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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 inte-
grated transducers required for the applicator to traverse anatomical passages. This study investigates
a design 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 depths. Acoustic and bio-
thermal theoretical studies, along with benchtop proof-of-concept measurements, were performed to
investigate the proposed design.
Methods: The design schema 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 reflec-
tive compartment that redirects acoustic energy distally through a plano-convex fluid lens. By con-
trolling the lens fluid volume, the convex surface can be altered to adjust the focal length or
collapsed for device insertion or removal. Acoustic output of the expanded applicator assembly was
modeled using the rectangular radiator method and secondary sources, accounting for reflection and
refraction at interfaces. Parametric studies of transducer radius (1–5 mm), height (3–25 mm), fre-
quency (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 applicator assembly was fabricated and character-
ized using hydrophone-based intensity profile measurements. Biothermal simulations of endoluminal
ablation in liver and pancreatic tissue were performed for target depths between 2 and 10 cm.
Results: Simulations indicate that focal gain and penetration depth scale with the expanded reflec-
tor-lens balloon diameter, with greater achievable performance using perfluorocarbon lens fluid. Sim-
ulations of a 50 mm balloon OD, 10 mm transducer outer diameter (OD), 1.5 MHz assembly in
water resulted in maximum intensity gain of ~170 (focal dimensions: ~12 mm length 9 1.4 mm
width) at ~5 cm focal depth and focal gains above 100 between 24 and 84 mm depths. A smaller
(10 mm balloon OD, 4 mm transducer OD, 1.5 MHz) configuration produced a maximum gain of 6
at 9 mm depth. 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
balloon diameters ≥ 20 mm. Hydrophone characterizations of the experimental 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 simu-
lations. Biothermal simulations (30 s sonication, 75 °C maximum) indicate that investigated applica-
tor assembly configurations, at 30 mm and 50 mm balloon diameters, could create localized
ellipsoidal thermal lesions increasing in size from 10 to 55 mm length 9 3–6 mm width in liver tis-
sue as target depth increased from 2 to 10 cm.
Conclusions: Preliminary theoretical and experimental analysis demonstrates that combining endo-
luminal ultrasound with an expandable acoustic reflector and fluid lens assembly can significantly
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enhance acoustic focal gain and penetration from inherently smaller diameter catheter-based applica-
tors. © 2017 American Association of Physicists in Medicine [https://doi.org/10.1002/mp.12458]

Key words: acoustic, deployable, endoluminal ultrasound, fluid lens, reflector, therapeutic ultra-
sound, thermal ablation

1. INTRODUCTION

Endoluminal catheter-based ultrasound applicators provide a
minimally invasive option for delivering localized and spa-
tially precise thermal therapy to tissue targets that are adja-
cent to body cavities or lumens. Compared to other
commonly used energy sources for thermal ablation, such as
radiofrequency (RF), laser, or microwave, ultrasound pro-
vides a high degree of control over the spatial deposition of
energy and heating, and improved penetration for targeting
deeper tissues.1 Extracorporeal high intensity focused ultra-
sound (HIFU) uses large focused transducer arrays (0.5–
1.5 MHz) to deliver ultrasound through the body to target
depths of 10–15 cm, but when applied in abdominal and pel-
vic sites requires a clear acoustic window between the trans-
ducer and target site for safe and effective treatment, devoid
of gas-containing tissues (lungs, bowel) or other significant
tissue interfaces (e.g., soft tissue-bone) where off-target
reflection, preferential absorption, and heating can occur.2

Catheter-based ultrasound, while more invasive than external
HIFU, can be used to target sites with limited external acous-
tic access and provides better volumetric energy localization.1

A wide variety of device configurations has been devel-
oped for specific endoluminal ultrasound delivery pathways.1

Endogastric placement of endoluminal devices along the
upper GI tract (esophagus, stomach, or small intestines) has
been developed to target esophageal,3 liver,4,5 or pancreatic
tumors.6,7 Prostate tumors or benign prostate hyperplasia has
been ablated using ultrasound devices placed in the urethra8–11

or in the colorectal tract.12,13 Endovascular devices have been
developed for renal denervation14 and pulmonary vein isola-
tion.15,16 Endocervical devices for hyperthermia in conjunc-
tion with high-dose rate brachytherapy for advanced cervical
cancer have been investigated.17 Similar applicator configura-
tions have also been developed for laparoscopic abdominal
cavity access and ablation of renal tissue.18

While each of these endoluminal ultrasound device con-
figurations has reported varying degrees of preclinical or
clinical efficacy, 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 diameter (~2–15 mm depending on application
site1) and high flexibility in order to navigate through narrow
luminal passages to reach the target site. Similarly, laparo-
scopic-based ultrasound devices are restricted in diameter
(< 18 mm) to minimize the incision or port size for access to
the abdominal cavity.18 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
1–3 centimeters of the device.1 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 luminal wall or intervening tis-
sues. 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 (< 2 cm) effective
aperture of mounted focused transducers.19

One means of enhancing the effective aperture of radiating
acoustic energy in endoluminal ultrasound, without compro-
mising the device’s ease of placement or delivery, is to inte-
grate an expandable multicompartment balloon around the
transducers that serves as an acoustic reflector. The concept
of combining endoluminal ultrasound with expandable bal-
loon reflectors was introduced by Nakagawa et al., where it
was used to redirect and focus acoustic energy from a tubular
transducer source to create annular ring lesions for pul-
monary vein isolation.15 Their design featured a multicom-
partment balloon that was collapsed during device delivery
and removal, and expanded at the treatment site up to a diam-
eter 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.15 Whereas the
Nakagawa et al. device used a highly precise and fixed para-
bolic surface geometry to create the annular ring focus, a sim-
pler 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 amen-
able 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 incorporat-
ing perfluorocarbon or silicone oil solutions have been
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integrated with therapeutic ultrasound sources for extracorpo-
real hyperthermia applications by Yoon et al.20,21 The lens is
composed of a liquid that has a different speed of sound rela-
tive to water or tissue contained by a distensible membrane,
and by varying the fluid volume, the spherical radius-of-cur-
vature (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 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. The proposed assembly
design, as shown in Fig. 1, consists of a central tubular (i.e.,
cylindrical) transducer source surrounded by a conical bal-
loon filled with water in the interior compartment and a thin
(~1 mm) air or CO2 gas filled gap between two balloon layers
at its border 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 vol-
ume of lens fluid. 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. This particular configuration would be end- or
forward-firing, emulating a larger diameter spherically
focused device with the focal region in line with the longitu-
dinal axis of the device.

The objective of this study is to evaluate the capabilities of
the proposed design and characterize its performance as a

function of various design parameters, applying both theoreti-
cal and experimental approaches. Acoustic models incorpo-
rating the rectangular radiator method,22 along with the
method of secondary sources,23,24 were implemented to
incorporate acoustic reflection and refraction at material
interfaces. An extensive set of parametric studies over trans-
ducer, reflector, lens, and tissue properties were performed to
investigate their effects on resulting acoustic pressure and
intensity distributions. In order to validate the acoustic mod-
eling methodology utilized in this study, a modular proof-of-
concept applicator assembly was designed, fabricated, and
characterized using hydrophone measurements for compara-
tive purposes. Finally, a series of three-dimensional biother-
mal simulations were performed to investigate the heating
characteristics produced by the proposed design for endolu-
minal ultrasound ablation in pancreas and liver tissue targets.

2. 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)
shows a side-profile schematic of the proposed applicator
assembly, with ray traces to approximate how the acoustic
energy propagates through each compartment of the
expanded balloon. 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 inter-
face 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. A
thorough description of the theory and methodology
employed to model acoustic propagation through the applica-
tor assembly is given below:

2.A. Acoustic modeling theory

In a homogeneous medium, the acoustic velocity potential
(w) due to a radiating transducer source can be approximated
using the Rayleigh-Sommerfeld diffraction integral25,26:

wðx; y; zÞ ¼ 1
2p

Z
S

u
e�ðaþjkÞr

r
dS; (1)

where integration is over the entirety of the radiating surface
S, u [m/s] is the normal particle velocity on the radiating sur-
face, a [Np/m] is the acoustic attenuation coefficient of the
medium, j ¼ ffiffiffiffiffiffiffi�1

p
, k [radians/m] is the wave number, and r

[m] is the distance between the field point and an infinitesi-
mal source element of area dS. By discretizing the radiating
surface into N elements of small enough area DS to be

FIG. 1. Schematic of an ultrasound applicator integrated with a multicom-
partment balloon that serves as a deployable acoustic reflector and fluid lens.
The tubular (i.e., cylindrical) transducer is positioned centrally in a water-
filled conical balloon that has a reflector compartment, consisting of a thin
air or CO2 gas filled gap between two balloon layers, along its border. The
distal compartment is filled with a perfluorocarbon or silicone oil solution,
and serves as a fluid lens with a distensible distal membrane for dynamic
adjustment of the focal length. [Color figure can be viewed at wileyonlineli-
brary.com]

Medical Physics, 44 (10), October 2017

5341 Adams et al.: Deployable ultrasound applicators 5341



considered point sources, and summing the contributions
from each element to the field point of interest, the expres-
sion can be evaluated as:

w x; y; zð Þ ¼ 1
2p

XN
n¼1

un
e� aþjkð Þrn

rn
DSn; (2)

where subscript n corresponds to the nth element. The result-
ing acoustic pressure on a field point is23,25,27:

p x; y; zð Þ ¼ jqckw x; y; zð Þ; (3)

where q [kg/m3] is the density and c [m/s] is the speed of
sound of the medium. If the radiating source is divided into
N rectangular elements, then the rectangular radiator
method22 can be used to calculate the field point pressure as:

p x;y;zð Þ¼
jqc
k

XN
n¼1

un
Rn

e� aþjkð ÞRnsinc
kxnDwn

2Rn

� �
sinc

kynDhn
2Rn

� �
DwnDhn;

(4)

where k [m] is the wavelength, Rn [m] is the distance from the
center of the nth element to the field point, Dwn [m] and Dhn
[m] are the width and height of the nth element, and xn [m]
and yn [m] are the difference in azimuthal and elevation coor-
dinates between the tissue point and the element center, with
respect to the local orientation of the rectangular element.

In order to model wave refraction and reflection at mate-
rial interfaces, the secondary source approach as applied by
Fan and Hynynen23 and expanded by Moros et al.24 was
employed, whereby each interface was treated as a new radia-
tor 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.23,24 As such, it incorporates
Snell’s law, which relates the angles of incidence ðh1Þ, reflec-
tion h01

� �
, and refraction ðh2Þ for a wave impingent on a mate-

rial interface [Fig 2(b)]:

h1 ¼ h01 and c1 sin h2ð Þ ¼ c2 sin h1ð Þ; (5)

As shown in Fig. 2(b), consider a ray from the nth small
point source of the radiating surface traveling along rn to an
infinitesimal area of the interface between two mediums at an
angle of incidence h1 relative to the interface surface normal.
By definition, the particle velocity along rn can be calculated
by taking the derivative of the velocity potential of the small
source:

Dv ¼ � dw
drn

¼ 1
2p

un
e� aþjk1ð Þrn 1þ aþ jk1ð Þrn½ �

r2n
DSn; (6)

where k1 [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 reflec-
tivity Rv, and is defined along a new direction h01. Hence, the
normal reflected particle velocity on the interface (DvR) is the
component of the reflected particle velocity along the normal
of the interface:

DvR ¼ Rv � Dv � cos h01
� �

; (7)

where the velocity reflectivity Rv can be calculated as:

Rv ¼ q2c2 cos h1ð Þ � q1c1 cos h2ð Þ
q2c2 cos h1ð Þ þ q1c1 cos h2ð Þ : (8)

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 trans-
mittivity Tv, and is defined along the direction h2. The normal
transmitted particle velocity on the interface ðDvTÞ is the
component of the transmitted particle velocity in the second
medium along the normal to the interface:

DvT ¼ Tv � Dv � cos h2ð Þ; (9)

Where the velocity transmittivity Tv can be calculated as:

Tv ¼ 2q1c1cosðh1Þ
q2c2 cos h1ð Þ þ q1c1 cos h2ð Þ : (10)

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:

FIG. 2. (a) Simplified ray traces of acoustic energy emitted by the central tubular transducer and reflected/refracted 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 (CO2); 2. Water-lens fluid; 3. Lens fluid-field medium (water, tissue). (b) Diagram for theoretical modeling of reflection
and refraction at each material interface. [Color figure can be viewed at wileyonlinelibrary.com]
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vR¼
1
2p

XN
n¼1

un
e� aþjk1ð Þrn 1þ aþ jk1ð Þrn½ �

r2n
DSnRv hn1

� �
cos h01

n� �
;

(11)

vT ¼
1
2p

XN
n¼1

un
e� aþjk1ð Þrn 1þ aþ jk1ð Þrn½ �

r2n
DSnTv hn1

� �
cos hn2

� �
;

(12)
By discretizing the entire interface surface into M

subelements, 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 transmit-
ted) medium can be calculated using Eqs. (2), (3) or
Eq. (4), by summing over the M interface elements where
n is replaced by m, the index of the mth interface element,
and unis replaced by vTm, representing the transmitted nor-
mal velocity of the mth element. Similarly, the pressures in
the first medium from interface reflections can be calcu-
lated using vRm, 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 calcu-
lated using Eqs. (11), (12) using the reflected or transmit-
ted normal velocity distributions of the prior interface or
radiating source as the input.

Acoustic propagation through the applicator assembly
was modeled by separately considering each interface as
secondary sources. The interfaces, as shown and numbered
in Fig. 2(a), 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 to calculate the reflected normal particle
velocity distribution on the conical interface. The interface
is approximated as an ideal reflector, with a velocity reflec-
tivity 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. Contributions from source-interface element pairs
were nullified if the ray trace between the two elements
intersected with the central transducer structure. For inter-
face 3, the transmitted normal velocity distribution of inter-
face 2 was used to calculate the transmitted normal
velocities on the convex lens surface. Following, the pres-
sure 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. 4). The
F value, which dictates the size of the rectangular subele-
ments, was ≥ 150 for all simulations to ensure accuracy.22

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.28

2.B. 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 for-
mulations in Yoon et al.,21 and are shown in Table I. 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-con-
vex lens20:

f ¼ ROC
ðc2c1 � 1Þ ; (13)

where ROC [m] is the radius-of-curvature of the lens, and c1
and c2 are the speed of sound of the lens fluid and water,
respectively. Eq. (13) was used to determine the ROC associ-
ated 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 transmis-
sion coefficient Tpow across the 2D section:

Tpow ¼ 4q1c1q2c2 cos h1ð Þ cos h2ð Þ
q2c2 cos h1ð Þ þ q1c1 cos h2ð Þð Þ2 : (14)

Snell’s law Eq. (5) was used to calculate the relationship
between angle of incidence and angle of refraction. At each
point along the 2D section, the power transmission coeffi-
cient was calculated assuming a uniform and collimated
energy source, such that the angle of incidence varied along
the section according to:

h1 xð Þ ¼ asin
x

ROC

� �
; (15)

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 sec-
tion was used to approximate the total energy transmission.

TABLE I. Acoustic properties of prospective lens fluids and water.21

Liquid
Density
(kg/m3)

Speed of
sound (m/s)

Attenuation
(Np/cm/MHz)

Silicone oil 980 1002 0.055

Perfluorocarbon 1820 610 0.006

Water 1050 1484 ~0
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2.C. Influence of applicator design parameters on
focal properties

Using the theory and methodology presented in Section 2.A.,
two series of parametric studies were performed to characterize
acoustic output of the applicator assembly design. The first var-
ied the expanded balloon aperture diameter [as defined in
Fig. 2(b)] between 10–50 mm, the transducer radius (1–6 mm),
and lens focal length (1–100 mm). For each configuration, the
height of the transducer was set by the expanded balloon diame-
ter, matching the height of the conical reflector compartment
(varying accordingly between ~3 and 25 mm). These simula-
tions were performed using a perfluorocarbon lens fluid and the
resulting acoustic pressure and intensity distributions were cal-
culated in a water medium. The time-averaged intensity is
derived from the pressure field and medium properties as:

I x; y; zð Þ ¼ p x; y; zð Þj j2
2qc

: (16)

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 and
emulating a more conventional endoluminal ultrasound appli-
cator design. 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 noncollapsible overall device profile.
This upper limit would be appropriate for endogastric access,
based on diameters of currently available echoendoscopes
(10.5–12.8 mm) on the market.29

The second series of parametric studies investigated the
effects of transducer frequency and attenuation of the field
medium on achievable focal gain as a function of focal depth.
A single assembly 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 as
representative of the range of attenuation coefficients in differ-
ent soft tissues.30

2.D. Experimental validation

In order to validate the methodology and acoustic simula-
tions presented herein, a proof-of-concept (POC) test applica-
tor assembly was designed, fabricated, and characterized using
hydrophone measurements of the beam profiles. The assem-
bly, as shown in Fig. 3, consists of a 9.5 mm OD 9 9.5 mm
height 1.70 MHz tubular transducer mounted on a 3D printed
housing fixture (Formlabs Inc., Somerville, MA, USA), cen-
tered in a conical brass reflector fixture. The fluid lens was
made from a 3D printed fixture (Formlabs Inc., Somerville,
MA, USA), with a .006” thick latex sheet (McMaster-Carr,
Santa Fe Springs, CA, USA) serving as the distal distensible
lens membrane, and a .005” thick stiff polyimide sheet
(McMaster-Carr, Santa Fe Springs, CA, USA) as the proximal
boundary. Fluid inlet and outlet ports were used to inject Fluo-
rinert FC-43 perfluorocarbon solution (Synquest Laboratories,
Inc., Alachua, FL, USA) into the lens, and the radius of curva-
ture 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 cen-
tered over the applicator-brass reflector assembly using a 3D
printed adapter (Zortax, Olsztyn, Poland).

Measurements of the intensity profiles of the modular
POC assembly were performed in deionized, degassed water
by scanning a HNP-0400 needle-type hydrophone (Onda
Corp., Sunnyvale, CA, USA) under computerized motor con-
trol and acquisition. A function generator (Keysight Tech-
nologies, Inc., Santa Rosa, CA, USA) and RF amplifier
(Electronics & Innovation, Ltd., Rochester, NY, USA) were
used to drive the transducer, with forward and reflected
power monitored using a 4-port dual directional coupler

(a) (b) (c)

FIG. 3. (a) Cross-sectional schematic of the proof-of-concept applicator assembly, consisting of a tubular transducer applicator (1.70 MHz, 4.75 mm
radius 9 9.5 mm height, white arrow) mounted in a brass conical reflector fixture, a fluid lens fixture filled with perfluorocarbon solution, and 3D printed adap-
ters 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. [Color
figure can be viewed at wileyonlinelibrary.com]
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(Werlatone, Inc., Patterson, NY, USA) and inline power meter
(Keysight Technologies, Inc., Santa Rosa, CA, USA). Longi-
tudinal 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 (Tektronix, Inc., Beaverton, OR, USA), and con-
verted into time-averaged intensity values using the acoustic
efficiency of the transducer. The transducer efficiency was
determined through force balance measurements31 using a
bottom-loading mass balance (Mettler-Toledo Ltd., Leicester,
UK), 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 compar-
ative purposes, but did not incorporate modeling of the thin
latex or polyimide lens membranes. Percent differences
between simulation and experiment in terms of the focal gain
magnitude and the full-width-half-max (FWHM) of the focal
zone length were evaluated across focal depths ranging
between ~10–65 mm.

2.E. Biothermal modeling theory

In order to investigate the utility of the proposed applicator
assembly 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, Comsol, Inc., Burling-
ton, MA, USA) and the Pennes bioheat transfer equation32:

qC
@T x; y; zð Þ

@t
¼ r k � rT x; y; zð Þ½ �

� xbCb T x; y; zð Þ � Tb½ � þ Qac x; y; zð Þ;
(17)

where C [J/°C/kg] is the specific heat of tissue (Cbfor blood),
T [°C] is tissue temperature, k [W/m/°C] is tissue thermal

conductivity, xb [kg/m3/s] is the blood perfusion rate, Tb is
the capillary blood temperature (37 °C). Qac [W/m3] is the
acoustic heat deposition in tissue, which can be derived from
the acoustic pressure field:

Qac x; y; zð Þ ¼ aabsjp x; y; zð Þj2
qc

: (18)

aabs is the acoustic absorption coefficient [Np/m] in tissue,
and was approximated as equal to the attenuation coefficient
for each tissue as all scattered energy was assumed to be
absorbed locally.

2.F. 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 Fig. 4, was used. The deployable applicator assem-
bly 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 configura-
tions of the applicator assembly were modeled: configuration
1 was for 30 mm expanded balloon diameter, 3 mm trans-
ducer radius 9 12 mm height, sonicating at 1.5 MHz; con-
figuration 2 was for 50 mm expanded balloon diameter,
5 mm transducer radius 9 20 mm height, sonicating at
1.5 MHz. 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 sur-
face intensity of 20 W/cm2.33 The lens focal length was var-
ied between simulations to evaluate the capability of
producing selective heating at specific depths up to 10 cm.

For comparative purposes, simulations were also per-
formed 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 or focal depth.

The acoustic and thermal material properties of each tissue
that were incorporated in the simulations are listed in
Table II.30,34,35 Water cooling (25 °C) was modeled on the

FIG. 4. Generic tissue block model for thermal simulations of endoluminal ablation of liver or pancreatic tissue using the proposed ultrasound applicator assem-
bly. Ranges for the dimensions for the tissue block and constituent features (transducer diameter, 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. [Color figure
can be viewed at wileyonlinelibrary.com]
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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.35 The stomach wall was modeled as
3 mm thick.36 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 of lethal thermal dose in these simulations.37

Borders of coagulative necrosis or thermal lesion formation
by the end of the sonication were approximated by the
T > 52 °C contour. Dimensions and positions of these bor-
ders are tabulated and used to assess the performance of each
applicator configuration in terms of selective heating capabil-
ity, penetration depth, and luminal/prefocal sparing.

3. RESULTS

3.A. Fluid lens analysis

Figure 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 5 also shows
that at all focal lengths, the perfluorocarbon fluid lens per-
mits 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.

3.B. Influence of applicator design parameters on
focal properties

Figures 6(a)–6(c) show three 2D planes of simulated lon-
gitudinal intensity distributions, corresponding to a single
applicator assembly configuration (50 mm expanded balloon
diameter, 5 mm transducer radius 9 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 (Ifield/Itransducer). For each assembly configuration, a ser-
ies of central axial intensity profiles were simulated, as
demonstrated in Fig. 6(d) for the 50 mm balloon diameter,
5 mm transducer radius 9 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.

A series of performance envelopes for 1.5 MHz configura-
tions are shown in Fig. 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
[Fig. 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 increases, both
the magnitude and the depth of the maximum focal gain
increase. For all assembly 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 applicator assembly config-
urations 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

TABLE II. Material properties of tissues used in biothermal modeling
studies.30,34,35

Tissue
Density
(kg/m3)

Attenuation
(Np/m)

Thermal
conductivity
(W/m/°C)

Specific
heat

(J/kg/°C)

Perfusion
rate

(kg/m3/s)

Pancreas 1045 11.9f0.78 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 –

f, frequency (MHz).

FIG. 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). [Color figure
can be viewed at wileyonlinelibrary.com]
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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 configura-
tions with a 10 mm balloon diameter show a maximum
potential focal gains of ~6 and cannot focus beyond 2 cm.

The approximate sizes of the focal zone in terms of the
full-width-half-max (FWHM) across the axial and transverse

dimensions, corresponding to the extents of the �3 dB inten-
sity contours, are shown in Figs. 8 and 9, 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 oppo-
site the behavior for the spherical bowl transducer. The spher-
ical 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 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 trans-
ducer radius increases from 1 to 6 mm).

Figure 10 shows the results for the second series of para-
metric studies for a single deployable configuration (50 mm
balloon diameter, 5 mm transducer radius 9 20 mm height),
with the transducer frequency and attenuation of the medium
varied. As expected, increasing the frequency results in tigh-
ter foci, with shorter �3 dB axial and transverse extents and
greater focal gains in nonattenuating mediums. As the med-
ium 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.

3.C. Experimental validation

Figure 11(a) shows beam-plots created from scanning
hydrophone measurements of the test applicator assembly in
a water tank. Each contour plot shows the normalized pres-
sure-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 pro-
files are shown in Fig. 11(e) and the corresponding simulated
intensity gain profiles that model the test assembly in
Fig. 11(f). Overall agreement between the experimental and

FIG. 6. Simulated acoustic intensity gain distributions in water for the appli-
cator assembly (1.5 MHz, 50 mm expanded balloon diameter, 5 mm trans-
ducer 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 approxi-
mates the achievable focal gain at each depth can be determined. [Color fig-
ure can be viewed at wileyonlinelibrary.com]
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FIG. 7. (a)–(e) Approximate maximum focal gain of the 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. [Color figure can be viewed at wileyonlinelibrary.com]

FIG. 8. (a)–(e) Axial length of the focal zone as defined by the �3 dB intensity extents or FWHM for the applicator assembly, as a function of focal depth, trans-
ducer radius (“Rad”), and expanded balloon diameter. (f) Focal zone length for a spherically focused transducer with varying radius and radius-of-curvature.
[Color figure can be viewed at wileyonlinelibrary.com]
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theoretical profiles and trends is good, though discrepancies
are present, particularly at the near or far limits of the focal
depth. The overall percent differences between measured and
simulated focal gain magnitudes and axial length FWHM of
the focal zone were calculated to be 15.2% and 15.4%,
respectively. In terms of focal gain magnitude, the percent
difference was found to be 2.9–13.7% between 10 and
45 mm focal depths, and 28.3–47.8% between 52 and
65 mm. In terms of axial length FWHM of the focal zone,
the percent difference was found to be 0.7–14.9% between 20

and 65 mm focal depths, and 29.8–55.7% between 10 and
20 mm.

3.D. Simulated temperature distributions from
deployable assemblies

Figure 12 shows simulated temperature distributions in
liver tissue after 30 s sonication using an ultrasound applica-
tor assembly (50 mm balloon diameter, 5 mm transducer
radius 9 20 mm height, 1.5 MHz) at four distinct lens focal

FIG. 9. (a)–(e) Transverse width of the focal zone as defined by the �3 dB intensity contours or FWHM for the 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.
[Color figure can be viewed at wileyonlinelibrary.com]

FIG. 10. 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 applicator assembly configuration with a 50 mm expanded balloon diameter and 5 mm transducer radius. [Color figure can be viewed at wileyonline-
library.com]
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depths of ~20, 40, 60, and 80 mm [Fig. 12(a)–12(d) respec-
tively]. Contours that approximate ablation boundaries of
T = 52 °C and a safety margin of T = 43 °C are included.
These plots illustrate selective and localized temperature rise
up to the set-point temperature (75 °C) at the each of the tar-
get depths with minimal prefocal heating.

Figure 13 compiles thermal simulation data regarding the
dimensions and position of the ablation zones (T > 52 °C) in
liver and pancreatic 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 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 to the lesion boundary, increases from ~15–
83 mm as target depth increases from 20–100 mm for the lar-
ger 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 con-
straints at deeper depths. Similar trends can be seen for abla-
tion 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 prefocal 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

FIG. 11. (a)–(d) Normalized beam plots (pressure-squared distributions) measured by hydrophone in water for the experimental 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. [Color fig-
ure can be viewed at wileyonlinelibrary.com]
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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 prefocal
heating occurs and creates a much larger ablation volume of
~2000 mm3 with near lesion borders at 5 mm at 100 mm tar-
get depth, while similar heating behavior and an ablation vol-
ume 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 ther-
mal lesions in pancreatic tissue.

Figure 13 also includes comparative biothermal simula-
tions 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 lim-
ited focusing capabilities at depth, the resultant ablation vol-
umes 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 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 near-
est borders of the thermal ablation zone.

4. DISCUSSION

This study has introduced and investigated design con-
cepts for a catheter-based ultrasound applicator assembly that
incorporates deployable acoustic reflector and fluid lens
components within an expandable multicompartment bal-
loon, with potential to increase the therapeutic aperture and
enhance focal gain and penetration depth. A specific design
for a “forward- or end-firing” applicator has been presented
and acoustic simulations were employed to characterize and
assess the capabilities of the proposed applicator and to deter-
mine the influence of key design parameters. The acoustic
modeling methodology and simulations were in part vali-
dated by constructing a test applicator assembly and compar-
ing 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.

4.A. Fluid lens analysis

The trends seen in the theoretical model for energy
transmission across a convex fluid lens interface offer
insight toward optimal design practices concerning the fluid
lens. As seen in Fig. 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

(a) (b)

(c) (d)

FIG. 12. Simulated temperature distributions after 30 s sonication durations in liver tissue using the applicator assembly (1.5 MHz, 50 mm expanded balloon diam-
eter, 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 (or dark grey) contour (T = 52 °C)
approximates the ablated lesion borders, while the white line demarcates a T = 43 °C safety margin. [Color figure can be viewed at wileyonlinelibrary.com]
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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 aper-
ture size at long focal lengths, as the lens asymptotically
flattens, leading to normal incidence of all incoming rays
across the surface. Furthermore, the maximum 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 increas-
ing 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 perfluoro-
carbon solution was shown to achieve better transmission
compared to the silicone oil (Fig. 5), especially at lower
lens focal lengths (before saturation). This performance dif-
ference 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
toward flat interfaces, the transmission difference is mini-
mal, and solely due to the relatively small difference in
acoustic impedance between the two fluids. Other stud-
ies21,28 involving acoustic fluid lenses have indicated prefer-
ence 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 evalu-
ated 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 materi-
als 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.

FIG. 13. Results of thermal simulations using two select applicator assembly configurations (1.5 MHz, 30/50 mm expanded balloon diameter, 3/5 mm trans-
ducer radius) in endoluminal ablation of pancreatic or liver tissue across a range of target depths. Sonications were 30 s 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. [Color figure can be viewed at wileyonlinelibrary.com]
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4.B. Focal performance

Both the acoustic simulations and preliminary experimen-
tal 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
design. The general trend shows that as target depth
increases, the focal gain generally rises to a maximum then
decreases beyond that corresponding depth (Figs. 7 and 11).
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 outweighs the losses caused by increasing the focal
depth, causing an upward slope in gain vs. depth. The maxi-
mum 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 Fig. 5 predicts smooth increases in energy trans-
mission as the focal length increases, the changes in achiev-
able focal gain with depth (Fig. 7) appear to be more
irregular and erratic. One possible reason for this discrep-
ancy is that the modeling used in the energy transmission
analysis (Fig. 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 fluctu-
ate more with increasing focal length, and varies based on
the transducer size and frequency, as shown in Figs. 7 and
10. The acoustic simulations were compared to hydrophone
measurements of the experimental test fixture, and demon-
strated good agreement in terms of the relationship between
intensity gain and focal depth, as described above. The dif-
ferences 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 focal length
limit can likely in part be attributed to the extreme disten-
sion 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 mem-
brane and corresponding increase in attenuation due to
reduced distension at lower fluid volumes may have con-
tributed 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 (Figs. 6–10). Increasing
the balloon size resulted in greater focal gains, with large
increases primarily at greater focal depths. Larger transducer
sizes, conversely, did not always result in more focal gain.
This is because for a set balloon diameter, increasing the
transducer 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 transmis-
sion, particularly at shallow focal depths. As such, there is a
tradeoff between the amount of energy emitted by the trans-
ducer, which increases with larger transducers, and the effec-
tive 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 Fig. 10, would include
increasing the transducer frequency, though medium attenua-
tion must be accounted for in choosing the optimal frequency
for a specific target depth.

4.C. Ablation performance

The deployable applicator design is capable of generating
ablative temperature distributions in a localized and selective
fashion across a large range of target depths (Figs. 12 and
13). It is important to note that the scope of the biothermal
simulations performed in this preliminary study emphasized
the demonstration of localized heating at specific target
depths, and hence treatment parameters, including power,
sonication duration, and set-point temperature, were tailored
for this purpose. More volumetric heating could potentially
be achieved with the applicator assemblies than demon-
strated, by adjusting the sonication parameters (lower power,
longer duration). More extensive biothermal modeling analy-
sis 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 applica-
tions. In comparing the heating performances of the two
select assembly configurations, the larger configuration
(50 mm balloon diameter, 5 mm transducer radius) is cap-
able 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 trans-
ducer radius) which could produce focal heating at depths up
to ~70 mm. Both assemblies exhibited greater spatial selec-
tivity, penetration depth, and luminal sparing as compared to
the 12 mm diameter spherically focused transducer (Fig. 13).
Furthermore, comparisons between simulations in pancreatic
and liver tissue indicate that the applicator assembly configu-
rations achieve greater performance consistency across tis-
sues with different material properties, particularly at
moderate tissue depths (~20–80 mm and ~20–50 mm for the
larger and smaller configurations, respectively), as compared
to the spherically focused transducer. The performance in
“liver” and “pancreas” can also be generalized as possible in
other similar target tissues. Some comparisons can be drawn
between the simulations of the proposed applicator assem-
blies and experimental evaluations of ultrasound applicators
developed for endoluminal ablation of liver or pancreatic tis-
sue, as described in literature.4,6,7 Collectively, these applica-
tors had ~12 mm profiles, were placed in the stomach in

Medical Physics, 44 (10), October 2017

5353 Adams et al.: Deployable ultrasound applicators 5353



in vivo porcine studies, and could create thermal lesions of
~1–2 cm maximum penetration into the target liver/pancre-
atic tissue.4,6,7 Evidence of thermal injury to the outer stom-
ach wall was reported for each device configuration.4,6,7 As
such, the biothermal simulations performed in this study sug-
gest that the proposed applicator assemblies could provide
substantial improvements in penetration depth and luminal
sparing over these existing designs for endoluminal pancreas/
liver ablation.

4.D. Fabrication and practical considerations

In realizing the proposed deployable assemblies in prac-
tice, both the interior conical balloon, whose boundary
serves as the reflector, as well as the distensible lens com-
partment 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 inner compartment balloon, precisely preshaped 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.38 Further, precisely shaped noncompliant balloons
with a reflective multilumen compartment or coating have
been demonstrated and integrated with ultrasonic and fiber
optic sources, respectively.15,39 Greater technical difficulty
may be associated with the integration and controlled dis-
tension of the convex lens. Bonding the distensible mem-
brane to the noncompliant balloon could potentially be
achieved using thermoplastic welding techniques (e.g.,
laser, RF) or with flexible medical-grade adhesives to pre-
serve compact collapse.40,41 Material selection and thick-
ness tolerance for the lens membrane will be important to
ensure bonding compatibility and predictable distension
behavior. As a simpler design alternative to the separate
distal fluid lens compartment, the interior conical balloon
could be filled with lens fluid rather than water and its dis-
tal 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. In order to form
the separate luminal compartment for gas-backing at the
conical reflector interface, noncompliant or compliant bal-
loon materials could be bonded to the interior balloon with
a gas-filled offset or gap from the conical interface, or with
a separate fluid path to inflate and distend the exterior
boundary slightly with gas during deployment.

Beyond their fabrication, there are additional practical
considerations with regards to utilizing the deployable
reflector-lens applicator assemblies in an in vivo setting.
Navigational guidance and verification of both device
placement and full deployment of the balloon assembly

could potentially be achieved using MRI or ultrasound-
based image guidance, or through concurrent endoscopic
visualization. MR thermometry or ultrasound tissue
echogenicity changes could also be employed for treatment
monitoring, as well as for targeting sequential sonications
similar to extracorporeal and endorectal HIFU systems. As
the geometrical integrity of the balloon is likely critical for
operation, any distortions induced by contact with adjacent
lumens could impact performance. This would be a particu-
lar concern for the distensible lens fluid compartment. One
way to mitigate contact between the lens and the adjacent
tissue, without compromising acoustic coupling and trans-
mission into the tissue target, would be to fill the luminal
space with fluid. Alternatively, an additional large expand-
able balloon could be integrated on the tip of the applicator
(surrounding the entire multicompartment assembly), and
filled with degassed water once the device is placed to con-
form to the luminal space and provide acoustic coupling so
the deployed applicator can be used without direct tissue
contact. Lens distortion could also be mitigated by incorpo-
rating a less compliant membrane material that requires
high pressure for distension. During device deployment and
operation, the presence of bubbles in either the interior
water compartment or the lens compartment could hinder
performance by causing unwanted reflections. Similar
strategies as applied for other catheter-based ultrasound
applicators, including degassing all compartment fluids and
evacuation of air from balloon lumens prior to device inser-
tion could be employed. During sonication, heating of the
transducer or applicator structure due to transducer opera-
tion and errant beam reflections could be mitigated by cir-
culating cooled water through the interior compartment.

4.E. Anatomical targets and 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 forward or end-firing design
lends itself toward 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 artic-
ulation and positional control mechanisms commonly
employed in endoscopic devices. From these sites tumor tar-
gets in the liver or pancreas would be most accessible; how-
ever, tumors in the gall bladder or biliary tract, kidneys or
spleen, while less common and farther in anatomical proxim-
ity, could also potentially be targeted. This applicator assem-
bly could also be suitable for laparoscopic access and
ablation of tumors (such as fibroids or renal targets), permit-
ting a minimal access port (incision) diameter and large
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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 path-
ways beyond endogastric or laparoscopic routes include col-
orectal, 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.

Lastly, it is important to note that the core concepts intro-
duced in this study — integrating endoluminal ultrasound
sources with expandable acoustic reflector and lens compo-
nents — could be combined into different applicator configu-
rations besides the end-firing design evaluated herein. One
alternative design that is also under development by our
group constitutes a side-firing applicator, which could be
more appropriate for specific target sites along luminal pas-
sages. Furthermore, beyond a simple spherical convex pro-
file, a fixed-shape lens membrane could be molded to a
custom shape or profile to create more complex beam pat-
terns that are tailored for specific target sites or various ther-
mal (i.e., ablation, hyperthermia) or mechanical (e.g., drug
delivery) therapeutic applications.

5. CONCLUSIONS

Concepts and designs for integrating catheter-based endo-
luminal ultrasound devices with deployable acoustic reflec-
tors 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 per-
formed, and show good agreement with experimental charac-
terization of a test applicator assembly. Parametric modeling
studies demonstrate capability of the proposed applicator
design to achieve high focal gain and localized ablative tem-
perature elevation at target depths between 10–100 mm.
Based upon these positive findings, future studies will be
directed toward further theoretical analysis and construction
of complete prototypes of the proposed applicator for experi-
mental evaluations.
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