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Abstract

Objective: This paper aims to develop a miniaturized forward-looking ultrasound transducer for 

intracavitary tissue ablation, which can be used through an endoscopic device. The internal 

ultrasound (US) delivery is capable of directly interacting with the target tumor, resolving adverse 

issues of currently available US devices, such as unintended tissue damage and insufficient 

delivery of acoustic power.

Methods: To transmit a high acoustic pressure from a small aperture (<3 mm), a double layer 

transducer (1.3 MHz) was designed and fabricated based on numerical simulations. The electric 

impedance and the acoustic pressure of the actual device was characterized with an impedance 

analyzer and a hydrophone. Ex vivo tissue ablation tests and temperature monitoring were then 

conducted with porcine livers.

Results: The acoustic intensity of the transducer was 37.1 W/cm2 under 250 Vpp and 20% duty 

cycle. The tissue temperature was elevated to 51.8°C with a 67 Hz pulse-repetition frequency. The 

temperature profile in the tissue indicated that ultrasound energy was effectively absorbed inside 
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the tissue. During a 5-min sonification, an approximate tissue volume of 2.5 × 2.5 × 1.0 mm3 was 

ablated, resulting in an irreversible lesion.

Conclusion: This miniaturized US transducer is a promising medical option for the precise 

tissue ablation, which can reduce the risk of unintended tissue damage found in noninvasive US 

treatments.

Significance: Having a small aperture (2 mm), the intracavitary device is capable of ablating a 

bio tissue in 5 min with a relatively low electric power (< 17 W).

Index Terms—

Tissue ablation; intracavitary transducer; ultrasound therapy; hyperthermia; small aperture

I. Introduction

Ultrasound (US) therapy is an emerging therapeutic modality for cancer that delivers a 

relatively high acoustic power, in the form of ultrasound waves, to a target inside the body 

[1]. Focused US has shown its therapeutic possibilities in various cancers and malignant 

tumors of liver, breast, pancreas, and prostate. [2][3][4]. US waves, technically, result in the 

vibration of molecules in the target tissue, which causes frictional heat [5][6]. Due to the 

heat energy, the temperature of the tissue can be elevated to over 60°C, resulting in the 

coagulative necrosis of the tissue [7][8][9].

However, focused US is currently delivered clinically by a surface probe [10][11]. The 

noninvasive approach needs careful attention to avoid unintended damage to healthy tissues. 

In addition, the current US device requires high power (> 100 W) to deliver the sufficient 

acoustic power into the target region that is deep inside the body [12]. This approach is not 

feasible for organs deep in the body, such as the lungs. In contrast, a minimally invasive US 

delivery system, inserted through a bronchoscope into the lung, can mitigate these issues by 

directly interacting with the target tissue. Direct sonification can focus the acoustic power 

more accurately to the lesion and transfer a relatively high acoustic energy with a relatively 

low electric input power (< 17 W) from the device. Despite perspective advantages, studies 

on intracavitary US transducer for tissue ablation application has been lacking due to its 

small aperture size and difficulty in fabrication.

Besides US energy, various intracavitary or endoscopic modalities were investigated for 

tissue ablation in the past, such as radio frequency (RF), microwave (MW), and cryoablation 

(CA) [13]. Existing methods, however, still restrict common medical applications due to 

adverse effects and inefficacy. For instance, RF ablation can cause excessive damage to 

normal tissue and vascular fistulae [14][15]. Meanwhile, it is relatively hard to control the 

ablating zone precisely with the MW method, and it needs to resolve the heating issue of the 

coaxial cable and the connecting shaft [16][17]. The CA approach is not free from 

complications, such as fistulae to surrounding structures [18][19]. In addition, the 

performance of CA may be greatly degraded by a high blood flow [20]. In contrast, US-

assisted ablation is relatively safe and reliable; as long as US waves are directed and focused 

precisely to the lesion, no significant degree of negative effects are seen on the surrounding 
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tissue [21][22], making US safer than currently available modalities. Moreover, there are 

less technical challenges with US compared to other modalities, such as RF ablation, 

including selection of electrode shape and grounding pad placement.

Catheter-guided intracavitary US transducers have recently attracted much attention for 

some therapeutic applications, such as thrombolysis, drug delivery, and tissue ablation [23–

26]. Many interstitial tissue ablating devices are currently side-looking applicators using 

either tubular or planar active elements [27][28][29]. The side-looking transducers are more 

advantageous to maximize the aperture surface and accordingly target volume compared to 

forward-looking transducers [30]. The side-looking transducers with cylindrical active 

elements transmit US waves evenly about the circumferential direction [28][31][32], yet it is 

relatively hard for them to produce deep thermal lesions than their planar counterparts 

[27,30,33]. Prat et al. reported a side-looking plane actuator using a single piezoelectric 

plate, yet acoustic intensity was about 14 W/cm2 [34]. Makin et al. reported plane phased 

array transducers, but a relatively complicated control system for beamforming was required 

[35]. Meininger et al. proposed an interstitial US device utilizing a gas-filled reflector which 

directs the focused US waves from the side to the forward direction [36]; however, there is 

still a potential loss of acoustic energy due to the reflector. In 2015, Li et al. reported an 

endoscopic high-intensity focused US device and validated its performance in an in vivo 

porcine model [37]. The aperture size of their device was about 12 mm and required an 

electric power of 150 W to ablate the target tissue [37]. In [26], a multilayered US device 

was developed to transfer a relatively high acoustic power along the forward direction to 

activate the inertial cavitation in a thrombus. Nonetheless, the short focal distance (< ~1 

mm) restricts its practical application for tissue ablation. Hence, a novel intracavitary 

transducer, having a small aperture size (< 3 mm), needs to be developed for the delivery of 

sufficient acoustic intensity (> 10 W/cm2) to a relatively far distance (> 2 mm).

The objective of this paper is to develop a miniaturized forward-looking US transducer 

capable of transmitting a relatively high acoustic power from a small aperture to ablate a 

target tissue (Fig. 1). The contents of this paper are organized as follows: First, the 

temperature elevation of the focused US is estimated using the bio-heat transfer equation. 

Second, the US transducer was designed and numerically simulated by using a commercial 

software. Third, based on the simulation results, the miniaturized transducer was fabricated 

and characterized. Finally, the performance of the transducer was demonstrated through ex 

vivo tests using porcine livers.

II. Materials and Methods

A. Theoretical Prediction

Tissue ablation refers to the conversion of acoustic energy into heat energy, leading to 

coagulative necrosis of targeted tissue. For accurate ablation with minimized damage to 

healthy tissue, it is essential to determine the proper degree of the US energy absorbed inside 

the tissue as well as the operating condition of the US device. Hence, the theoretical 

prediction of the temperature elevation during sonification needs to be estimated to provide 

the reference operating condition of the US transducer. The bio-heat transfer equation for 

this analysis is expressed as [38–40]
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Ṫ = K ∇2T /cv + qv/cv − T /τ (1)

where qv is the heat source function, T is the temperature rise above that of blood; K is the 

thermal conductivity, τ is the time constant for perfusion, and cv is the volume specific heat 

for tissue. The perfusion time constant can be determined by [41]

τ = ρbcv/ wcb (2)

where ρb is the density of the blood, cb is the volume specific heat for blood, and w is the 

blood perfusion rate. The time constant is inversely proportional to the blood perfusion rate 

[40].

A point source solution in an infinitesimal volume (dV) is computed by using the Green 

function as [40]

dT = C
r exp −r

L 2 − erfc t
τ − r

4κt + 1
exp( − r/L)erfc t

τ + r
4κt (3)

and

C = qv
8πK dV , r = x2 + y2 + z2,  and L = κτ (4)

where the thermal diffusivity κ is given by K/cv, x and y are the lateral coordinates, z is the 

axial coordinate, and t indicates the time. The blood perfusion rate is excluded in this study; 

thus, (3) is simplified as

T = 2C
r erfc r

4κt (5)

The volume rate of heat generation qv due to US absorption is given by [42]

qv = 2αI (6)

where I is the acoustic intensity, and α is the attenuation coefficient. Here, near-field 

complications are neglected, and the acoustic beam is projected as a column, with the same 

sectional area as the transducer surface. Finally, temperature elevation in the tissue volume is 

predicted by integrating the point-source solution of (3) with respect to x, y, and z. Table I 

tabulates the parametric values for the theoretical prediction.

In addition to temperature prediction, the thermal necrosis of the tissue can be quantitatively 

assessed using the Sapareto and Dewey criteria [45]. The equivalent minutes at 43°C (EM43) 

is defined as

EM43(x, y, z, t) = ∫
0

t4
R43 − T(x, y, z, t)dt, (7a)
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R =
0 T < 37°C

0.25 37°C ≤ T < 43°C
0.5 T ≥ 43°C

(7b)

where td indicates the total treatment duration. Notably, majority of the tissue dies upon 

exposure to a thermal dose of EM43 = 240 min [46]. Accordingly, the thermal necrosis 

criteria are interpreted as a threshold when the coagulative necrosis results in [46].

B. Transducer Design

Several aspects are addressed to design the miniaturized US transducer – material type, 

number of active layers, backing material, matching layer, and bonding media. First, 

PZT-5A was chosen for the active layer due to its higher piezoelectric constants compared 

with hard PZT materials, such as PZT-4 or PZT-8, and its stronger mechanical strength 

compared with soft PZT material, such as PZT-5H [47]. Second, double active layers with 

500 μm thickness were stacked together. The main advantage of stacking active layers is that 

it enables the transmission of a relatively high acoustic power with a relatively low electric 

voltage input by lowering the electric impedance level at the operating frequency. Third, an 

air-backing is adopted to transmit the acoustic pressure output along the forward-direction of 

the transducer. The acoustic impedance of the backing media is about 500 Rayls, which is 

much lower than that of the active element (~34 MRayls) [48][49]. Fourth, a matching layer, 

the thickness of which is determined by the quarter wavelength, was integrated with the 

stack layer to intensify the resulting acoustic pressure. Fifth, a conductive epoxy resin was 

used as bonding material. Material properties of the double layer transducer are listed in 

Table II. Fig. 2 presents the schematic expression of the designed double layer transducer.

C. Numerical Simulation

The performance of the designed model was predicted by using a commercial finite element 

analysis (FEA) software (Release 17.1, ANSYS, Inc., Canonsburg, PA, USA). Fig. 3 

illustrates the boundary conditions of the FEA simulation. The fluid-structure interaction 

boundary was assigned between the acoustic (i.e., water medium) and the structure (i.e., 

transducer parts) meshes. Radiation condition (i.e., no reflection) was applied onto the outer 

surface of the acoustic medium. The backing layer was replaced by the acoustic impedance 

boundary condition. In addition, a quarter model was used to reduce the computational 

burden. For the computation, the harmonic response was used for the electric impedance 

response of the transducer, with frequency span from 5 kHz to 2 MHz. A unit electric 

voltage level was assigned to the positive electrode surfaces, whereas the ground surfaces 

had zero voltage. After the electric impedance simulation, the acoustic field was simulated 

with the operating frequency obtained. Table II outlines the material properties used in the 

simulation.

D. Transducer Fabrication

The double-layer US transducer was fabricated based on the mechanical design and the 

simulation results. Fig. 4 illustrates the manufacturing process of the transducer. First, two 

PZT-5A layers were bonded together with a conductive epoxy resin (E-Solder 3021, Von-
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Roll Inc., Cleveland, OH). Second, a matching layer was prepared with the mixture of epoxy 

resin (EPO-TEK 301, Epoxy tech. Inc., Billerica, MA) and Al2O3 powder. The matching 

layer was attached on the top surface of the PZT stack. Third, the stack was diced into 2 mm 

by 2 mm pieces (DAD323, Disco Corp., Tokyo, Japan). Fourth, coaxial cable (RG174U, 

Olympic Wire & Cable Corp., Fairfield, NJ) was connected on the sliced stack, using the E-

solder. Parylene-C layer, 50 μm thick, was used on the wire connection for electric 

insulation. Fifth, the backing layer composed of air-bubble powder (i.e., provided by Blatek 

Industries Inc., State College, PA) and epoxy resin (EPO-TEK 301, Epoxy Tech. Inc., 

Billerica, MA) was deposited at the rear surface of the stack, with a thickness of about 1.5 

mm. Meanwhile, the air-bubble powder was mixed with the epoxy resin, with a volume ratio 

of 3:1. Shaking the mixture at 10,000 rpm using a centrifuge (Microfuge Lite, Beckman 

Coulter, Brea, CA) for 7 min, most bubble powders moved to the upper region of the 

mixture due to their relatively light weight. As such, only the portion 20% of the height from 

the top surface of the mixture was used for the deposition of the backing layer. After the 

deposition of the backing layer on the transducer, it was cured in 40°C for 3 hours. The 

acoustic impedance of the backing layer is known to be about 500 Rayls [48]. Finally, the 

transducer was coated by a 10-μm thick Parylene-C layer to make it waterproof. Fig. 5 

shows the fabricated transducer.

E. Transducer Characterization

The electric impedance response of the transducer was measured in the frequency band from 

5 kHz to 2 MHz by using an impedance analyzer (4294A, Agilent Tech. Inc., Santa Clara, 

CA). The actual response was compared with the prediction from the FEA simulation. The 

required electric power for the transducer was estimated using the following formula:

Pavg = η 1
1 − ζ

V eff
2

Z
(8)

where η is the duty cycle, ζ is the reflection coefficient due to the electric mismatch, Z is the 

impedance of the transducer, and Veff is the effective input voltage. Confirming the 

impedance response and the power of the transducer, the acoustic pressure output was 

measured through the hydrophone test (Fig. 6). The function generator (33250A, Agilent 

Tech. Inc., Santa Clara, CA) produced a sinusoidal pulse of 10 cycles per 10 ms and sent to 

the power amplifier (75A250A, AR, Souderton, PA). The amplified signal was fed into the 

US transducer, and the acoustic pressure output was measured with a hydrophone 

(HGL-0085, ONDA Corp., Sunnyvale, CA). Acoustic intensity was estimated based on the 

acoustic pressure result.

F. Ex Vivo Test

The ex vivo test was conducted to determine the temperature elevation of a biologic tissue 

upon sonification and to demonstrate the therapeutic efficacy of the miniaturized US 

forward-looking transducer. Fig. 7(a) shows the test set-up. A fresh porcine liver was 

prepared from a butcher’s shop. It was sliced into a small piece, about 30 mm × 30 mm × 6 

mm, and was placed on the bottom of a plastic water bath. The bath was filled with water at 

37°C. The US transducer was operated with 1.3 MHz under 20% duty cycle and 250 Vpp 
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magnitude. The steady state temperature was subsequently controlled by changing the pulse-

repetition frequency.

The temperature elevation of the ablated portion was measured by using a needle-type 

thermocouple (HYP0, Omega Engineering Inc., Norwark, CT). The insertion of the 

thermocouple did not significantly distort the acoustic field in the liver since the 

thermocouple diameter (= 0.2 mm) was smaller than the wavelength in the liver tissue (~ 1.2 

mm). The thermocouple needle was inserted about 1.6 mm along 40 degrees on the surface 

by using a 3D motion stage to reach the tissue depth of about 1 mm from the surface (Fig. 

7(b)). In the same manner, the thermocouple tip was inserted at a depth of 3.0 mm for the 

immersion operation mode (Fig. 7(c)).

The time transition of the temperature increase was monitored for 5 min for the different 

pulse-repetition frequencies (PRFs). The influence of the PRF condition and the maximum 

temperature level were evaluated though this test. Furthermore, as illustrated in Fig. 7(c), the 

temperature was measured with the immersed transducer to observe the influence of the 

operation mode. The required sonification time for tissue ablation was estimated by using 

the criteria introduced in (7). Meanwhile, to observe the spatial profile of temperature, a 

thermo-camera (A615, FLIR Systems Inc., Wilsonville, OR) was utilized, as illustrated in 

Fig. 8. The thermo-camera was placed 20 cm from the tissue section while the US 

transducer ablated the tissue. The spatial resolution and the sampling frequency were 17 μm 

and 50 Hz, respectively. The video for the thermo change was acquired by using a post-

processing software (ResearchIR, FLIR Systems Inc., Wilsonville, OR).

For the demonstration of tissue ablation, two different operating modes were introduced: 

sonification on the top surface of the liver specimen (Fig. 7(b)) and inside the tissue (Fig. 

7(c)). For the first operation mode, the US transducer was placed about 0.5 mm from the 

tissue surface by using a 3D motion stage. For the second operation mode, a small pit was 

made on the tissue by using a 20G size syringe needle and was sliced with a sharp knife to 

make an X-shaped cut. After which, the US transducer was inserted at a depth of about 2 

mm from the tissue surface. The volume of the lesion for each operating mode was 

investigated respectively after sonification of 5 min.

III. Results

A. Transducer Characterization

Fig. 9 presents the electric responses obtained from the simulation and the experiment. In 

the simulation, lateral and extensional resonance modes were 0.73 and 1.33 MHz, 

respectively (Fig. 9(a)), and vibrational shapes were expressed as shown in Fig. 9(b). 

Impedance levels were 87.6 and 528.9 Ohm for each mode and impedance response. The 

simulation results were comparable with the impedance response (i.e., solid line in Fig. 9(a)) 

of the fabricated transducer. The resonance frequencies in the actual device were 0.75 and 

1.28 MHz for the lateral and the extensional resonances, where impedance levels were 191.7 

and 627.3 Ohm, respectively.
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Fig. 10 presents the simulation results of the acoustic field. While the −6dB drop distance 

for the lateral mode excitation remained within 1.2 mm (Fig. 10(a)), it reached to 3.7 mm for 

the extensional mode (Fig. 10(b)). The higher operating frequency (1.3 MHz) exerted the 

vibration of tissue molecules more frequently within a unit time compared to the sub-

megahertz excitation (0.73 MHz); hence, we adopted 1.3 MHz for the operation frequency. 

Fig. 10(c) compares the acoustic intensity levels of the transducers with the single (i.e., 1 

mm thickness) and the double (i.e., 500 μm thickness for each) layers, respectively. Under 

the same voltage input, the acoustic intensity (spatial-peak temporal averaged; SPTA) of the 

double layer transducer was about 2.5-folds greater than the single layer transducer.

The acoustic pressure output induced by the transducer was about 4.63 MPa (peak-to-peak) 

at a distance of 1.5 mm from the aperture under 250 Vpp electric input. The simulated 

pressure output was comparable to the result of the hydrophone test, as shown in Fig. 11(a). 

The acoustic pressure output upon 250 Vpp actuation was about 4.72 MPa in the peak-to-

peak level and 2.23 MPa in the peak-negative level. This pressure level corresponded to the 

acoustic intensity of 185.6 W/cm2 for the continuous signal input. For the pulse input, the 

acoustic intensity was predicted in Fig. 11(b). Upon the application of 250 Vpp with 20 % 

duty cycle, the acoustic intensity reached 37.6 W/cm2, and the required electric power was 

estimated to be about 16.7 W. Table III tabulates the performance of the developed 

transducer.

Finally, temperature elevation upon insonation was predicted using the Green function-based 

solution introduced in (3). The prediction of the temperature elevation was made within the 

−6dB drop distance. Fig. 12 shows the temperature transitions over time with different 

acoustic power intensities. The higher the value of the acoustic intensity was, the higher and 

faster the temperature became. This result indicates that the acoustic intensity of about 20 

W/cm2 is required to achieve a temperature rise of 43°C within 5 min. This theoretical study 

therefore exhibited that the voltage magnitude of 250 Vpp and the duty cycle of 20% is 

sufficient to induce hyperthermia in liver tissue. Although this analytical approach had some 

errors when compared to the actual test results, which was due to the lack of PRF influence 

in the model, it provided a relevant guideline for the operation of the device.

B. Ex Vivo Test Results

The performance of various aspects of the developed transducer was assessed though ex vivo 

tests. First, the steady state temperature upon insonation was evaluated with different PRF 

conditions (Fig. 13). This test was necessary since the theoretical and simulation results did 

not fully account for the hyperthermia effect with the PRF. Under the PRF condition of 400 

Hz, the temperature was raised marginally (< 4°C). To achieve a sufficient degree of 

temperature, the lower PRF cases were studied from 200 to 67 Hz PRF. At a PRF of 67 Hz, 

tissue temperature elevated up to 49.2°C, which was enough to induce the hyperthermia 

effect in the tissue, such that the lower PRF case (e.g., < 50 Hz) was attempted no further. 

Under the 67 Hz PRF condition with the surface mode, temperature stabilized within 1 min 

and was sustained for 5 min without a significant drop (< 0.5°C). From the temperature 

transition curve and the criteria in (7), the required treatment time for coagulative necrosis 
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was estimated to be 4 min. For the immersion mode, the temperature further elevated up to 

51.9°C.

The temperature profile during insonation was captured through the thermo-camera. Fig. 

14(a) presents the thermal image captured after insonation of 2 min. Meanwhile, Fig. 14(b) 

presents the temperature profile extracted along the axial direction of the transducer. The 

maximum temperature of 45.2°C was observed at about 1 mm distance from the transducer 

aperture. Temperature increase over 43°C was detected in the spatial span of about 3 mm. 

Notably, the temperature profile was well sustained during the treatment of 5 min.

Fig. 15 and 16 show liver tissues exposed to the ultrasonic beam for 5 min. For the surface 

sonification (Fig. 7(b)), the discolored portion was clearly observed, as shown in Fig. 15. 

After leaving the specimen in the atmosphere for 20 min, the irreversible change was 

confirmed. The section view exhibited that the tissue was ablated in the range of up to 1.0 

mm from the surface. The lesion volume in the HIFU treatment was about 2.5 × 2.5 × 1.0 

mm3. For the immersing sonification (Fig. 7(c)), the tissue ablation was realized inside the 

pit of the tissue as well (Fig. 16). While the volume of the lesion was almost similar to the 

surface sonification, the side walls in the pit were additionally ablated within the range of 

about 0.5 mm.

IV. Discussions

The characteristics of the developed transducer were first investigated through simulation 

and experimental results. In this study, the resonance frequency of the extensional mode was 

used for the operation of the transducer because the acoustic beam reached farther distance 

compared to the lateral mode case as simulated in Fig. 10. The electric response in the actual 

transducer demonstrated reliable agreement with that of the simulated model, with 3.9% 

error in the resonance frequency and 18.6% in the impedance level (Fig. 9). The error in the 

impedance level might be caused by the additional volume and mass of backing material in 

the actual transducer, which was not included in the simplified boundary condition for the 

air backing. Based on the frequency response and the acoustic simulation results, the 

operating frequency of 1.3 MHz was chosen. While the miniaturized multilayered transducer 

reported by [26] operates in the sub-megahertz range (< 0.65 MHz), the operation frequency 

of the transducer presented in this study more effectively extend the near-field zone than 

[29]. To further increase the resonance frequencies, as presented in some other interstitial 

transducers (3–10 MHz) [27,28,30], thinner active layers could be utilized although these 

require greater electric input to obtain similar acoustic intensity due to the reduced 

capacitance of active layers. Furthermore, US waves with high frequency terms are more 

readily attenuated during the propagation inside a bio tissue [51]. The developed transducer 

achieved the acoustic intensity of over 37 W/cm2 (Table III), which delivered sufficient 

acoustic intensity (>10 W/cm2) to induce the coagulation necrosis of the tissue [52].

Through ex vivo test results, temperature elevation and tissue ablation were successfully 

demonstrated (Fig. 13). First, temperature in the experimental result rose much quicker than 

the analytical prediction (e.g., the 95% rise time for the case of 67 Hz PRF was faster by 

over 75% compared to the theoretic model). Heat dissipation during sonification could be a 
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possible cause although the contribution might be marginal. Accordingly, the inertial 

cavitation effect, which was not addressed in the analytical model, could be a potential 

reason for the prediction error. Past studies in [53][54] exhibited that a relatively strong 

rarefactional pressure can cause tissue destruction through the cavitation effect. For 

example, based on the transducer characterization result in Fig. 11(a), the US transducer is 

capable of generating rarefactional acoustic pressure over 2.2 MPa. The mechanical index 

corresponds to the value of 1.9, which is sufficient to cause the inertial cavitation of the 

tissue. The cavitation effect can therefore result in additional hyperthermia effect during 

sonification. Second, the equivalent thermal dose (EM43 ~ 273 min) was greater by 13.8% 

for the surface operation condition than the threshold of 240 min. This result indicated that a 

sufficient degree of the thermal dose was applied to the tissue, causing thermal necrosis. The 

estimation also showed that in this device, a minimum of 4 min is needed to achieve the 

equivalent thermal dose (EM43) of 240 min. The therapeutic time within 5 min is relatively 

quick compared to other typical noninvasive HIFUs [55][56]. Third, the degree of the 

hyperthermia effect was controllable by adjusting the PRF condition in a fixed duty cycle. A 

low PRF was preferred to heat up the tissue more quickly to reach the maximum 

temperature range, as shown in Fig. 13. This observation indicates that the persistent 

vibration of the tissue molecule helps to more efficiently generate heat energy inside the 

tissue, reducing the thermal relaxation rate. Fourth, the temperature profile (Fig. 14) 

demonstrated that the inner portion of the tissue also experienced the hyperthermia effect 

within the spatial range of about 3 mm upon sonification. The maximum temperature in the 

thermo-camera test was lower than the needle-type thermocouple by about 4°C (see Fig. 13 

and 14(b)). For the thermo-camera test, the tissue section was directly exposed to the water 

medium; heat energy was thus more likely to be dissipated to the surrounding water media. 

In contrast, in the needle-type thermocouple test, the thermocouple was embedded in the 

tissue and was not directly exposed; thus, thermal energy was better captured inside the 

tissue, minimizing energy dissipation. Finally, the irreversible tissue damage was 

investigated after 5 min of treatment, as shown in Fig. 15 and 16. This result demonstrated 

how the intracavitary transducer can reduce the US treatment time by interacting directly 

with the tissue. An additional operation mode (i.e., inserting the device into a pit) also 

ablated the inner part of the body organ with the volume of the lesion the same as that of the 

surface insonation case. Tissue along the side walls of the transducer was affected by the 

lateral vibration of the US transducer; nonetheless, the side ablation did not spread widely 

over the range of 0.5 mm (Fig. 16). In the immersion mode (Fig. 7(c)), tissue temperature 

was elevated more (i.e., as much as 5.5%) than the surface mode, as shown in Fig. 13. This 

further increase in temperature could be caused by either the lateral wave motion or the heat 

of the transducer. Accordingly, heat energy captured inside the tissue could be less 

dissipated to the water than the surface mode. The immersion operation mode demonstrated 

in this study can provide an additional therapeutic option; for example, the US device can 

approach a target with minimal incision and destruct a part of the tissue without vast surgery 

or tissue extraction in the similar manner shown in [57].

The current design can still be enhanced. For example, the −6dB distance needs to be 

extended over 10 mm to broaden the usable spatial range inside the body, minimizing the 

surgical area. Moreover, the lesion volume of the current device remains in the mm3 range, 
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which is much smaller than that of existing US transducers in cm3 range [58][59]. Due to the 

limitation of the small aperture design, it is difficult to extend the therapeutic range along the 

lateral direction; nevertheless, the lesion along the axial direction could be elongated in ‘cm’ 

unit by improving the current design of the transducer. In an actual bio tissue, the influence 

of blood perfusion is not negligible; it may degrade the efficacy of the hypothermia effect. 

The US device should thus be operated either in a lower PRF or with a higher electric input 

power to make up the perfusion effect. Similarly, adding more active layers can be 

considered since the axial dimension of the intracavitary transducer is less restricted 

compared to the lateral dimension. By adding more active layers, acoustic intensity under 

the same electric input (e.g., 250 Vpp) could be further increased. The multilayer transducer 

should be consequently designed by comprehensively considering change in resonance 

frequency. Moreover, composite-type of active layers can be considered to extend the 

therapeutic range; the predominant extensional motion of the composite can transmit 

acoustic power to a relatively farther distance.

Despite the limitations of the current technology, this study demonstrated that the 

miniaturized, forward-looking transducer was capable of inducing irreversible tissue damage 

within 5 min and with a relatively small electric power input of 16.7 W. Furthermore, the ex 

vivo test results were promising as they showed the potential medical application of precise 

tissue ablation, significantly reducing the risk of unintended tissue damage.

V. Conclusions

This article proposed a miniaturized intracavitary forward-looking US transducer that can be 

inserted through an endoscopic device, such as bronchoscope, for deep-organ tumor 

ablation. The developed device was capable of generating the acoustic intensity of 37.1 

W/cm2 from the small aperture, with a relatively low electric power (< 17 W). The analytical 

bio-heat model and the simulation results demonstrated that acoustic intensity was sufficient 

for tissue ablation. The performance of the developed transducer was validated through ex 
vivo test results using porcine livers. The temperature inside the tissue was elevated up to 

49.2°C and 51.8°C for the surface and the immersion operation modes, respectively. 

Furthermore, therapeutic efficacy was demonstrated by insonating the tissue for 5 min. The 

lesion volume was about 2.5 × 2.5 × 1.0 mm3, which resulted in irreversible tissue damage 

in the insonated tissue volume. The prototyped transducer provides a promising therapeutic 

option that is capable of directly ablating tissue inside the body using an endoscopic device, 

such as a bronchoscope. Although the therapeutic efficacy of the intracavitary US transducer 

was successfully demonstrated in this study, further improvement can be made to enhance 

acoustic intensity and to extend the therapeutic range.
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Fig. 1. 
Schematic of a miniaturized intracavitary ultrasound transducer operating for ablation of 

body tissue.
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Fig. 2. 
Schematic of dual-layer ultrasound transducer with the geometric and the material 

specifications.
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Fig. 3. 
Finite element mesh and the boundary conditions for the numerical simulation.
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Fig. 4. 
Fabrication steps for the miniaturized ultrasound transducer.
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Fig. 5. 
Fabricated ultrasound transducer comprised of double active elements with the matching and 

the backing layers.
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Fig. 6. 
Experimental set-up for the measurement of the acoustic pressure output from the ultrasound 

transducer.
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Fig. 7. 
Ex vivo test for tissue ablation using the miniaturized ultrasound transducer; (a) test set-up, 

and (b) surface and (c) immersion operation modes.
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Fig. 8. 
Experimental set-up to capture the spatial profile of the temperature elevation.
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Fig. 9. 
Simulation results for the transducer; (a) electric impedance curves (solid lines) comparable 

to the test result of the actual device and (b) the vibrational mode at the lateral and the 

extensional modes.

Kim et al. Page 24

IEEE Trans Biomed Eng. Author manuscript; available in PMC 2020 July 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Fig. 10. 
Acoustic pressure field induced by (a) the lateral mode, (b) the extensional mode of the 

designed transducer, and (c) the comparison of the acoustic intensity (ISPTA) of the double 

and the single layer transducers.
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Fig. 11. 
Acoustic pressure (a) induced by the transducer and the comparison with the simulation 

result (test number, N = 3) and the corresponding acoustic intensity (b) with respect to duty 

cycle.
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Fig. 12. 
Prediction of temperature elevation over time with different acoustic power intensities, 

where the initial temperature is 37 °C.
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Fig. 13. 
Temperature transition for five minutes with the various PRF conditions and the different 

operation modes (surface and immersion).

Kim et al. Page 28

IEEE Trans Biomed Eng. Author manuscript; available in PMC 2020 July 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Fig. 14. 
Temperature distribution of the sectional area of the tissue; (a) thermal distribution captured 

by thermo-camera, and (b) temperature profile from the tissue surface to the depth direction.
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Fig. 15. 
Tissue ablation by the surface sonification, where the discolored volume indicates the 

permanently ablated tissue.
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Fig. 16. 
Tissue ablation by the immersing sonification, where the discolored volume indicates the 

permanently ablated tissue.
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TABLE I

Parameters for the prediction of temperature elevation in a liver tissue [42–44].

Parameters Symbols Units Values

Thermal conductivity K W/(m·°C) 0.52

Absorption coefficient α Np/m/MHz 14.0

Thermal diffusivity κ mm2/s 0.141
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TABLE II

Material properties for the transducer [50].

Material Density (kg/m3) Young’s modulus (GPa) Poisson ratio

Al2O3/epoxy 2000 11.5 0.33

E-solder 2600 5.8 0.38

Material Density (kg/m3) s33
E  (GPa) e33 (C/m2) ε33/ ε0

PZT-5A 7750 110.9 15.8 826.2
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TABLE III

Performances of the developed ultrasound transducer.

Operating frequency 1.3 MHz Maximum voltage 250 Vpp

Duty cycle 20 % −6 dB drop distance ~ 3.6 mm

Impedance in air 627.3 Ω Impedance in water 736.5 Ω

Peak-to-peak pressure 4.72 MPa Peak negative pressure 2.23 MPa

Acoustic intensity
1),2) 37.6 W/cm2

Electric power
1) 16.7 W

1)
under 20 % duty cycle of 250 Vpp sine actuation

2)
spatial-peak temporal averaged (ISPTA)
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