figure B.4  Design schema for end-fire deployable assemblies with (a) conical and (b) parabolid reflector 
balloon geometries and a tubular transducer phased-array source that can produce electronic focusing at 
variable depths along the central longitudinal axis beyond the distal tip of the assembly. 

 Two reflector geometries were investigated in combination with the tubular transducer 

phased-array. In combination with the conical reflector geometry, as used in previous end-fire 

assembly configurations, the deployed assembly mimics a flat concentric ring array with no 

geometric focus. The second reflector geometry has a parabolid geometry, as seen in Figure 4 (b). 

Figure B.5 shows that the 2D parabolic profile of the reflector is revolved around the central device 

axis to form the 3D parabolid geometry, and creates a natural geometric focus for the waves 

emitted radially by the tubular transducer array. By tailoring the profile of the parabola, this 

geometric focal depth can be set, and as the desired focal depth increases to infinity, the geometry 

converges to a conical profile. Hence, in combination with the parabolid balloon reflector 

geometry, the deployed assembly is representative of a concentric ring array that has a convex, 

geometrically-focused surface.  
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Figure B.5  Cross-sectional view of the deployable end-fire assembly with a parabolid balloon reflector. 
The profile of the 2D parabola that defines the reflector interface is depicted, and corresponds to a specific 
focal depth according to the geometric convergence of acoustic ray traces as radially emitted by the tubular 
transducer source. 

 Acoustic propagation through the deployed balloon assembly was modeled using the 

method of secondary sources, which requires discretization of the tubular transducer geometry as 

well as the conical/parabolid surface into simple “point” sources. Whereas the conical reflector 

surface is relatively trivial to discretize into regularly-spaced simple sources of known center 

coordinates and orientation (as described by the unit normal vector of the surface at the center 

coordinate) due to its simple geometry, the same for the parabolid reflector is more involved due 

its more complex geometry. This problem can be resolved by first considering the 2D parabola 

that defines the cross-sectional profile of the reflector, as seen in Figure B.5. The equation of the 

parabola can be uniquely determined using the coordinates of the most proximal point of the 

parabola (as constrained by the applicator layout) as well as the target focal depth. The coordinates 

of points that are equidistant along the parabolic curve can be determined using the parametrized 

arc length equation and the corresponding parametric equations of the parabola.200 The unit normal 

vector at each of those points is then determined using the derivative of the tangent vector equation. 
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Lastly, these coordinates and vectors can be revolved around the longitudinal central device axis 

in order to generate the full 3D parabolid surface.  

 To validate that the parabolid geometries were generated accurately for a desired focal 

depth, deployable assemblies were modeled using a non-phased tubular transducer centered within 

parabolid reflector balloons of varying focal depths. The output acoustic intensity distributions 

were simulated, as shown in Figure B.6, as the parabolid geometry was varied to adjust the focal 

depth.  

 

Figure B.6  (a)-(c) Parabolid reflector geometries (green) of varying geometric focal depths of 20, 40, or 
60 mm, respectively. Using a non-phased tubular transducer source centered in each of the parabolid 
reflector geometries, the (d)-(f) corresponding longitudinal acoustic intensity distributions (units of W/m2) 
confirm that the parabolid geometry create focal distributions at the appropriate depth. (g) The central axial 
intensity distribution is shown as the parabolid reflector geometry is varied for focal depths of 10-100 mm.  
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 For electronic steering and focusing using the 1D tubular transducer phased array, the 

appropriate phasing of each sub-element was determined by first calculating the total path length 

between the central coordinate of each sub-element, the corresponding reflector surface (assuming 

perfectly radial transmission of the tubular transducer source), and the desired focal depth.199 The 

phase of each sub-element was calculated as the modulus of the total path-length by the acoustic 

wavelength, converted to radians. As the transducer array was discretized into simple sources 

much smaller (~λ/16 spacing) than the size of the individual ring segment sub-elements of the 

phased array, all simple sources within the bounds of an individual sub-element were assigned the 

same phase value.  

 Simulations were performed to assess the influence of the ring-segment size, or 

equivalently, the number of ring-segments in the phased array transducers, on the electronic 

focusing capabilities. Figure B.7 shows simulation results using a deployable assembly consisting 

of a conical balloon (50 mm OD) and a tubular phased-array (1.5 MHz, 10 mm OD x 19.5 mm 

height) with electronic phasing applied for a 30 mm focal depth, as the length of the ring-segment 

sub-elements was varied between 9.75 mm to 0.65 mm (equivalently, 9.75λ to 0.65λ). This 

corresponds to an increasing number of sub-element ring-segments, or channels, from 2 to 30. It 

is clear that the quality of focusing and focal gain increases as the length of each ring-segment 

decreases, and that there is negligible focusing capabilities and prominent grating lobes above ring-

segment lengths of 2.44 mm (2.44λ).  



190 

 

Figure B.7  Central axial intensity gain profile for a deployable applicator assembly consisting of a conical 
balloon reflector (50 mm OD) and a tubular phased-array (1.5 MHz, 10 mm OD x 19.5 mm height) with 
electronic phasing applied for a 30 mm focal depth, as the length of the ring-segment sub-elements was 
varied between 9.75 mm to 0.65 mm, corresponding to 2 and 30 total individual channels, respectively. The 
corresponding number of channels increases by 2 with each successively smaller segment. 

 Additional simulations were performed to compare deployable applicator configurations 

using a conical balloon reflector geometry against those with parabolid reflector geometries, for 

three distinct parabolid geometries corresponding to focal depths of 25, 40, and 55 mm. Each 

assembly configuration was modeled with the same tubular transducer phased-array (1.5 MHz, 10 

mm OD x 19.5 mm height, 16 channels of 1.22 mm long ring-segments). Appropriate phasing was 

simulated to investigate focusing capabilities across a 1-7 cm range of depths. The central axial 

intensity gain profiles for each configuration are shown in Figure B.8. 
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Figure B.8  Central axial intensity gain profiles for deployable applicator assemblies with a tubular 
transducer phased-array (1.5 MHz, 10 mm OD x 19.5 mm height, 16 channels of 1.22 mm long ring-
segments) and a (a) conical reflector balloon or a (b)-(d) parabolid reflector balloon with geometric focal 
depths of (b) 25 mm, (c) 40 mm, or (d) 55 mm.  

 As shown in Figure B.8, the assemblies with the parabolid reflector are capable of much 

greater focal gain as compared to the conical reflector. Furthermore, the magnitude of focal gain 

across depth is a function of the parabolid geometry. For each of the parabolid geometries, 

maximum focal gain is close to the geometric focus, and there is greater variation between intensity 

profiles at successive focal depths as compared to the conical reflector configuration. As such, this 

simulated behavior confirms that the configuration with a conical reflector behaves similarly to a 
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flat concentric ring array, whereas the parabolid reflector configurations behave akin to 

spherically-curved concentric ring array.  

 These preliminary theoretical investigations illustrate that utilizing phased arrays with 

deployable balloon reflectors could be a promising means of augmenting the effective therapeutic 

aperture of catheter-based ultrasound devices with dynamic control over the target depth. One 

advantage over utilizing phased-arrays and electronic steering to focus, over the fluid-lens based 

focusing proposed in Chapter 4, is that the electronic phasing has the capability for more robust 

and faster beamforming, requiring no mechanical or moving parts. Further, there would be less 

attenuation-based losses in the balloon media (i.e., water), and no losses from reflection at material 

interfaces with the lens fluid. The phased array design would also accommodate simpler balloon 

designs made of purely non-compliant PET or nylon materials, by forgoing the composite balloon 

design that accommodates a distensible distal membrane needed for fluid lens focal adjustment. A 

significant drawback to the phased array design is the significant cost and engineering complexity 

associated with the phased transducer array, as well as the necessary driving electronics. These 

costs would scale with the number of sub-elements composing the phased-array. 

More extensive theoretical and experimental investigations are needed to comprehensively 

assess the utility of the phased-array deployable assembly design. Future efforts could also 

investigate designs that incorporate sectoring of the transducer array along the angular extent, 

alone or in combination with sectoring along the tube length. Angular-sectored arrays, in 

combination with the conical or parabolid reflector balloon geometries, could emulate sector 

vortex transducer arrays, which are capable of generating annular-shaped foci.197,201 The combined 

angular-sectored and longitudinally-sectored phased array would thereby emulate a combined 

concentric-ring sector vortex array, with potential for more complex beamforming  and generation 
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of annular focal patterns at selective target depths.202 Linear planar phased arrays could also be 

incorporated into the side-fire design, opening the possibility for full beam steering across each 

dimension. 
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