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ULTRASONIC ABSORPTION IN SOFT AND HARD FETAL TISSUES 

James Lewis Drewniak, Ph.D. 
Department of Electrical and Computer Engineering 

University of Illinois at Urbana-Champaign, 1991 
F. Dunn, Advisor 

Although the use of ultrasound as a diagnostic modality in obstetrics has become ubiq­

uitous, concern that harmful effects may occur under special circumstances continues. A 

physical mechanism by which biological effects could occur is the deposition of heat in the 

tissue as a result of the energy absorbed from the acoustic wave. Because the teratogenicity 

of hyperthermia has been well-established and concerns of more subtle effects of elevated 

fetal temperature exist, there is currently a concerted effort to provide manufacturers of 

medical diagnostic ultrasound instrumentation and clinicians with guidelines for the use of 

ultrasound during pregnancy. The temperature elevation in fetal soft tissue is estimated 

analytically from simple heat transfer models and simple assumptions concerning the ultra­

sound propagation and beam. Experimental animal studies exist to support the calculations. 

There is a need, however, to continue developing heat transfer models that better reflect the 

actual problem, such that more accurate estimates of the temperature elevation upon expo­

sure to ultrasound can be made. Included in such models would be the absorption properties 

of fetal soft tissue and fetal bone as a function of gestational age. The absorption of ultra­

sound in fetal tissues and the resulting temperature elevation are studied in this thesis. The 

temperature elevation in fetal mice exposed to 1 MHz ultrasound is measured, and the re­

sults are compared with analytical values of the temperature increase that are calculated 

using a simple heat transfer model. The transient thermoelectric method for measuring the 

absorption coefficient of liquids and soft tissues is also analyzed. The results provide an 
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experimental guide for more accurate measurements of the absorption coefficient in fetal soft 

tissue. Finally, the absorption in fetal bone as a function of gestational age is considered. 

The acoustic propagation properties in bone are as yet unknown. The velocity and absorp­

tion are expected to be a function of the mode and direction of propagation because of the 

anisotropy of the bone. In the absence of specific knowledge regarding the acoustic proper­

ties of fetal bone, from which the temperature increase might be caluclated, the temperature 

rise resulting from exposure to ultrasound can be measured. The temperature elevation in 

fetal bone exposed to 1 MHz ultrasound is measured for a range of gestational ages. An 

equivalent heat source obtained from the measurements, which might be used in numerical 

and analytical calculations, is given. 
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C H A P T E R 1 

I N T R O D U C T I O N 

Although the use of ultrasound as a diagnostic modality in obstetrics has become ubiqui­

tous, concern that harmful effects may occur continues. Several studies have demonstrated 

that lesions can be produced in soft tissue upon exposure to ultrasound for some exposure 

conditions [65], [80], [82], [88], [115], [167], [175]. Two mechanisms, thermal and cavita-

tional, are considered to be of primary importance in the ultrasonic production of lesions 

in soft tissue [6]. The thermal mechanism is considered in the study reported herein. The 

deposition of acoustic energy converted to heat and the resulting temperature elevation in 

fetal tissues are currently of great concern to the ultrasound community, because of the well 

established teratogenicity of hyperthermia [71], [146] and the possibility of more subtle, as 

yet undetermined, effects associated with elevated fetal temperatures. The National Council 

on Radiation Protection and Measurements (NCRP) Committee 66 is currently preparing a 

document to provide information on thermal effects upon exposure to diagnostic ultrasound. 

The American Institute of Ultrasound in Medicine (AIUM) has convened a Thermal Index 

Working Group to determine ultrasound exposure conditions which would result in a tem­

perature increase in the fetus of 1 °C (a normal diurnal variation in the body temperature of 

the mother). The study reported herein is concerned with the conversion of acoustic energy 

to heat, i.e., ultrasonic absorption, and the resulting temperature elevation in fetal tissues 

exposed to ultrasound. 

Estimations of the temperature elevation in tissue resulting from heat generation involve 

a correct description of the conductive and convective processes in the tissue as well as 



the source of the heat generation. The bioheat transfer equation introduced by Pennes 

[166] for modeling heat transport in perfused media has been used extensively in calculating 

the temperature increase resulting from exposure of biological specimens to ultrasound [1], 

[30], [38], [137], [138], [139], [151], [154], [155], [177]. An assessment by Eberhart et al. 

[68] concluded that the bioheat equation is "an adequate model for the prediction of the 

macroscopic temperature distribution in several biological tissues." The form of the bioheat 

equation commonly employed in the prediction of the temperature elevation in fetal tissue 

resulting from exposure to ultrasound is 

" M . ^ i j - i M + ia!! (u) 
£71 T pL>p 

where T is the temperature elevation, f is the spatial coordinate (where the overbar represents 

a vector quantity), K is the thermal diffusivity of the medium, T is the perfusion time constant, 

q„(r, i) is the rate of heat production per unit volume, p is the density, and Cp is the specific 

heat. A thermally isotropic medium has been assumed in writing Eq. (1.1). Other forms of 

the bioheat equation appear in the literature [151], [177], in which the blood flow is given 

by a blood perfusion rate to ( j ^ l j , which is related to the perfusion time constant by 

-d& <"> 
where #, is the density of blood and C& is the specific heat of blood. 

The solution to the bioheat equation depends upon the specific boundary conditions and 

initial values associated with a particular application and may be obtained by well-known 

analytical and numerical methods [113], [156], [184]. Numerical solutions to the bioheat equa­

tion are commonly sought in hyperthermia applications [66], [67], [111], [147], [177]. Whereas 

the analytical solutions discussed below assume a homogeneous and isotropic medium with 



uniform perfusion, inhomogeneities, anisotropics and nonuniform perfusion are easily han­

dled in numerical computations. Chan et al. [46] used a numerical method to calculate the 

temperature increase at a fat-muscle-bone interface. Reflections of the ultrasonic wave at 

interfaces were ignored, and the perfusion was chosen to provide a best fit to the available 

experimental data. Their calculated results were found to be in reasonable agreement, given 

the simplifying assumptions, with experimental results published by Lehman [131]. 

An analytical solution for an infinite medium with isotropic and homogeneous thermal 

properties can be obtained easily by the method of Green's functions [156], [190]. The 

Green's function for the bioheat equation is given by the solution to 

art ft 
^ = KV2G-^ + 6(T)6(t) (1.3) 

Equation (1.3) can be solved using transform techniques [54]. By introducing a time and 

spatial shift in the delta function, i.e., S(f — f')S(t — 0), a shift in the Green's function is 

introduced, and the resulting solution to Eq. (1.3) is 

e T 4*(t-e) 

""-'•'-"-ii^jjr (M) 

Let the heat source be given by 

qv(f,t) qVof(v)F(t) 
= QoF(t)f(r) (1.5) 

PC, PC, 

where Qo (-7) is the magnitude of the rate of the temperature increase, qv0 is the volumet­

ric rate of energy deposition, and / ( r ) , and F(t) are the spatial and temporal variations 

of qv(f,t) = qv0f(f)F(t), respectively. A solution to the bioheat equation in an infinite, 

isotropic, and homogeneous medium for the temperature elevation at position r and time t 

is then given by 

T(r, t) = Q0 f d6F{6) f df'f(r')G(r -v',t-6) (1.6) 
JO Jv 
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Equation (1.6) is also a representation for the solution to the heat equation in an infinite, 

isotropic, and homogeneous medium in the limit as r —> oo. Other analytical representations 

of the solution to the bioheat and heat equations and other boundary conditions have been 

considered by investigators in the ultrasound field, and are discussed below. 

The bioheat and heat equations have been used to predict the temperature elevation in 

soft tissue exposed to ultrasound. Typically the solutions assume an infinite, isotropic, and 

homogeneous medium with zero initial conditions and zero temperature elevation at infinity. 

It is common to assume plane wave propagation in the soft tissue. The equivalent heat 

source is then found to be qv0 = 2al, where a is the acoustic absorption coefficient and J 

is the acoustic intensity. The Green's function representation given by Eq. (1.6) is then 

employed to calculate T(r, t). 

Pond, in an attempt to discern the role of heat in the production of lesions in brain tissue 

in vivo, in the focal region of an ultrasonic transducer, calculated the temperature elevation 

using Eq. (1.6) with T —> oo [167], [168]. His experimental results compared favorably 

with his calculations. Robinson and Lele [175] in their investigation of lesion development 

in brain in vivo and polymethylmethacrylate also used the solution to the heat equation 

given by Eq. (1.6) to predict the temperature elevation resulting from exposure to high 

intensity ultrasound. Their experimental results compared favorably with the computed 

values; however, the authors noted that more accurate data for the ultrasonic and thermal 

properties of tissue are necessary for better estimations of the temperature elevation. Another 

early use of the heat equation to predict the temperature elevation in tissue was reported by 

Lerner et al. [135] in their assessment of the effect of temperature elevation on the frequency 

dependence of thresholds for ultrasonic production of thermal lesions in tissue. 
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The heat equation and the solution given by Eq. (1.6) have also been used in thermal 

modeling for the ultrasonic treatment of glaucoma and ultrasonic hyperthermia in opthalmic 

therapy [137], [138], [139]. The uniform acoustical and thermal properties of the eye lend 

themselves particularly well to the assumptions of a thermally homogeneous, infinite medium 

for the times of interest in these studies. Lesions were produced by elevating the temperature 

in the tissue with high intensity ultrasound and exposure durations of several seconds. The 

predicted temperature elevation and lesion size agreed well with the experimental results in 

the rabbit eye. 

The Green's function representation for the solution to the heat equation was used by 

Konopatskaya [120] to study the heating in soft tissue exposed to focused ultrasound. The 

equivalent heat source and source region for the focused ultrasound beam, in the focal 

region, were modeled as nested ellipsoids with uniform heat deposition proportional to the 

intensity over the particular ellipse. The product of the source and Green's function was then 

integrated over the source region. The temperature elevation in the rabbit brain exposed in 

vitro to focused ultrasound was found to agree well with the analytical results. 

Nyborg [155] has reported analytical results, neglecting perfusion, for the temperature 

elevation in soft tissue upon exposure to unfocused ultrasound. The equivalent heat source 

resulting from ultrasonic absorption was modeled as a uniform cylinder in the near-field 

region of the transducer and as an adjoining cone in the far-field region. The study reported 

the calculated temperature increase for a variety of diameters of the transducer. An extension 

of this work to include perfusion was given also by Nyborg [154]. The cited work by Nyborg 

[154], [155], is used in a current effort to provide information concerning the temperature 
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increase resulting from exposure to diagnostic ultrasound [150]. Analytical results that 

include perfusion are presented for uniformly heated spheres and discs as well as other cases. 

Wu and Du reported results for the steady state temperature increase generated by a 

focused Gaussian beam of ultrasound [202]. The study included perfusion, and the equivalent 

heat source resulting from ultrasonic absorption was derived from analytical expressions for 

acoustic propagation of a Gaussian beam in water. Their investigation included not only the 

zero boundary condition at infinity, but also Dirichlet and Neuman boundary conditions for 

a half-space, to illustrate the effects of a finite boundary on the temperature elevation. The 

complexity of the expression for the equivalent heat source of the focused Gaussian beam 

precluded analytical integration for the transient problem. 

The studies cited above have employed the representation given by Eq. (1.6) in com­

puting the temperature elevation resulting from ultrasonic absorption. The equivalent heat 

source was approximated in various manners and then the product of the source and Green's 

function was integrated over the source region. Other mathematical methods exist for finding 

the solution to the heat and bioheat equations [156], [184]. For example an early study by 

Filipczinski [74], [75] utilized transform methods for computing the temperature elevation re­

sulting from a uniform cylindrical heat source approximating a focused beam of ultrasound. 

Wu and Du also employed transform methods to determine the temperature elevation in 

tissues generated by finite-amplitude tone bursts of plane wave ultrasound [201]. 

These studies form the basis and support for current efforts aimed at calculating the 

temperature increase in soft and hard fetal tissues. Experimental studies have been reported 

on testing the applicability of the simple models of these studies for the equivalent heat 

source and source region resulting from ultrasonic exposure. An experimental animal study 
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by Sikov et al. [185] measured the temperature rise in fetal rats during the exposure of the 

exteriorized uterus. Temperature increases up to 21.5 °C and 17.5 °C for 0.8 and 2.4 MHz 

ultrasound at a spatial-average, temporal-average intensity of 10 ^ , for an exposure time of 

7.5 min were measured. The lower temperature elevation at 2.4 MHz can be attributed to a 

smaller beamwidth at the higher frequency. Calculations based on models given by Nyborg 

[152] showed reasonable agreement with the measurements; however, the authors pointed 

out that the number of assumptions involved in the calculations made the agreement seem 

somewhat surprising. A more recent study of the temperature elevation in the rat fetus 

exposed to ultrasound, with the uterus exteriorized, has been reported by Abraham et al. 

[1]. A temperature elevation in the range of 7 °C to 20 °C was measured in 15 to 20 day 

rat fetuses exposed to 1 MHz ultrasound for spatial-average, temporal-average intensities 

of 2, 4.2, and 7.9 ^ for exposure times of 10 min. The experimental data for live and 

dead fetuses were compared with the analytical model of Nyborg [152], and did not include 

perfusion. The magnitude of the volumetric rate of heating qv0 is commonly taken to be 

2al in soft tissue calculations. A best-fit analytical curve for the experimental data was 

drawn by Abraham et al. by choosing a appropriately. Since perfusion was neglected in the 

live fetuses, the resulting a was denoted as an effective absorption coefficient. The effective 

absorption coefficient, or absorption coefficient resulting from a best fit of the analytical 

model to the measurements, was greater than twice that of an adult soft tissue such as liver, 

for both the live and dead fetuses. 

Significant temperature increases at soft tissue-bone interfaces have been reported by 

Hynynen and DeYoung [112]. They reported the maximum temperature rise to be at the 

bone surface and decrease rapidly both in front of the bone and inside it. A maximum steady 



8 

state temperature elevation of approximately 5 °C was measured after 20 min of exposure to 

an ultrasound beam with an acoustic output power of 1.7 Wand a scan diameter of 20 mm. 

This degree of temperature elevation is of serious concern in fetal exposures. A study of the 

temperature elevation in bone upon exposure to ultrasound was conducted by Carstensen et 

al. [38]. The skull of a young mouse was the experimental animal model employed to simulate 

fetal bone. A temperature elevation of approximately 5 °C was measured in the adult mouse 

skull exposed to 3.6 MHz focused ultrasound at a spatial-peak, temporal-average intensity 

JSPTA, of 1.5 ^ j for 1.5 min. The temperature elevation calculated from the analytical 

model given by Nyborg that included perfusion was fitted to the experimental data. The 

absorbed energy (proportional to qvo) and T were chosen to yield the best fit. Reasonable 

arguments were given for the final values chosen, and the experimental data agreed well with 

the calculated results. 

Although few experimental studies of fetal tissues exposed to ultrasound have been re­

ported, the results illustrate two important points. First, potentially harmful temperature 

elevations can be produced in soft and hard fetal tissues exposed to ultrasound under some 

exposure conditions. The diurnal variation in the body temperature of a human mother is 

approximately 1 °C. Thus, ultrasonic exposure conditions, in which the primary considera­

tion for harmful effects to the fetus is heat deposition, are considered to be without risk if 

this temperature is not exceeded. It may, however, be possible to exceed a 1 °C temperature 

elevation in the fetus using some diagnostic devices. Although the typical 7SPTA of scanning 

mode fetal imaging devices are well below the intensities used in the cited animal studies, the 

JSPTA of some fetal Doppler devices presently in clinical use do exceed 1.0 ^ [4], [5]. In view 

of the available data from animal studies, there is concern that the temperature increase 
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in the fetus may, under special circumstances, exceed 1 °C in fetal Doppler exposures [38]. 

Second, insufficient knowledge of absorption in fetal tissues exists to determine accurately 

the volumetric rate of heat deposition, and there is insufficient knowledge of perfusion. Thus, 

models that more accurately reflect the complex heat transfer problem involved from which 

reasonable estimates of the temperature elevation might be obtained, cannot be constructed. 

It is the purpose of this study to provide information on the absorption of ultrasound in 

soft and hard fetal tissues and to determine resulting temperature elevations for conditions 

which approximate those of fetal Doppler devices. 

The ultrasound measurement system and the ultrasound and temperature measurement 

techniques employed herein are described in Chapter 2. A study of the temperature elevation 

in fetal mice exposed in utero to 1 MHz ultrasound is presented in Chapter 3. The gravid 

uterine environment is preserved in these measurements. The measured temperature increase 

is in the range of 1.5 °C to 4.5 °C for intensities from 0.5 to 10 ^ . Several exposure durations 

were used from 30 to 400 s. The temperature increase measured in this study is in the range 

of those measured by Sikov et al. [185] and Abraham et al. [1]. Analytical results with 

an equivalent heat source allowing for different absorption in the fetal tissue, as compared 

to those of the surrounding dam, are given. There is reasonable agreement between the 

analytical and experimental values of temperature increase. However, it is pointed out in 

Chapter 3 that the volumetric rate of heating g„o and the blood perfusion constant T can 

be chosen easily in retrospect to fit the data. Without specific knowledge of the absorption 

and perfusion, accurate estimates of the temperature increase for given exposure conditions 

are not possible. 
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Accurate measurement of the absorption coefficient in fetal tissues is particularly difficult 

because of the small size and low absorption of the tissue specimens. Heat conduction as a 

result of the small size can contribute a significant error to the measurement. In addition, a 

measurement artifact associated with the presence of the thermocouple temperature sensor 

can also introduce a significant error because of the low absorption of fetal soft tissue. 

The error resulting from heat conduction in the measurement of the ultrasonic absorption 

coefficient using the transient thermoelectric method is studied analytically in Chapter 4. 

An expression for the temperature increase in a tissue specimen in vitro, of finite dimensions, 

irradiated by a focused ultrasonic transducer, is given as a function of spatial coordinates, 

time, radial and axial beam dimensions, and absorption. An error is defined, and results 

are presented for various values of beamwidth, tissue dimensions, absorption, and time for 

the purpose of quantifying the experimental error due to heat conduction, and to provide 

guidance for minimizing this error in experimental procedures. For example, it is shown that 

the effect of heat conduction on the measured rate of temperature increase is less than 7% 

when using a transducer with a 5 mm half-power beamwidth at depths greater than 1.5 mm 

in the tissue. The analytical results given for the error as a function of the half-power 

beamwidth are shown to compare favorably with published experimental data. 

Finally, temperature increase measurements in human fetal femurs exposed in vitro to 

1 MHz ultrasound at 37 °C are presented in Chapter 5. The temperature is measured with 

a thermocouple probe and is given for several gestational ages. The temperature elevation 

measured in 59 and 108 day fetal femurs exposed at 1 ^ - j - for 20 s is found to be 0.10 °C 

and 2.9 °C, respectively. The initial rate of the temperature increase in the specimens is 

evaluated and compared to known values of absorption in soft tissue. For example, the initial 
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rate of temperature increase in the 108 day gestational age specimen resulting from exposure 

to ultrasound is 30 time greater in the fetal bone than that of soft tissue with an absorption 

coefficient of 0.05 cm'1. 
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C H A P T E R 2 

M E A S U R E M E N T A P P A R A T U S A N D T E C H N I Q U E S 

The system used for ultrasonic exposure of the tissue specimens and measurement of 

temperature is described in this chapter. The first of the two primary components of the 

apparatus to be discussed is the ultrasound irradiation system, which includes the ultrasound 

transducer, the RF signal driving and control circuitry, and the computer control for gating 

the RF and positioning the specimen relative to the acoustic beam. The means by which 

the transducers employed for the experimental measurements are characterized are discussed 

and the results presented. Finally the temperature measurement is discussed, including the 

temperature sensor, i.e., the thermocouple, and the amplifying and data acquisition of the 

thermal electromotive force (emf) output of the thermocouple. The error in the measured 

temperature is also discussed. 

2.1 The Ul t rasound I r radia t ion System 

The schematic of the ultrasound system used for irradiating tissue specimens and charac­

terizing the transducers is shown in Figure 2.1. The RF source is a Hewlett Packard 8660A 

signal generator, with a 86601A RF plug-in, having a bandwidth of 0.01 MHz - 110 MHz. 

The output of the signal generator is fed to a matched RF attenuator for rough amplitude 

control of the transducer driving signal. The RF at the output of the attenuator is gated 

by a double-balanced mixer (Mini Circuits Laboratory, TAK-5) before being inputed to 

the power amplifier (Amplifier Research, Model 1000L). The amplified signal is then input 

to a driving/matching circuit that drives the transducer crystal. A signal is fed back from 
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the transducer driving/matching circuit to a stabilizing circuit, the output of which is the 

input to the AM modulation of the signal generator. By proper design of the feedback path 

from the transducer driving/matching circuit to the AM modulated input of the RF source, 

discussed below, a very stable voltage signal is applied to the transducer. 

All tissue and transducer characterization measurements are performed in a large tank of 

either distilled, degassed water, or degassed isotonic saline (mammalian Ringer's solution) at 

37 °C. The measurement tank is mounted on a mill base that can be moved manually, or by 

dc stepping motors in increments of 0.001 in. The transducer is mounted in a fixed position 

and the tank is moved relative to the transducer. The tissue specimens to be irradiated, 

or the acoustic field sensor employed in field measurements, are mounted fixed to the tank; 

hence, the tissue specimen or acoustic sensor is fixed relative to the bath coordinates. The 

position of the tank relative to the transducer is determined by an optical linear encoder 

(Dynamics Research Corporation, Model L-50) and displayed on a 3-axis digital readout 

(C-TEK Incorporated, Model LIN-103). 

The overall system, RF triggering, relative transducer positioning, applied transducer 

voltage, and data acquisition, can be controlled by an AST Premium 286 personal computer 

(PC). The computer is interfaced to the system by a controller/data acquisition card (Me-

trabyte DAS-20) that is mounted in one of the PC expansion slots. Only a minimal amount 

of external circuitry is then required for reading the mill base position, triggering the RF 

signal, positioning the bath relative to the transducer, and adjusting the driving voltage for 

the transducer. Each of these functions can also be performed manually. The Metrabyte 

DAS-20 card is also used for A/D conversion. 
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Voltage is applied to the transducer through the driving/matching circuit shown in Figure 

2.2. The parallel inductor, L, and capacitor, CM, serve to match the 50 ft output impedance 

of the power amplifier to the PZT-4 and PZT-5 transducer elements. The PZT composite 

materials are significantly lower Q elements than a material, such as X-cut quartz, and 

precise matching is not a critical issue for obtaining the acoustic powers required for the 

applications treated herein. The Amplifier Research Model 1000L power amplifier is rated 

for loads with standing wave ratios (SWR) to infinity at all levels of forward electrical power, 

and waves that are reflected at the load are absorbed by the source. As a result, it is not 

necessary that the transducer be matched to exactly 50 ft, rather, CM and L are adjusted 

such that up to 1 0 - ^ of acoustic power can be obtained at 1 and 3 MHz, and 3 ^ can 

be obtained at 5 and 7 MHz for voltages less than 30 V applied to the transducer. The 

inductance of the parallel inductor is adjusted by changing inductors. 

A stable voltage is maintained across the transducer by feedback of the signal VCa to the 

stabilizer circuit which has been described elsewhere [127]. The voltage signal across the 

capacitor C3 is half-wave rectified by the two diodes shown in Figure 2.2. The signal Va is 

then low pass filtered by the RG58 coaxial cable connecting the driving/matching circuit and 

the stabilizer circuit in series with the high input impedance of the stabilizer circuit. The 

stabilizer circuit then acts as a comparator to maintain a constant voltage of VJJ = —2.0 V. 

The output of the stabilizer circuit is fed to the AM modulation input of the signal generator 

to increase the driving voltage Vp when Vb falls below -2.0 V, or to decrease it if Vp increases 

above -2.0 V. If very low driving voltages are to be applied to the transducer, the rectified 

and filtered voltage from the diode network is amplified by a non-inverting amplifier with a 
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Figure 2.2: Driving/matching circuit for tuning and applying a stable voltage to the trans­
ducer. 
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gain of 23. The voltage applied to the transducer is then adjusted by the capacitor divider 

and is given by 

Vr = %. ( ^ + l) (2.1) 

The range of the variable precision capacitor C, (General Radio model 1422N) is 100-1150 

pF. The capacitor CR is mounted in a plug-in unit that allows it to be changed such that 

a range of voltages from approximately 0.5 V to several hundred volts can be applied to a 

transducer. 

This method of driving the transducer does not require a knowledge of the incident 

and reflected power with the transducer connected, or accurate voltage measurements at 

the transducer when generating an ultrasound field. Accurate voltage measurements at 

the transducer Vp over a range of Ca can be performed once and related linearly to G,. A 

transducer can then be calibrated by an absolute method, e.g., with a sphere radiometer [63], 

[103], [105], and the intensity related to the value of C„. The ultrasound intensity /generated 

by the transducer at a given point in the field is found to be linear with Vj. Thus, using the 

linear relationships between I and Vf*, and Vp and Ga, the desired ultrasound intensity is set 

by adjusting the value of C,. Voltage measurements across the transducer as a function of C, 

and absolute calibrations of the transducer are checked frequently. This method of driving 

a transducer provides a simple and quick means of generating a well-known ultrasound field 

that is to be used frequently. 

2.2 Transducer Character iza t ion 

The ultrasound irradiation system described in the previous section is used to character­

ize the transducers employed in the experiments described herein. The acoustic radiation 
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pattern generated by a given transducer is determined, the intensity calibrations are per­

formed, the amplitudes of the harmonic components of the acoustic field are measured, and 

the linearity of the device is tested for the transducers employed in the experimental pro­

cedures. The acoustic radiation pattern is plotted using a PVDF needle hydrophone probe 

(NTR Systems, Inc., Model NP-1000) with an active element of 0.5 mm diameter. The hy­

drophone output is fed to a high input impedance preamplifier (NTR Systems, Inc., Model 

HP-2130) with a gain of 30 dB. The output of the preamplifier drives an RMS voltmeter 

(Fluke, Model 8920A) which has a single digital output line. The digitized output of the 

RMS voltmeter is read by the Metrabyte data acquisition and controller card. The radia­

tion pattern transverse to the acoustic axis of propagation is plotted by measuring the RMS 

voltage response of the PVDF element to a 200 msec ultrasound pulse at 0.5 mm intervals 

across the beam. 

The acoustic beams employed in this study have half-power beamwidths (HPBW) greater 

than 4.5 mm in the far field so that the 0.5 mm diameter of the sensing element of the 

hydrophone causes no averaging of the important features of the radiation pattern. The 

radiation patterns were also measured with a thermocouple probe and found to agree well 

with those measured with a hydrophone. The hydrophone is fixed to the tank mounted on 

the mill base, which is moved with respect to the transducer to plot the beam profile. The 

beam plotting is computer controlled. One feature of the plotting program allows the beam 

to be centered on the sensing element by fitting a second- or fourth-order polynomial to 

the beam shape and positioning the acoustic axis of propagation on the maximum of the 

polynomial fit. The transducers employed in this study are axisymmetric. Beam profiles 

in two orthogonal directions that are perpendicular to the acoustic axis of propagation are 
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Figure 2.3: Relative intensity profile transverse to the acoustic axis of propagation at the 
focus of a 1 MHz, focused transducer measured with a PVDF needle hydrophone probe. 

plotted to ensure that the transducer field is axisymmetric. A typical measurement of the 

beam of a focused, 1 MHz transducer with a 5.0 cm aperture and 15 cm focal length is shown 

in Figure 2.3. 

The primary calibrations of acoustic intensity at the field points of interest are performed 

utilizing an elastic sphere radiometer [63]. The spatial peak, temporal average (SPTA) 

intensity is calculated from 

FTco 
SPTA — (2.2) 

iratYpAcr 

where FT is the acoustic radiation force, CQ is the speed of ultrasound in the fluid medium, a 

is the radius of the sphere, AQV is an area correction factor to account for the deviation of the 

cross-sectional beam profile from a uniform plane wave [84], and the dimensionless constant 
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Yp is the radiation force per unit cross section per unit energy density, and can be calculated 

or found in the literature [104], [105]. The radiation force FT is determined from deflection 

measurements of a grade 10 440C stainless steel sphere in the ultrasound field, the mass of 

the sphere, and the length of the suspension of the sphere. The sphere deflection is measured 

at points across the beam transverse to the acoustic axis of propagation, the beam profile is 

plotted, and the sphere is positioned at the maximum. The deflection of the steel sphere is 

related to the average intensity across the sphere cross-section. The intensity of the beam 

decreases across the diameter of the sphere for the beams employed in this study; hence, it is 

necessary to correct for this with the factor Acv- Letting JSATA denote the temporal-average 

intensity that is spatially averaged over the radius of the ball, the area correction factor is 

given by 

, ISATA ft d9 J° rdrfjr) 
* * - 7 , P , A - T ^ r d r ^ 

where f(r) is the axisymmetric intensity profile with the peak normalized to unity. In 

practice, the transverse beam profile is measured with a hydrophone over a width of 11 — 

2 times the diameter of the largest sphere to be used in the procedure, a second-order 

polynomial is fitted to the beam and the area correction factor determined. Acoustic windows 

constructed from 26 \im Mylar are placed on each side of the sphere to prevent acoustic 

streaming and to minimize convective currents in the water bath. The windows are spaced 

2.0 cm apart to allow a maximum deflection of the sphere of 1.5 cm for sphere suspension 

lengths of 10-11 cm [40]. The intensity as a function of the square of the voltage applied 

to the transducer, for a 4.2 mm HPBW at 7 MHz, is shown in Figure 2.4. The three 

sphere sizes used have radii of 0.099, 0.119, and 0.159 cm. The area correction factors for 

the described beam and 0.099, 0.119, and 0.159 cm spheres are 0.957, 0.936, and 0.887, 


