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Abstract—Therapeutic ultrasound is an emerging field with many medical applications. High intensity focused
ultrasound (HIFU) provides the ability to localize the deposition of acoustic energy within the body, which can
cause tissue necrosis and hemostasis. Similarly, shock waves from a lithotripter penetrate the body to commi-
nute kidney stones, and transcutaneous ultrasound enhances the transport of chemotherapy agents. New medi-
cal applications have required advances in transducer design and advances in numerical and experimental stud-
ies of the interaction of sound with biological tissues and fluids. The primary physical mechanism in HIFU is
the conversion of acoustic energy into heat, which is often enhanced by nonlinear acoustic propagation and non-
linear scattering from bubbles. Other mechanical effects from ultrasound appear to stimulate an immune
response, and bubble dynamics play an important role in lithotripsy and ultrasound-enhanced drug delivery.
A dramatic shift to understand and exploit these nonlinear and mechanical mechanisms has occurred over the
last few years. Specific challenges remain, such as treatment protocol planning and real-time treatment moni-
toring. An improved understanding of the physical mechanisms is essential to meet these challenges and to fur-
ther advance therapeutic ultrasound. © 2003 MAIK “Nauka/Interperiodica”.
1 INTRODUCTION

The core promise of therapeutic ultrasound is the
creation of clinical effects within the body without
damaging intervening tissue. Broad and diverse thera-
pies have been demonstrated experimentally and, in
some applications, utilized clinically. High intensity
focused ultrasound (HIFU) is one example. Figure 1
shows the fundamental concept of HIFU applications.
In the focused ultrasound field, the acoustic intensity is
sufficiently low near the transducer so that tissue is
unharmed. In the focal volume, the intensity is much
higher and absorption of the acoustic field is significant
enough to thermally denature tissue proteins. A hand-
held transducer positioned on the skin can therefore
noninvasively cauterize bleeding or necrose tumors at
specific sites deep inside the human body. This article
concentrates on HIFU therapy, which includes hemo-
stasis, surgery, and stimulation of the immune
response, but also describes the physical mechanisms
of two other ultrasound therapies—shock wave lithot-
ripsy (SWL) and ultrasound-enhanced drug delivery.
Recent research and development have brought thera-
peutic ultrasound to the doorstep of widespread clinical
application. Further understanding of ultrasound prop-
agation and physical mechanisms of its interaction with
tissue provides the key to fulfilling this potential. The

1 This article was submitted by the authors in English.
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goal of this article is to describe the physical mecha-
nisms that both enable and restrict clinical implementa-
tion of therapeutic ultrasound. Background is given;
treatment limitations are identified; devices are intro-
duced; numerical and experimental research tools are
discussed.

BACKGROUND AND MOTIVATION

Pioneering Work

Ultrasound therapy has a long history, and several
review articles describes this field [1–9]. Pioneering
work in ultrasound therapy was international [7, 8]. In
France, in 1917, Langevin observed the death of fish
during the development of sonar [9]. In the United
States (US), in 1926 and 1927, Woods and Loomis
studied the lethal effect of ultrasound on cells, tissues,
fish, and frogs. In Germany, in 1938, Ziess first studied
the effects of ultrasound on the eye. Lynn et al. are gen-
erally credited with the invention of focused ultrasound
therapy. They built and tested a high-power, focused,
ultrasound transducer and identified localized damage
without injury to intervening tissue. In the 1940s, Wall
et al. in the US, 1950s Fry and Fry in the US, and 1960s
Oka et al. in Japan, developed focused ultrasound for in
vivo application to the central nervous system. Fry and
coworkers began clinical trials in 1956. Simulta-
neously, in Russia, Burov and Andreevskaya [10] at the
003 MAIK “Nauka/Interperiodica”
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Laboratory of Anisotropic Structures, Academy of Sci-
ences of the USSR were testing somewhat lower inten-
sity, unfocused ultrasound on cancer tumors and found
an increased immunological effect. Only recently has
much of this work been made public [11]. From these
pioneering works, ultrasound has branched into many
different treatment areas and types.

Therapeutic Applications of Ultrasound

The clinical applications of ultrasound therapy are
broad [2]; however, here, three main categories are
defined: (1) high intensity focused ultrasound (HIFU)
therapy, which includes tumor necrosis, hemostasis
(stopping bleeding caused by trauma or surgical proce-
dure), and immunotherapy; (2) ultrasound-enhanced
drug delivery, (3) shock wave lithotripsy (SWL).

The main idea of HIFU therapy, which follows
directly from the work of Lynn et al. and Fry and Fry,
is the use of focused acoustic fields to coagulatively
necrose or cauterize tissue [8]. HIFU necrosis has been
applied to the brain [12], soft tissue cancers [13–15],
benign prostatic hypertrophy (BPH) [16], prostate can-
cer [17, 18], glaucoma [19], ocular melanoma [20],
uterine fibroids [1], fetal surgery [21], myocardial
ischemia [3], and many other maladies.

In tumor necrosis, it was found that ultrasound
could occlude blood vessels [22], and, subsequently, it
has been applied to hemostasis for emergency medical
care [23], fetal blood sharing [21], and tumor blood
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Fig. 1. The high intensity focused ultrasound (HIFU) beam
is focused to necrose a localized tumor region or cauterize
a specific bleed without injuring intervening tissue. Acous-
tic energy distributed over the face of the transducer is con-
centrated into a volume roughly the size of a grain of rice.

vessel
supply [24]. Likewise, as the direct goal of the work of
Burov and Andreevskaya [10] or as a beneficial side
effect of HIFU therapy, ultrasound has been shown to
induce an enhanced immune response that necroses
tumors and protects against new tumor growth [25: Wu
et al., pp. 34–43; Marberger et al., pp. 146–153]. It has
been shown that ultrasound can enhance the transport
of chemicals and genes across biological barriers, such
as cells, tissues, and blood clots [2].

Lithotripsy is the use of shock waves to break kid-
ney stones [26–30] or gall stones [31]. In addition,
lithotripters are finding new applications in orthopedic
medicine [32], such as comminuting calcifications in
joints [33].

Although the specific fields of hyperthermia and
physical therapy can be classified as therapeutic ultra-
sound, these fields are not considered in this article
because of the low-acoustic intensities typically
employed. Ultrasound is commonly used in physical
therapy to warm tissues about 1°C. For physical ther-
apy, ultrasound intensities are on the order of 1 W/cm2,
and treatment times are about 10 min. In hyperthermia,
ultrasound is generally not focused; the temperature of
a tissue is elevated and held at the level of a threshold
temperature (42–43°C) that necroses cancer but not
normal cells. The intensities for hyperthermia are on
the order of 10 W/cm2, and treatment times are 1–2 h.
The intensities applied for HIFU are ~1000 W/cm2, and
tissue is heated to >70°C in 1–3 s. However, the physi-
cal mechanism of tissue heating in physical therapy and
hyperthermia is the same as in HIFU therapy; hence, as
more is learned about HIFU, both of these treatments
may benefit. In particular, hyperthermia, which has
practically declined due to the problems of temperature
control, may undergo a resurgence because of HIFU
temperature-monitoring and transducer technology as
well as synergistic effects with other treatments such as
radiation [3].

Clinical Practice

HIFU. Although much basic research remains to be
done, it should be underscored that high intensity ther-
apeutic ultrasound is already in clinical use. Represen-
tative clinical applications are summarized here. Cur-
rently, the world leader in the clinical application of
HIFU is China, where at least three companies exist
that manufacture HIFU machines and over 1400
patients have been treated for cancerous tumors in bone
and soft tissue [15; 25: Wu et al., pp. 34–43]. Chinese
machines have been exported and are being used in
liver and kidney cancer treatments in Oxford, England.
Prostate cancer is treated in Europe [25: Chaussy et al.,
pp. 1–7] and Japan [18; 25: Uchida et al., pp. 8–16],
and BPH is also treated in the US by HIFU [16]. Two
companies produce and sell machines for prostate ther-
apy [25: Chaussy et al., pp. 1–7; Uchida et al., pp. 8–
16]. An MRI-guided HIFU machine is produced in
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Israel, and MRI-guided HIFU trials are underway for
breast cancer [14]. Clinical trials for the treatment of
soft tissues continue in Sutton, England without the
need for patient anesthetic [13; 25: Allen et al., pp. 17–
25]. Ten patients with pancreatic cancer have been
treated by an interstitial HIFU device in France [25:
Lafon et al., pp. 26–33]. A catheter-based device is
used in the US to heat vascular stents to prevent rest-
enosis [34]. Since 1985, HIFU has been used in the US
to reduce intraocular pressure produced by glaucoma
[8, 35]. In hemostasis, trials are underway for catheter
wound closure by HIFU.

Ultrasound-enhanced drug delivery. Human trials
are underway in the US for catheter-based ultrasound in
conjunction with thrombolytic drugs to accelerate the
dissolution of blood clots in the heart. At least two US
companies are developing thrombolytic ultrasound
devices. In Russia devices are commercially available
for intraocular drug delivery [36, 37].

Lithotripsy. Since the early 1980s, lithotripsy has
been the most common treatment for kidney stones and
continues to be the favored method for uncomplicated,
upper urinary tract calculi, even with the advent of per-
cutaneous surgical techniques. Over 40 models of
lithotripter models are available. Modified lithotripters
are used in the US and Europe to treat plantars fasciitis
and epicondylitis.

This list is intended to show that ultrasound therapy
is not solely a scientific exercise but it is in expanding
clinical use. However, aside from a recent burgeoning
in HIFU cancer therapy in China, the treatment of kid-
ney stones is the only therapeutic ultrasound that is in
significant use. Nevertheless, by targeting specific inju-
ries or ailments, therapeutic ultrasound is finding
increasing clinical application.

Challenges and Pitfalls

Five major challenges to successful clinical imple-
mentation of HIFU are discussed here.

Focal gain and acoustic windows. One specific
challenge is obtaining large focal gains of acoustic
pressure through acoustic windows available in the
body to transmit ultrasound. Large gain is needed to
insure high intensities only at the focus and to spare
intervening tissue. Skin burn is the most common side
effect of transcutaneous HIFU treatment, because
absorption in the skin is several times higher than inter-
nal soft tissue. Acoustic intensities, therefore, must be
particularly low when crossing the skin [8]. In addition,
efficient acoustic coupling to the skin and cooling of the
transducer can eliminate skin burns and are important
areas of research engineering. For example, flat trans-
ducers are more difficult to focus than curved ones but
can be easily coupled by direct contact with the skin.
Bones are even more absorptive than skin, so it is
important to minimize their exposure to ultrasound and
is usually avoided during treatment. Wu et al.
ACOUSTICAL PHYSICS      Vol. 49      No. 4      2003
[25: p. 34–43] have removed ribs to open acoustic win-
dows for HIFU treatment of the liver, and Fry and Fry
[7] removed portions of the skull to access the brain.
Clement and Hynynen [12] use high aperture transduc-
ers with very large gain to focus through the skull, but
must correct for refraction of the acoustic beam. Such a
need for correction requires the use of phased arrays for
electronic focusing and steering the HIFU beam.

Real-time imaging is a second challenge for diag-
nosis of the disease, targeting, and monitoring the
HIFU. Clinical trials for HIFU treatment of Parkinson’s
disease had successful outcomes but were stopped
because of the difficulty of diagnosing the area to be
treated and in monitoring the treatment [8]. In contrast,
the HIFU treatment of glaucoma has been accepted
clinically because of the simplicity of imaging and tar-
geting, as the treatment site is optically transparent
[19]. It should be noted that imaging is the area that has
advanced most significantly since the early HIFU
experiments. Current researchers can leverage emerg-
ing imaging modalities in MRI and ultrasound. How-
ever, the following challenges remain: real-time com-
pensation for patient motion, localization of tumors or
bleeding sites, and determination of therapy end point
such as complete tumor necrosis or kidney stone com-
minution.

Treatment planning, the choice of optimal param-
eters of HIFU-transducer and treatment protocol, based
on the acoustic parameters for each specific case is a
third challenge. Consider, for example, the process of
treating a tumor. To set the parameters of treatment for
ablation of the tumor and only the tumor, it is necessary
to perform theoretical modeling of acoustic and tem-
perature fields in tissue for given amplitude, frequency,
and geometry of the HIFU transducer and with account
of absorption and refraction of ultrasound and heat dif-
fusion. On the other hand, for modeling, it is necessary
to know tissue parameters, which cannot be measured
or predicted with high enough accuracy in all situa-
tions. Furthermore, the typical lateral size of the beam
focal spot is about 1 mm, which is substantially smaller
than the size of many tumors, so a method to treat the
whole tumor is needed. The process of creating a dis-
crete sequence of small lesions to necrose a large tumor
has been used until recent time. However, in some
cases, this protocol appeared to be prohibitively long,
because without sufficient cooling time between expo-
sures, the lesions become unpredictably distorted in
their shape due to the change in acoustic parameters of
heated tissue and cavitation [38, 39]. Wu et al. [15; 25:
p. 34–43] introduced another scheme in order to accel-
erate HIFU therapy. Instead of a series of individual
thermal lesions, Wu et al. paint a stripe of lesion as the
transducer of much higher intensity is continuously
moved. Control of the HIFU treatment in this case is to
adjust the ultrasound intensity level based on real-time
ultrasound imaging feedback—a hyperecho, a bright
spot, which is observed during HIFU treatment at such
high intensities. This is the current trend in HIFU tumor
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necrosis: to emphasize real-time imaging, not relying
only on precise prediction of treatment but on the abil-
ity to react to the image as well.

Calibration and optimization. Fundamental study
and understanding of the physical mechanisms
involved in ultrasound therapy enable optimization of
HIFU instrumentation and standardization of protocols
for treatment in new therapies. Standards have been
developed for calibration of transducers by force bal-
ance or hydrophone [40], for cavitation detection [41],
ultrasound bioeffects [42], and correction for artifact in
temperature measurement by thermocouples [43].
However, further standardization and dosimetry of
HIFU is needed [25: ter Haar et al., pp. 307–313]. For
example, one of the main characteristic values for
HIFU transducers is spatial average intensity ISAL

defined as ISAL = W∗ / , where W∗  is the acoustic
power transmitted through the circle area of radius r∗ ,
which is the lateral beam radius measured in the focal
plane at half-maximum pressure level at low intensity
in water [44]. However, treatments with the same time-
averaged ISAL but different duty cycles yield very differ-
ent lesions. In some cases, another measure, such as
maximum peak pressure, is needed as well to calibrate
the treatment. Frequency and F-number (focal
length/aperture diameter) are also both necessary to
characterize an HIFU source.

Consider, as another example, lithotripsy. One of the
standard calibration measures of the lithotripter shock
field is the peak positive pressure that should define the
maximum mechanical stress on a kidney stone. How-
ever, it appears that peak positive pressure does not cor-
relate with effectiveness among different types of
machines. Hence, other mechanisms must be consid-
ered, such as cavitation, which depends not on the pos-
itive but on the negative pressure. It appears also that
lithotripsy is an effective treatment for kidney stones
but it is not successful to comminute more common
gallstones. The reason is that conditions in the gallblad-
der inhibit the physical mechanisms of shock wave
impact on stones. Gallstones are more resistant to brit-
tle failure than kidney stones; the fluid surrounding the
stone is more viscous, which suppresses cavitation ero-
sion of the stone; and lastly, the mechanism for removal
of stone particles is not as efficient as in the kidney.
Hence, although the clinical extension of lithotripsy to
gallstones is possible, the same mechanisms are not as
effective, and calibration and optimization are specific
to this particular application.

Indirect technical influences. Clinical trials and
targeted engineering are expensive; therefore, the per-
ceived financial payback must be clear. The following
considerations influence the investment in HIFU appli-
cation and have a strong impact on its development:
ease of use, reliability, portability, efficiency and ster-
ilability, competing technologies, money/marketability.
Ultrasound for intraoperative hemostasis has some dis-

πr*
2

tinct advantages over the current clinical treatment of
electrocautery. Electrocautery is restricted to the tissue
surface, and surface bleeding reduces the effectiveness
of electrocautery. Conversely, ultrasound penetrates
beneath the surface, and blood improves the ultrasound
coupling. However, water filled coupling housings for
the ultrasound transducers are difficult, and, thus, more
expensive, to keep sterile than the simple metal spatula
electrocautery transducers. These facts drive the engi-
neering of new coupling for HIFU hemostasis [45]. In
another example, the number of lithotripsy procedures
increased significantly with a small technological
advance—the advent of mobile lithotripters—that
delivered the treatment to the patients in a way that con-
ventional surgery could not.

Complexity and high cost of the new methods
become unimportant when the existing methods are not
successful. For example, although it may seem that a
tumor can be removed surgically if it can be imaged and
localized, this is not always the case. There are inoper-
able tumors (e.g., many liver metastases and pancreatic
tumors) for which HIFU may offer the only treatment
option, because it is bloodless, it has low risk of infec-
tion, and the procedure can be repeated.

METHODS

Transducer Technology

HIFU. An excellent review of current transducer
technology can be found in a recent paper by Cathignol
[9]. The transducers used in surgery and hemostasis
generally are piezoceramic and operate in the
1−10 MHz frequency range, with 2–4 MHz being the
most common, and up to 20 MHz for some applications
in the eye. Intensities (ISAL) at the focus range from
1000–10000 W/cm2. The most common intensities are
around 1500–3000 W /cm2, in interstitial applications,
intensities are typically lower, but the new clinical Chi-
nese devices operate on the order of 10 000 W/cm2.
Transducers receive 100–500 W of electrical power
with the acoustic output generally limited to a maxi-
mum pressure of 2–4 MPa sustainable by simple,
unmodified ceramics. F-numbers are approximately
one but can be as high as 1.5. Treatment depths are up
to 15 cm. Transducers usually operate in periodic pulse
regimes being on for seconds and off for tens of sec-
onds. If an HIFU transducer works simultaneously with
an ultrasound imaging system, the intense signal intro-
duces a strong noise into the image. To synchronize
with the video frame rate of an ultrasound imager, the
HIFU driving signal can be gated at about 20 Hz.

Transducers are generally manufactured in the
shape of a spherical segment, either as a single curved
element or several elements on a curved backing. Fig-
ure 2 shows some single element transducers for hemo-
stasis. Elements are made of piezoceramic or piezo-
composite material. The piezoceramic can be machined
into curved shapes, and the entire surface area is active.
ACOUSTICAL PHYSICS      Vol. 49      No. 4      2003
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However the characteristic acoustic impedance
(33 MRayl) is not well matched to water (1.5 MRayl),
so special matching layers are generally used to
improve transmission. Parasitic vibration modes are
common [46]. Adding backing material behind the ele-
ment reduces the parasitic modes and increases the
bandwidth but decreases the efficiency of the trans-
ducer. To make arrays, a piezoceramic must be sec-
tioned.

A piezo-composite is a diced ceramic, where the
spaces are filled with a polymer [46]. The composite
material can be designed for heat dissipation or struc-
tural support. The material can be formed, vibrations
are naturally damped, and the structure is inherently
designed to be implemented as an array. Compared to
piezoceramic, the characteristic acoustic impedance of
piezo-composite (10 MRayl) is much closer to that of
water, so transmission is more efficient. The piezo-
composite also has a high electromechanical coupling
factor (0.7); for piezoceramic it is normally less than
0.5. Efficiencies of both piezoceramic and piezo-com-
posite transducers used in HIFU are often 70%. Liquid
cooling is often required for interstitial devices but
neglected in transcutaneous devices. To treat larger tis-
sue volumes in a minimum treatment time, two
approaches have been taken in transducer design: focus
aberration and arrays. The focus has been blurred to
broaden the treatment area by mechanical vibration of
the transducer [47], electrode strips [20], and a split
focus design [48]. Arrays offer the ability to steer the
HIFU focus or to create simultaneously multiple HIFU
foci in order to increase the treatment volume [3, 49,
50]. An HIFU array or a mechanically scanned single-
element source [18] can be used for imaging as well as
for treatment; however, a separate imaging array is
commonly used [1, 17]. Precise manufacturing of the
HIFU system is required to isolate each element electri-
cally and acoustically, to prevent overheating, and to
integrate a large number of linear amplifiers to properly
and finely phase the signals.

Ultrasound-enhanced drug delivery. Frequencies
used for ultrasound-enhanced drug delivery are usually
around 20 kHz, although 1–2 MHz are also used. Typ-
ical intensities are lower, but treatment is longer than in
HIFU. Transducers are generally unfocused and less
taxed than in HIFU, although miniaturization of cathe-
ter devices to target small vessels responsible for
strokes presents an engineering challenge. Lithotripters
are also used for gene and drug transport [27]. A unique
design developed by Kawabata et al. for extracorporeal
drug delivery is two confocal transducers with two fre-
quencies 0.5 and 1 MHz [25: p. 539–543]. The mixing
of these frequencies properly shifted in phase substan-
tially decreases the cavitation threshold and enhances
cavitation, which is a primary mechanism in enhance-
ment of drug delivery. Similar results have been
recently obtained with mixing high frequency bursts
and continuous low frequency ultrasound [25: Bailey
et al., pp. 472–480]. Cavitation can be localized in this
ACOUSTICAL PHYSICS      Vol. 49      No. 4      2003
case if the higher frequency transducer is focused. The
field of manipulating the waveform to control cavita-
tion in therapeutic ultrasound is an emerging one with
great potential.

Lithotripsy. Lithotripters produce short focused
microsecond pulses as opposed to a burst of many
cycles at a characteristic frequency in HIFU. A com-
mon lithotripter waveform at focus is shown in Fig. 3.
Peak positive pressure is 20–140 MPa and peak nega-
tive pressure is –8 to –15 MPa. Thousands of pulses are
delivered in a treatment at rates of 1–2 Hz. Electrohy-
draulic lithotripters are commonly gated to the cardiac
cycle because the electrical output can cause arrhyth-
mia. Higher rates would accelerate treatment but cause
more tissue injury. Lithotripters are typically tens of
centimeters in aperture with F-numbers around one.
Acoustic coupling with the patient is achieved through

Fig. 2. Single element piezoceramic transducers (3–10 MHz)
designed for acoustic hemostasis. The circular matching
layer and element connect to a 10-cm handle. A detachable
water-filled cone provides the acoustic coupling. [Figure
courtesy of P.J. Kaczkowski, CIMU, University of Wash-
ington.]
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Fig. 3. Waveform measured with a PVDF membrane hydro-
phone at the focus of an electrohydraulic lithotripter. Char-
acteristically, a positive-pressure spike leads a slightly
longer negative pressure trough. Treatment commonly
requires about 2000 pulses administered at 1–2 Hz.
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water baths or liquid-filled pillows. Finally, orthopedic
applications are driving the development of compact
designs.

Fig. 4. Three clinical and one research lithotripter designs.
Electrohydraulic machines (a) use an ellipsoidal reflector to
focus the shock wave generated by an underwater spark.
Electromagnetic devices (b) employ impulsive displace-
ment of a plate to generate the wave, which is focused by a
lens or reflector. Piezoceramic lithotripters (c) utilize the
waves generated by piezoelectric elements. The laser lithot-
ripter (d) relies on the conversion of an optical wave to an
acoustic one in a thin spherical layer of a light-absorbing
liquid.
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There exist three fundamental types of clinical
extracorporeal shock wave lithotripters—electrohy-
draulic, electromagnetic, and piezoceramic (see Fig. 4).
In electrohydraulic lithotripters, an underwater spark
generates a shock wave that is focused on the kidney
stone by an ellipsoidal reflector. The first and most
common lithotripter, the Dornier HM3, is considered
the gold standard because of its high long-term stone-
free rates (67–90%) for a wide range of stones. New
electrohydraulic lithotripters incorporate longer lasting
electrodes, which provide repeatable waveforms. Elec-
tromagnetic lithotripters conduct high current through a
coil, which then repulses a parallel plate. Lenses or
reflectors focus the wave created by the displacement of
the plate. Piezoceramic lithotripters are generally
arrays built on a spherical segment. Array technology
allows steering of the beam and even image tracking of
the stone. Sufficiently powerful compact devices are
being developed with stacked composite elements [51]
or electrically prestressed piezoelectric material [9].
Lithotripters are commonly compared on the basis of
the product of the peak pressure at the focus and the
−6-dB pressure volume, which ranges from 0.2 to
10 cm3. Since peak pressures are so varied, it might be
more logical to compare the volume in which a super-
threshold pressure is produced. However, this threshold
value has not been determined yet, and a higher product
correlates with improved clinical efficacy. Electrohy-
draulic lithotripters, particularly the HM3, produce low
peak pressures (30–40 MPa) but the largest focal vol-
ume and the largest product. Newer electromagnetic
and piezoceramic lithotripters generally produce more
tightly focused beams and higher peak pressures, with
the notable exception of the low-amplitude, broad-
focused lithotripter developed by Eisenmenger [52]. A
fourth type of extracorporeal lithotripter uses a laser
source and optoacoustic transduction to generate shock
waves (see Fig. 4). A prototype of the laser lithotripter
has been built but is not yet used clinically [53]. Sparks,
mechanical drills, and lasers are also used intracorpore-
ally to break stones.

New lithotripter research focuses on controlling
cavitation. Corresponding methods are to manipulate
the timing between pulses [54, 55] or to modify the
lithotripter waveform by altering the reflector material
in electrohydraulic [56] or electromagnetic devices or
reversing the polarity in piezoceramic devices [57].

Numerical Techniques

The goals of theoretical modeling are to better
understand ultrasound propagation in tissue, to quan-
tify the interaction of the acoustic field and tissue, and
to plan and optimize treatment protocols. Analytical
methods yield qualitative estimations, trends, and
guides for numerical simulations, which are necessary
in most cases. An ideal numerical code must include a
model for the nonlinear acoustic field produced by an
ultrasound source coupled with models of the main
ACOUSTICAL PHYSICS      Vol. 49      No. 4      2003
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ultrasound induced phenomena: tissue heating and cav-
itation. Inclusion of models for streaming, acoustic
radiation pressure, shear stresses, reflection, inhomoge-
neous structure of tissue, and refraction across a liquid–
tissue interface may also be necessary; however, calcu-
lation time and computational memory place limita-
tions on the complexity of the model. The goal of this
section is to describe how each of these effects is simu-
lated and to show their contribution to the acoustic
impact on tissue, which will be discussed in more detail
in the next section.

Ultrasound field. The Khokhlov–Zabolotskaya–
Kuznetsov (KZK) nonlinear evolution equation is
widely used to model numerically high intensity acous-
tic beams [58]. The KZK model has been successfully
applied to simulate the acoustic field generated by
HIFU [59–61] and lithotripsy sources [62]:

(1)

Here, p is the acoustic pressure, z is the coordinate
along the beam axis, c0 is the small-signal sound speed,
ρ0 is the ambient density, τ = t – z/c0 is the retarded
time, β is the coefficient of nonlinearity, b is the dissi-
pative parameter, and ∆⊥  is the Laplacian operator with
transverse coordinates r = (x, y). The boundary condi-
tion p0(τ, r) is given at z = 0. Equation (1) is the simplest
model that provides an adequate description of nonlin-
ear and diffraction phenomena in focused ultrasound
beams. The equation accounts for diffraction within a
parabolic approximation, while thermoviscous absorp-
tion and acoustic nonlinearity are considered within a
plane wave approximation. Acoustic nonlinearity is
necessary in the model because, at high-pressure levels
(typical for HIFU and lithotripsy), it affects thermal and
mechanical changes within the tissue. Several modifi-
cations of Eq. (1) have been proposed to better fit the
frequency power law of absorption found in tissue [59–
61, 63, 64] or to more accurately model the diffraction
effects [65, 66]. More comprehensive models, based on
the solution of Navier–Stokes equations or full wave
equations, have been developed recently for lithotripsy
and HIFU [67; 25: Curra et al., pp. 275–282].

Various finite-difference algorithms for the solution
of Eq. (1) have been developed based on the method of
fractional steps with an operator-splitting procedure
[68]. The solution is calculated plane by plane along the
beam axis z, and, at each ∆z step, the diffraction, non-
linearity, and absorption effects are applied sequen-
tially. The algorithms are implemented either in the
time domain [62, 69] or in the frequency domain [59–
61, 69–73].

In the frequency-domain schemes, the solution to
Eq. (1) is represented in the form of a Fourier series

∂p
∂z
------

β
c0

3ρ0

---------- p
∂p
∂τ
------ b

2c0
3ρ0

-------------∂2 p

∂τ2
--------––

c0

2
---- ∆⊥ p τ'( ) τ'd .

∞–

τ

∫=
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expansion

(2)

Substitution of Eq. (2) into Eq. (1) yields a set of non-
linear, coupled differential equations for the harmonics
Cn of the initial signal. Frequency-domain schemes are
better suited for modeling cw ultrasound (cancer treat-
ment, hemostasis, drug delivery) and easier to account
for frequency dependent absorption in tissue. Time-
domain schemes are better for modeling pulsed regimes
used in lithotripsy and nonlinear imaging [62, 69]. Spe-
cific transformations of the spatial coordinate system
are introduced in some algorithms to follow the focused
geometry of an acoustic beam [60, 71, 73]. All models
can be implemented in two or three dimensions; how-
ever, most results have been obtained for two-dimen-
sional axisymmetric beams. Some simulations are
available for rectangular ultrasound sources, but these
simulations are much more time consuming and have
larger memory requirements and, therefore, are still dif-
ficult for modeling [74, 75].

The diffraction term, which is on the right-hand side
of Eq. (1), is usually solved by either implicit backward
or Crank–Nicholson finite difference methods in both
the time and the frequency domain [68]. For frequency-
domain schemes, implemented not in the form of the
complex series of Eq. (2) but in real series, an addi-
tional iterative procedure is necessary to obtain the
solution [58, 59, 71]. A particular requirement is to per-
form simulations within reasonably small spatial win-
dows, which results in nonphysical reflections from the
transverse boundaries. To avoid this numerical effect,
an artificial absorption is introduced within a layer at
the edge spatial grids [61, 71]. Some algorithms
employ more accurate diffraction operators without the
parabolic approximation [65, 66]. In this case, the
numerical solution at each z is obtained by the Rayleigh
integral. These algorithms are more time consuming;
however, they provide more accurate results for
strongly focused ultrasound beams.

The absorption term is calculated in the frequency
domain based on the exact solution for the amplitude of
each harmonic propagating over the distance ∆z:

(3)

Here, αn = (nω0)2 b/2 ρ0 is the attenuation coefficient,
which exhibits quadratic frequency dependence
according to Eq. (1). Attenuation in tissue is nearly lin-
early dependent on frequency, because relaxation pro-
cesses dominate thermoviscous heating. In most tis-
sues, attenuation is on the order of 0.1 Np/cm/MHz.
The absorption can be easily modified in the frequency
domain (3) as αn = α0(ω/ω0)η with 1 < η < 1.4. The dis-
persion is then calculated from local dispersion rela-
tionships [64] or minimum phase digital filters [65]. In
time-domain algorithms, a finite-difference method is

p z r τ, ,( ) Cn z r,( ) inω0τ–( ).exp
n ∞–=

∞

∑=

Cn z ∆z+( ) Cn z( ) αn∆z–( ).exp=

c0
3
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applied to the absorption term in Eq. (1), as it is propor-
tional to the second derivative [62]. For an arbitrary fre-
quency power law of absorption, this method cannot be
used and a convolution is often applied [109]. FFT
methods are also used to obtain a solution in the fre-
quency domain and then return to the time-domain for-
mulation at each step [58].

Nonlinear acoustic propagation, the second term in
Eq. (1), is implemented in the frequency domain by
solving a set of coupled nonlinear equations for har-
monics using Runge–Kutta methods. The number of
harmonics is up to 1000 for high intensities and shock
regimes [61, 76], which makes the algorithms very time
consuming even for two-dimensional axisymmetric
beams. To decrease the number of harmonics, an artifi-
cial viscosity rapidly increasing with frequency is intro-
duced for the last few harmonics [59, 63]. Artificial or
numerical absorption of high frequencies and the corre-
sponding smoothing of the shock front may result in an
underestimation of the enhanced heating. To avoid the
smoothing of the solution, an asymptotic spectral
method has been developed to govern shock waves. In
this method a relatively small number of the first har-
monics is calculated numerically and the higher harmon-
ics are included in the algorithm using a high frequency
asymptote of a shock wave spectrum [60, 64]. The
asymptote is also employed in the reconstruction of an
acoustic waveform from the finite spectrum, calculation
of intensity, and heating. Various methods of solving the
nonlinear term in Eq. (1) are used in the time-domain
schemes. One method uses an exact solution that distorts
a uniform time grid and then interpolates the solution
back to the initial grid [62, 69]. This method is very sta-
ble but introduces an artificial absorption of the solution.
An absorption term is also necessary to correctly govern
the movement of the shock front. Other finite-differences
schemes have been developed that use the method of
characteristics [58] or conservation laws [63].

The results of modeling the acoustic field are used to
model the thermal and mechanical impact of ultrasound
on tissue. Heat sources are calculated from the time-
averaged intensity vector Q = –∇  · I as I = 〈pn〉 in full-
wave equation models or strongly focused beams. In
the quasi-plane wave approximation of Eq. (1), the
intensity and the heat sources can be written in terms of
the harmonic amplitudes, Eq. (3), as

I = 〈p2〉/c0ρ0 = 2

and (4)

In designing an HIFU source, a useful estimate for
Q can be obtained from the case of linear plane-wave
propagation. The acoustic power absorbed per unit vol-
ume at the depth L in tissue is

(5)
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∑
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Q dI/dz– 2α I0 2αL–( ),exp= =
where I0 is the initial wave intensity at the entrance to
the tissue. This simple expression yields an estimate of
an appropriate HIFU frequency for penetration to vari-
ous treatment depths in the tissue. The maximum heat
deposition at the distance L in tissue corresponds to the
frequency f with absorption length α–1 = 2L, which sat-
isfies ∂Q/∂α = 2I0(1 – 2αL)exp(–2αL) = 0. This esti-
mate is also valid in the quasi-plane wave approxima-
tion for weakly focused acoustic beams.

Various generalizations of the presented modeling
scheme and complications should be listed here. The
KZK equation is an evolution-type equation; i.e., only
one-way wave propagation is assumed. A full-wave for-
mulation is computationally intensive but accurately
calculates forward and backward propagation caused
by reflection from tissue boundaries, bones, or bubbles
(i.e., multiple scattering paths). Multiple reflections can
be important for skin overheating. A two-dimensional
axisymmetric calculation of heating uniform tissue is
on the order of minutes to hours with Eq. (1), and a
three-dimensional calculation of heating in layered
media with a blood vessel or bubble formation takes on
the order of a week with a full-wave code [25: Curra et
al., pp. 275–282]. The accuracy depends largely on the
accuracy of tissue parameters, which must be obtained
from experiments, and on the influence of cavitation
bubbles. However, a threshold can be determined below
which cavitation is unlikely to occur and, thus, will not
complicate the calculation or therapy. Another problem
is that heat deposition in tissue is proportional to
absorption. However, an experimentally measured
attenuation includes both absorption and scattering
losses with only approximately known relative contri-
bution of scattering. This uncertainty also decreases the
accuracy of modeling.

Temperature field. The mathematical model for
temperature elevation in tissue is based on the BioHeat
Transfer Equation (BHTE) in which the effects of heat
diffusion, blood perfusion, and heat deposition are
taken into account [77]:

(6)

Here, t is the time, T(r, t) is the tissue temperature, T0 is
the equilibrium temperature, k = K/cν is the local tissue
temperature conductivity, K is the heat conductivity, cν
is the heat capacity of a unit volume, and ∆ is the Lapla-
cian operator. The absorbed ultrasound energy, Q, is
calculated from the KZK equation, a full-wave model,
or a bubble dynamics equation. The perfusion time, τ,
is of the order of hundreds of seconds and can often be
neglected in short (~10 s) HIFU treatments. Figure 5
shows good agreement between measured temperature
induced in excised liver and the temperature calculated
for liver with Eqs. (1) and (6) [78]. Figure 6 shows the
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results of a 3D code to calculate heating near a blood
vessel [25: Curra et al., pp. 275–282].

A threshold for thermal necrosis, the denaturing of
tissue protein, is calculated according to the thermal

25 30 35 40 45 50 55
Temperature (°ë)

Modeling

Measurement

Photo of experimental set-up

Lesion

Transducer

1 cm

Fig. 5. Calculated (top) and measured (center) by infrared
camera HIFU-induced temperature rise in tissue. 2-MHz
transducer with a 60-W acoustic power, 55-mm focal
length, and 35-mm diameter (F-number 1.57) is on the
right. For experiment, two layers of bovine liver were
stacked along the beam axis. The top layer was immediately
removed after 10 s of HIFU exposure, and the thermal
image was recorded [78]. The photo of the corresponding
lesion is shown at the bottom (white spot).
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dose (TD) formulation

, (7)

with R = 0.25 if T(t) < 43°C and 0.5 otherwise [79]. The
thermal dose required to create a thermal lesion is
equivalent to the thermal dose of a 240-min exposure at
43°C. This definition originated from the hyperthermia
protocol, when the tissue was heated to a temperature
of 43–45°C in the range during a long exposure of sev-
eral hours. However, it has been shown that this model
gives good estimations of the thermal lesion for the
higher temperatures caused by HIFU, which include
10 s at 53°C, 1 s at 57°C, and 0.1 s at 60°C. In HIFU
treatments, the temperature commonly exceeds 70°C in
about 1–4 s. Thus, tissue necrosis occurs almost imme-
diately.

Cavitation bubble dynamics. In lithotripsy and
HIFU, it is common to use cavitation models based on
the behavior of a single spherical bubble. These models
predict the radial oscillations of a single spherical bub-
ble smaller than the acoustic wavelength and, despite
the narrow restrictions of the model, capture the general
physics of clusters of bubbles in vivo quite well. Most
of the single bubble models represent various modifica-
tions of the Rayleigh model [80]. For brevity, only the
RPNNT (Rayleigh–Plesset–Noltingk–Neppiras–Porits-
ky) equation is presented here for the radius R(t) of the
bubble exposed to ultrasound with an angular fre-
quency ω and peak pressure pa [80]:

(8)

TD43°C t( ) R43 T t'( )– t 'd

0

t

∫=

RṘ̇
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Fig. 6. Numerically simulated tissue temperature near a
blood vessel shows that HIFU heating is significant in tissue
but advective cooling by blood flow and low absorption in
blood keep the interior of the vessel cool. Hence, ruptured
vessels can be sealed but remain patent. [Figure courtesy of
F. Curra, CIMU, University of Washington.]



378 BAILEY et al.
Here, R, , and  are the bubble wall radius, velocity,
and acceleration, respectively. The density of the liquid
is ρ, p0 is the external hydrostatic pressure, R0 is the
equilibrium bubble radius, σ is the surface tension, µ is
the shear viscosity of the liquid, and γ is the adiabatic
exponent of the gas. Equation (8) accounts for the
acoustic pressure field that drives the bubble, viscous
stresses at the bubble–liquid boundary, and the pres-
ence of the gas in the bubble. The Gilmore–Akulichev
model is an extension of the RPNNT model, which
accounts for the compressibility of the fluid and acous-
tic radiation [81]. The model has been further modified
to include gas diffusion into the bubble [81, 82], evap-
oration and condensation in the bubble [83], and tissue
constraint on the bubble [84]. The numerical solutions
to the bubble dynamics equations are obtained with
fourth or fifth order Runge–Kutta algorithms with
adaptive time steps [68]. Figure 7 shows typical calcu-
lated radius-versus-time curves for a 1-µm bubble
excited by a lithotripter pulse [82]. The bubble dis-
solves more quickly at higher hydrostatic pressure.

Coupling of acoustics, temperature, and cavita-
tion. Recent developments in theoretical and numerical
models include the interaction of cavitation–tempera-
ture–sound effects, complicated structure of acoustic
transducers, and the tissue. Bubbles contribute to tissue
through the reflection of the acoustic field [59], through
nonlinear reradiation [85, 86], and through their motion
in a viscous fluid [86, 25: Holt et al., pp. 120–131].
More complicated models have been designed to calcu-
late jet formation [87, 88] or to consider bubble cloud
behavior [25: Matsumoto et al., pp. 290–299]. Bubbles
can superfocus the acoustic wave by forming a lens
and, on the contrary, temperature rise affects sound

Ṙ Ṙ̇
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Fig. 7. Calculated radial response of a bubble to a lithot-
ripter pulse for various hydrostatic pressure p0 = 1 and
3 bars. The positive pressure spike (see Fig. 3) of the lithot-
ripter pulse collapses the bubble. The ensuing negative pres-
sure trough initiates growth that continues long after the
passage of the lithotripter pulse. Eventually, the pressure
difference across the water–bubble interface initiates implo-
sion with strong rebounds. The inertia of the in-rushing
fluid that collapses the bubble is sufficiently strong to create
shock waves, microjets, and free radicals. Elevated hydro-
static pressure significantly accelerates further dissolution
of the bubble.
propagation by self-defocusing due to increase of the
sound velocity with temperature up to 37–60°C in
many soft tissues [89]. In other words, the acoustic
parameters of the tissue are temperature and bubble
dependent. To compensate for self-defocusing, models of
acoustic arrays permit investigation of phase and absorp-
tion corrections to predict better locality of the focal spot
[90]. Effects of shear can be calculated from the acous-
tic field and bubble dynamics calculations but as yet are
not generally coupled into a dynamic model [91].

Numerical results. Some specific results of numer-
ical modeling are listed here. Nonlinear acoustic mod-
els predict a highly localized region of enhanced heat-
ing close to the focus. The locally enhanced heat depo-
sition is shown in Fig. 8. An outcome of this result
could be lower average power requirements for the
same heating predicted linearly by reducing the duty
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Fig. 8. Focal intensity I and heat deposition qv  versus trans-
verse dimension calculated in liver for a 1.7-MHz trans-
ducer with a 15-cm focal length, and 8.4-cm diameter
assuming linear and nonlinear propagation [61]. Nonlinear
effects predict slightly higher intensities in a slightly nar-
rower focus due to tighter focusing of generated higher har-
monic frequencies but predict greatly enhanced heating due
to stronger absorption of higher frequencies. Elevated heat-
ing efficiency can be achieved through nonlinear acoustic
propagation and a judicious selection of peak acoustic
amplitude, transducer gain, and duty cycle.
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cycle. Modeling has also described the mechanisms of
lesion distortion and migration, specifically, the distor-
tion to a tadpole shape and migration toward the trans-
ducer. The following factors are listed in order of
increasing contribution to this distortion: nonlinear
acoustics, temperature-dependent absorption, and bub-
bles. The dominant role of bubbles was confirmed by
experiment [92, 93]. In SWL, self-refraction, a nonlin-
ear acoustic effect whereby the highest amplitude wave
on the axis travels faster and acts to defocus the wave
explains why the highest peak pressures are postfocal
and the highest peak negative are prefocal [94]. Since
negative pressure drives cavitation, and cavitation
appears to be an important mechanism in stone commi-
nution, this result might direct where a stone should be
positioned in the field [95]. The models also underscore
the need for careful determination of tissue parameters
and for description of bubble sizes, number of bubbles,
vapor or gas content, and effect of tissue constraint on
bubble dynamics.

PHYSICAL MECHANISMS

The corner stones of engineering development,
numerical simulation, and clinical implementation are
the physical mechanisms of the therapeutic effect of
ultrasound on biological tissue. The mechanism is crit-
ical to design: to increase the likelihood of one mecha-
nism, cavitation, the ultrasound frequency should be
lowered; to increase another mechanism, ultrasound
absorption, the frequency, in general, should be raised.
In addition, the mechanism is crucial to obtaining the
desired effect: therapeutic ultrasound is used, in one
instance, to stop bleeding and, in another, to reestablish
blood flow in clotted arteries. Here, we review some
major mechanisms of ultrasound action in different
therapeutic procedures.

High Intensity Focused Ultrasound

Absorption. The fundamental physical mechanism
of HIFU, ultrasound absorption and conversion to heat,
was described by Lele and Pierce in 1972 [96]. Thermal
injury is consistent with the coagulative necrosis seen
in histology of HIFU treatments [1]. As ultrasound
propagates, some energy is absorbed through relaxation
and thermoviscous processes and converted to heat
[97]. An intrinsic tissue property is that absorption
increases nearly linearly with ultrasound frequency;
hence, more heating occurs at higher frequencies. How-
ever, for transducers with the same F-number, the focus is
smaller with higher frequency [98] and penetration depth
is also limited by the higher absorption. Equation (5),
α−1 = 2L, defines an optimum frequency for a specific
depth. In addition, tissue absorption tends to increase
with temperature, especially when the temperature is
sufficient to denature proteins. Although complicated
by absorption’s dependence on temperature, HIFU fre-
quency, and tissue type, we refer to this process as lin-
ACOUSTICAL PHYSICS      Vol. 49      No. 4      2003
ear absorption, because the heating rate is linearly pro-
portional to the sound intensity (see Eqs. (5) and (6)).

Finite-amplitude acoustics. At high intensity lev-
els, typical for HIFU, ultrasound propagates nonlin-
early: the waveform distorts and steep shock fronts
develop in the profile. The waveform distortion is syn-
onymous with the production of more rapidly absorbed
higher harmonics, which reduces the HIFU intensity
and increases the tissue heating [99]. In the case of
strong nonlinearity, when shocks are formed close to
the transducer, ultrasound can be absorbed before it
reaches the focus, leading to overheating of undesirable
areas and less focal heating. However, for typical HIFU
parameters, nonlinearity is strongly pronounced close
to the focus only, which results in enhanced focal heat-
ing as strong harmonic production is concentrated and
localized [59–61, 72, 99]. The results of numerical sim-
ulation of the enhanced temperature rise are shown in
Fig. 9. The heating rate is nonlinearly proportional to
the HIFU intensity [100]. In fact, waves of the same
time-average intensity but different peak pressures and
duty cycles produce different heating rates (see
Fig. 10).

The amplified heating due to nonlinear absorption is
superfocused, which may mean that nonlinear effects
play a more significant role during the initial phase,
when the thermal lesion is initiated, resulting in a fast
excess of the threshold of thermal necrosis in a very
small volume, much less than the desired volume of
lesion. Later, when the size of the lesion expands over
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Fig. 9. Numerical simulations of temperature elevation in
liver enhanced due to nonlinear acoustics for the same
transducer parameters as in Fig. 8. The total volume heated
is roughly the same, but the superheating (dark) in the
superfocus initiates necrosis sooner and can lead to produc-
tion of a bubble through boiling.
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the superheated area, nonlinear absorption is less
important if only the thermal mechanism is taken into
account. However, if the amplified nonlinear heating is
significant, it can accelerate the formation of bubbles
and, therefore, initiation of another mechanism of tis-
sue damage—cavitation.

Cavitation damage by HIFU was reported as early
as 1930 [101], and a long history makes the case that
cavitation (bubble activity) occurs in many HIFU treat-
ments [5, 92]. Bubbles may form from boiling of fluid
in blood or tissue or by the growth of tiny cavitation
nuclei within the body due to the negative pressure of
the acoustic wave. Once initiated, cavitation bubbles
oscillate in the acoustic field either noninertially, where
the bubbles almost linearly track the pressure changes
of the sound field, or inertially, where the bubble
dynamics is nonlinear. The change from the negative
acoustic pressure to the positive initiates the bubble
implosion, and the inertia imparted into the surround-
ing in-rushing liquid results in bubble collapse. The

View from above

Fig. 10. Top and side view of lesion stripes made by linearly
scanning the transducer. The time average intensity is con-
stant, but the duty cycle decreases, the pressure increases,
and the lesion increases from right to left due to nonlinear
acoustics and cavitation.
timing and degree of collapse is determined by the iner-
tial properties of the surrounding liquid. Inertial col-
lapse is often followed by bubble rebounds.

Bubble formation from nuclei occurs above a
threshold that is dependent on pressure (acoustic cavi-
tation), absorbed energy (boiling), and ultrasound fre-
quency. Although formed as primarily vapor cavities,
bubbles evolve to contain both gas and vapor, the
amount of which varies as the bubble oscillates in the
acoustic field. Over large inertial bubble oscillations,
such as shown for lithotripsy in Fig. 7, gas diffuses into
the bubble and vapor forms by evaporation. In repeated
oscillations, bubbles absorb gas and grow by a process
of rectified diffusion [102]. When the bubble is large,
the gas concentration in the bubble is low and gas dif-
fuses in through a large area and across a thin diffusion
skin with rapid change of the dissolved gas concentra-
tion. When the bubble is small, the concentration is
high and gas diffuses out but through a small area with
a thicker diffusion skin. Simulations show that the bub-
bles grow to a resonant size in the order tens of milli-
seconds or longer.

Resonant bubble radius depends on the ultrasound
frequency. In water, it is approximately 3/f µm where
the frequency is measured in MHz [80]. In tissue, the
resonant radius can be an order of magnitude larger,
because tissue constraint makes the bubble stiffer.

Gas softens the bubble collapse by providing stiff-
ness to stop the mass of rushing in water. On the con-
trary, vapor generally condenses and does not soften
collapse by damping the liquid in-rushing to the center
of the bubble. However, in lithotripsy, the bubble col-
lapses too quickly for vapor to completely condense,
and chemical reactions in the trapped vapor may be sig-
nificant damping mechanisms [83]. Although bubbles
tend toward a resonant size, smaller bubbles are contin-
uously created by bubble fragmentation and dissolu-
tion, and larger bubbles may be created by agglomera-
tion.

Bubbles are strong scatterers of ultrasound and,
thus, significantly influence HIFU therapy. Bubbles
scatter acoustic waves shielding tissue behind a bubble
cluster from HIFU energy. Sanghvi et al. [5] and others
observed that once bubbles form little HIFU penetrates
the focus. Bubbles backscatter acoustic waves, causing
more energy to be absorbed in the prefocal region
before a bubble cluster than that occurring without bub-
bles. The effect, observed by Watkin et al. [39], is the
lesion grows wider and toward the transducer as shown
in Fig. 11. In practice, the scattering can inhibit therapy
if, for example, precisely sized and positioned lesions
are planned to completely necrose a tumor volume. On
the other hand, scattering from bubbles may enable
therapy, in a different HIFU protocol. For example,
hemostasis in a tissue volume can be achieved as the
lesion propagates toward the transducer in what has
been termed a “wall of cautery” [47].
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In addition, scattering from bubbles formed in the
focal region can be used to image the treatment volume.
On B-mode ultrasound, the bubbles appear hypere-
choic. Note that overpressure suppresses both the
enhanced heating and the hyperecho as shown in
Fig. 12 [25: Bailey et al., pp. 472–480]. In fact, it has
been observed in vivo that hyperecho can occur prior to
creation of an observable thermal lesion. Thus, at least
for some subset of HIFU parameters, the bubbles may
precede thermal injury.

It has been observed in vitro that a dramatic increase
in heating occurs with the appearance of bubbles
[86, 25: Holt et al., pp. 120–131]. The bubbles them-
selves cause increased heating due to several mecha-
nisms. First, the energy absorbed by bubbles converts to
heat by damping of their oscillation due to viscosity and
thermal conductivity inside and close to the bubbles.
Second, scattering from bubbles is nonlinear: in addi-
tion to the fundamental frequency, the acoustic wave

Fig. 11. Increasing HIFU intensity (left to right) creates tis-
sue lesions that grow toward the transducer and distort from
a symmetric cigar shape to an asymmetric tadpole shape
because of scattering from bubbles. Arrows indicate the
direction of the axis of the acoustic beam. For better view-
ing, the lesions are drawn separately in the bottom picture.
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scattered from the bubbles contains higher harmonics
that are readily absorbed by the tissue at small distances
from bubbles. Bubbles can also be driven to a violent
inertial collapse that creates mechanical effects by
expansion [104, 105], shock waves [85, 106], microjets
[107], and free radicals [108]. Figure 13 shows
mechanical tissue disruption at the core of an HIFU
lesion in liver.

It has been observed that, in hemostasis, mechanical
effects of cavitation emulsify blood and tissue into
paste. Radiation force on bubbles slows the bleed (as
the transducer axis is commonly opposite the direction
of the flow) and drives the paste into the vessel [47].
HIFU heat then cauterizes the paste in place to cover
the damage in the vessel. The coagulation cascade can
be exited by HIFU when cavitation is present [109].

In tumor treatment, the mechanical effects of cavita-
tion alone, without absorptive heating, can destroy
tumor tissue [101]. More recent reports [111] contra-
dict early reports [112] that mechanical effects increase
metastasis. In fact, there appears to be an increased
resistance to metastasis due to HIFU. It has been pro-
posed that this noninvasive immunotherapy is due to
dispersing fragmented antigens into the blood stream
that then train the immune system to recognize and
attack cancer cells.

Nonthermal, noncavitational mechanisms. Ther-
mal and cavitational mechanisms appear to dominate
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Fig. 12. HIFU lesions (left) in transparent gel phantom and
B-mode ultrasound images (right) at 1 bar (top) and
100 bars (bottom) static pressure. The lesion is smaller and
no hyperecho (arrow) is seen at 100 bar, a sufficiently ele-
vated static pressure to suppress cavitation.
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HIFU hemostasis and tumor treatment; however, the
mechanisms of a different nature also contribute to
HIFU impact on tissue. There is clear documentation of
a noncavitational, nonthermal effect on increased
immunity to cancer following the treatment. A.K. Bu-
rov and coworkers found that, at intensities too low to
create thermal lesions (200 W/cm2, small duty cycle),
tumors, grown in rabbits from injection of metastatic
Brown–Pearce tumor cells, shrunk and even disap-
peared and that new tumors did not grow following sub-
sequent injection of tumor cells into the vasculature.
The same results were seen when animals were treated
under elevated hydrostatic pressure to suppress cavita-
tion [10, 11]. Late-stage melanoma tumors were
reduced in humans as well. Wu et al. have seen a similar
immunological effect in shrinkage of tumors not treated
directly by HIFU but elsewhere in the body [25: p. 34–43].

It was described above that cavitation fragments
cancer cells, releasing material that triggers the
immune response. Along with cavitation, pressure gra-
dients resulting directly from the ultrasonic waves may
also fragment cells. Although the wavelength of the
acoustic waves (usually on the order of 1 mm) is much
larger than a cell (8 µm), the shock wave thickness in an
ultrasonic wave can be much smaller. In lithotripsy, the
shock thickness measured in vivo was 150 nm [113].
Hence, a pressure difference on the order of 10 MPa
can exist inside a cell and, in addition, the individual
components of the cell with differing acoustic imped-
ances are subject to differing forces. These forces can
break the cell [11]. Sturtevant and coauthors [29] pro-
posed a mechanism only slightly different for tissue
damage by a lithotripter shock wave. The very narrow
shock front of the focused wave in fact could be super-
focused by inhomogeneities in tissue (what is called

5 mm

Fig. 13. Mechanical disruption and cavities can be seen at
the core of a HIFU-induced lesion in excised liver for suffi-
ciently high exposure intensities or times. Hyperecho, audi-
ble acoustic emission, and migration of the lesion often
accompany mechanical damage. Cavitation of predomi-
nantly vapor bubbles, especially arising in the localized
axial region where nonlinear acoustics enhance heating,
likely causes the disruption. [Figure courtesy of P.J. Kacz-
kowski and B.W. Cunitz, CIMU, University of Washing-
ton.]
wave front folding in the case of sonic booms propagat-
ing in a turbulent atmosphere). This superfocusing cre-
ates pressure gradients and shear within cells, tissues,
and, in particular, blood vessels. Sturtevant proposed
that the shear broke cells. Overpressure experiments in
cell suspensions confirm a minimal level of lysis attrib-
uted to shear when thermal (in lithotripsy, the pulses are
sufficiently short that absorptive heating is negligible)
and cavitation effects are suppressed [114]. Ultrasound
thus creates shear that yields a nonthermal, noncavita-
tional bioeffect. Note that shear damage in vivo may
yield pools of blood where cavitation then acts.

Summary of HIFU mechanisms. Chinese clinical
success and other evidence establish a number of rea-
sons for working at very high amplitude: faster treat-
ment, increased heating efficiency, and imaging useful-
ness of bubbles. In fact, in many treatment regimes,
bubbles appear unavoidable and may dominate the
therapy. Cavitation has been detected at fairly low
HIFU amplitudes by harmonic reradiation in vivo
[115]. Significant heating was measured after cavita-
tion bubbles appeared in vitro [86] and in vivo [115].
Hyperecho, attributed to bubbles, in some HIFU proto-
cols always accompanies therapy [25: Ebbini p. 280–
287] and may precede appearance of a lesion [103].
Numerical simulations show that nonlinear propaga-
tion, which results in distortion of waveforms and
amplified heating, is inherent in most HIFU protocols
[59–61, 72]. According to all these revealed phenom-
ena, the early HIFU paradigm that tissue absorption
warms the tissue, the temperature becomes sufficient to
denature proteins, the lesion grows through thermal dif-
fusion, and treatment is ceased before increased
absorption and heating cause boiling is less accepted
now. Instead, it appears more typical that mechanical
effects or superheating in a superfocused region due to
finite-amplitude propagation of the acoustic wave
yields bubbles. Reradiation from the bubbles is a signif-
icant mechanism of tissue heating, and the lesion forms
after the bubbles. The focus is quickly moved once the
lesion has formed to avoid complication caused by bub-
ble scattering. A raster scan pattern of necrotic stripes
is painted from the far side of the tumor towards the
transducer. The bubbles shield against acoustic penetra-
tion and heating beyond the tumor. Throughout, linear
and nonlinear mechanisms of absorption are involved
simultaneously in heating the tissue.

Lithotripsy

Five stone comminution mechanisms have been
studied in lithotripsy. They are erosion [116], spallation
[117], dynamic fatigue [29], shear [114], and circum-
ferential compression [52]. These mechanisms may all
be activated to differing degrees by either the lithot-
ripter shock pulse or the subsequent collapse of cavita-
tion bubbles excited by the pulse.

Erosion results particularly when bubbles collapse
against a surface. In-rushing water is not balanced by
ACOUSTICAL PHYSICS      Vol. 49      No. 4      2003
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in-rushing water from the direction of the surface, and
as a result, a jet of water burrows through the bubble
and impinges on the surface. Individual bubbles and
bubble clusters create jets, as shown in Fig. 14. Clusters
occur in SWL, because the stone exists in a pool of liq-
uid (urine) in the collecting system. It has been calcu-
lated that collapses of outer bubbles generate shock
waves that force the collapse of the next layer of the
cluster, which produces another shock wave, which
builds and amplifies toward the cluster center [88].

The shock wave transmitted into the stone when the
jet impinges on the stone or the acoustic transmission
into the stone of the lithotripter pulse can lead to spal-
lation in the following way. Powerful compression
pulse from a lithotripter penetrates into the stone and,
after passing to the back surface, reflects from the
acoustically soft interface of stone to fluid (the specific
acoustic impedance of stones is roughly three to five
times higher than that of water or urine). The reflected
pulse has an invert polarity; i.e., the powerful compres-
sion pulse transforms into a rarefaction pulse of almost
the same amplitude. This negative-pressure reflected
pulse superimposes with the negative-pressure tail of
the incident pulse, creating a high tensile stress and
resulting in spallation at some distance close to the back
surface of the stone (see Fig. 15). Evidence exists that,
without cavitation, spall is reduced or even negated.

Dynamic fatigue is a failure process whereby cracks
grow under the repeated compressive and tensile
cycles. Commonly, over 1000 lithotripter pulses are
used in a treatment, and it is reasonable to expect
dynamic fatigue contributes to comminution. The shear
mechanism is that described for tissue injury in SWL.
Focusing the shock wave can create pressure gradients
and, therefore, shear forces within the stone.

Circumferential compression or “squeezing” is the
result of the compressive shock pulse traveling faster in
the stone than in the surrounding fluid. Hence, at some
point, the pulse has traveled through the stone, but ring-
ing the stone is the high pressure of the shock pulse in
water, as is seen in Fig. 15. The compressive ring at the
equator of the stone produces tensile stress and cracks
at its poles.

Compression and spall contribute noticeably when
the stone is large. The stones typically are 2–10 mm,
bubble clusters reach ~10 mm, the lithotripter pulse is
1–10 mm, bubbles and jets are 1 µm to 1 mm, and the
shock front is 150 nm. Research indicates that cavita-
tion is an important factor in lithotripsy [31, 56]: stones
initially break by spall, and erosion grinds the frag-
ments into a size suitable for the patient to pass [30].
Simply breaking the stone into pieces is a negative out-
come: fragments must be 2 mm or smaller. All these
mechanisms may act to varying degrees with different
lithotripter and stone types.
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Drug Delivery and Gene Transfection

The primary mechanism of ultrasound-enhanced
drug delivery and gene transfection is cavitation [2].
Cavitation microjets puncture holes in cell membranes
and convect drugs into cells, tissues, and blood clots. In
addition, flow around the oscillating bubble creates
compressive, tensile, and shear stress on the biological
interface. The flow aids in diffusion through mixing and
opens channels by straining membranes.

Control of the cavitation threshold is therefore nec-
essary for drug delivery procedure. It is known that this
threshold is lower at lower frequencies because the liq-
uid is under continuous negative pressure for a longer
period. A Mechanical Index (peak negative pressure in
MPa divided by the square root of frequency in MHz)
has been established as the threshold for transient cavi-
tation in diagnostic ultrasound [118]. It is considered

2 mm

(c)(b)

(a)

2 mm

Fig. 14. Jet formation in a single bubble (a) and a bubble
cluster (b) due to a lithotripter shock wave. The single bub-
ble (a) excited to 1-mm radius collapses in the third frame
and, on rebound, creates a jet of fluid. Frame rate is 20 µs.
The cloud that grew to engulf the proximal end of the stone
collapses to a mushroom shape (b) as a fluid jet erodes the
stone surface (c).

5 mm

Fig. 15. Calculation of a lithotripter shock wave (pressure
shown in dark) traveling up through and around a stone. The
pulse moves faster in the stone and reflects and inverts at the
distal end. The superposition of the reflection and the trail-
ing negative-pressure trough maximizes the tensile stress at
the distal end where the crack is seen in the stone (left). Pos-
itive pressure ringing the stone can also cause distal crack-
ing. [Figure courtesy of R.O. Cleveland, Boston Univer-
sity.]
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that the threshold for nonstationary cavitation corre-
sponds to MI = 1, but this is an approximate value. For
example, according to MI = 1, 1.6 MPa at 2.5 MHz is
the threshold, but measured thresholds in whole blood
at 2.5 MHz exceed p– = 5 MPa [119]. The addition of
encapsulated microbubbles greatly reduces the cavita-
tion threshold and increases the cavitation activity [2].
Much of current technology development focuses on
developing microbubbles to transport the drug, attach
preferentially to the target tissue for example a tumor,
and facilitate drug delivery with acoustic cavitation.

Acoustic Image Guidance

The goals of image guidance are diagnosis, target-
ing, and monitoring of HIFU treatment. The require-
ment of the real-time imaging in order to target into tis-
sue volume and monitor that bleeding is completely
stopped or tissue is coagulated in the target site (and

Image
probe

HIFU transducer

Thermally
necrosed

region

Fig. 16. Acoustic image-guided therapy. The photo of the
system is shown on the top, the basic components are
repeated at the bottom picture. An HIFU transducer can be
translated within a water-filled cylindrical housing to alter
the treatment depth. A trigger initiates treatment. Simulta-
neously, an image probe (left) affixed to the HIFU trans-
ducer guides treatment. A bright region (arrow) in the image
shown behind corresponds to the thermally necrosed region
in the protein/gel phantom.
only there) is unique to HIFU. In particular, compensa-
tion must be made for patient motion to avoid treatment
of the surrounding tissue.

Fortunately, HIFU produces physical changes of tis-
sue that can be exploited in ultrasound imaging. The
fact that these changes take place over the course of the
treatment makes reference-frame imaging, where sub-
sequent images are compared to an initial image, and
differential imaging, where consecutive frames are
compared, useful tools. Changes that can be imaged are
bubbles, nonlinear parameter, attenuation, temperature,
shear modulus, and displacement of the tissue.

Cavitation/bubbles. The appearance of bubbles in
the focal region produces a strong backscatter in the
ultrasound imaging signal (see Fig. 12). Figure 16
shows an integrated imaging and treatment system. A
hyperechoic region is seen immediately following
treatment. It is also possible to image the scattering site
during the treatment if HIFU and imaging are synchro-
nized and interlaced in time [103]. The bright spot fades
with time (~60 s) as bubbles dissolve and dissipate. If
HIFU is ceased at first appearance of the hyperechoic
region, no gross tissue injury is observed [103]. This
result means that this hyperechoic region can be used to
target the treatment area before necrosing tissue.

Nonlinearity. The nonlinear scattering of bubbles
can be exploited by imaging techniques developed for
microbubble echo contrast agents—second harmonic
imaging and pulse inversion. Volterra filtering method
has been developed specifically for HIFU [25: Ebbini
et al., pp. 280–287]. These methods suppress the linear
scattering, which is dominant in tissue, and display
other frequencies reradiated by the bubbles. In a
slightly different use of nonlinear scattering from bub-
bles, microbubble contrast agents can be injected into
the blood stream following treatment. Areas with blood
perfusion become hyperechoic; unperfused regions
with lesions give a negative return. Doppler imaging,
which displays frequency as color, shows the perfused
areas where bubbles produce strong nonlinear scatter-
ing. Figure 17 shows (b) B-mode image of the lesion
(hyperechoic), (c) power, and (d) directional Doppler
images as a contrast agent is injected into the portal
vein, and (e) gross histology of the porcine liver lesion.
The picture (a) is drawn on the base of (e) and shows
the lesion position and size. All modes give a good
assessment of the size and shape of the treated region.

Absorption. The absorption coefficient changes
under HIFU treatment and this change is particularly
large once tissue proteins have denatured. The absorp-
tion coefficient can be measured from the backscattered
(or transmitted) amplitude versus time. This imaging
technique is being developed for clinical implementa-
tion.

Temperature. Temperature rise in tissue (even
before a lesion has formed) can be measured indirectly
by a change of sound speed (travel time) in the tissue
[120–122]. With sufficient scatterers in tissue, in either
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Lesion

(a) (b) (c) (d) (e)

Fig. 17. Three ultrasound images and a gross-histology image of an HIFU lesion in bovine liver. Arrows indicate the lesion. The
lesion position and shape are shown in the left picture (a). Hyperecho on B-mode (b) reveals the lesion but fades with time as bubbles
dissolve from the lesion. Injection of echo contrast and Doppler mode imaging (c and d) reveal bright colorful signal in areas of
healthy blood perfusion and show the necrosed tissue by negative contrast. All images correlated well with the size and shape of the
lesion (a and e).
the frequency or time domain, the time between back-
scattered signals can be tracked and correlated with
local sound speed. This technique has shown excellent
research results but is not yet used clinically. The chal-
lenge appears to be obtaining sufficient scatters and
image frames to maintain correlation between frames,
especially during rapid heating. The weakness of the
method results from the fact that sound speed may
increase with temperature until denaturing and then
decrease, which gives two values of temperature for a
measured sound speed [89].

Shear. The dramatic increase in shear modulus of
the lesion due to cross-linked proteins makes the lesion
clear in elastography [123, 124] or vibro-acoustogra-
phy [125, 126]. However, these techniques require
modified equipment for applying displacements and
detecting the change in backscatter under these dis-
placements. The method is to resolve small displace-
ments in stiff regions, such as the lesion, from large dis-
placements in less stiff tissue by differential imaging
with and without an applied force. The skill in elastog-
raphy is in balancing displacement with imaging frame
rate to maintain sufficient coherence between differen-
tial frames. Out-of-plane motion is particularly difficult
to correct. Displacement can be produced by the HIFU
itself and used in imaging [127]. Especially with bub-
bles in the lesion and the high absorption in necrosed
tissue, radiation force is great on the lesion and dis-
placements can be high [25: Lizzi et al., pp. 267–274].

DISCUSSION AND CONCLUSIONS

Therapeutic ultrasound uniquely can treat a specific
region in the body without harming surrounding or
intervening tissue. Through ultrasound thermal and
mechanical effects, activated by specific selections of
frequency, amplitude, or waveform, an array of thera-
pies can be affected. In addition, ultrasound can simul-
taneously provide real-time imaging for diagnosis, tar-
geting, and monitoring of therapy. By targeting specific
ailments, therapeutic ultrasound has established a clin-
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ical presence, and it has the potential for broad clinical
application.

Five technical challenges were identified in order to
fulfill the potential of therapeutic ultrasound: acoustic
access, real-time imaging, treatment planning, dosime-
try, and marketability. Transducer development, such as
arrays, is making it possible to obtain high focal gains
from existing acoustic windows. Transducers are
becoming more powerful, smaller, and more efficient.
Numerical modeling is guiding treatment planning.
Novel methods of real-time imaging, calibration, and
optimization of HIFU devices are being developed.

We suggest that understanding physical mecha-
nisms is an integral to clinical success. The revealing
example is the evolution of the concepts on the role of
cavitation in lithotripsy and HIFU. Since the mid-
1980s, shock wave lithotripsy (SWL) has been a com-
mon and effective clinical method to comminute kidney
stones. Manufacturers have steadily increased the
amplitude of the focus of devices and reduced the focal
size in an effort to reduce the required number of
shocks and to avoid tissue damage by restricting high
acoustic pressures to the stone [28]. However, by many
clinical measures, lithotripsy is becoming neither more
efficacious nor safer [128, 129], because the designs
neglect the mechanism of cavitation. On the other hand,
the role of cavitation in HIFU was realized and efforts
were made to avoid it. This fear of cavitation and an
incomplete understanding of how to work with it have
perhaps hindered clinical implementation of HIFU.
Until recently, many machines and protocols were
designed to heat tissue slowly and avoid cavitation
pressure thresholds. Clinical machines currently treat-
ing patients in China operate quickly and utilize cavita-
tion for effective tissue necrosis as well as real-time
visualization and control of HIFU treatment.

We hope that this paper has given scientists in the
other fields the background to apply their expertise to
some of the challenges of therapeutic ultrasound.
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