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Abstract
High intensity focused ultrasound (HIFU) is gaining rapid clinical acceptance as a treatment modality enabling non-invasive
tissue heating and ablation for numerous applications. HIFU treatments are usually carried out in a single session, often as a
day case procedure, with the patient either fully conscious, lightly sedated or under light general anaesthesia. A major
advantage of HIFU over other thermal ablation techniques is that there is no necessity for the transcutaneous insertion of
probes into the target tissue. The high powered focused beams employed are generated from sources placed either outside
the body (for treatment of tumours of the liver, kidney, breast, uterus, pancreas and bone) or in the rectum (for treatment of
the prostate), and are designed to enable rapid heating of a target tissue volume, while leaving tissue in the ultrasound
propagation path relatively unaffected. Given the wide-ranging applicability of HIFU, numerous extra-corporeal, transrectal
and interstitial devices have been designed to optimise application-specific treatment delivery. Their principle of operation is
described here, alongside an overview of the physical mechanisms governing HIFU propagation and HIFU-induced heating.
Present methods of characterising HIFU fields and of quantifying HIFU exposure and its associated effects are also
addressed.
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Introduction

The aim of most ablative therapies, whether for the

treatment of cancer or of benign conditions, is the

selective destruction of a targeted tissue volume,

leaving surrounding tissues intact. The intention of a

high intensity focused ultrasound (HIFU) treatment

is to raise the temperature of a selected, isolated

tissue volume above 55�C and to maintain this

temperature for 1 s or longer. It is known that 55�C

held for this time will lead to coagulative necrosis and

immediate cell death [1, 2]. In theory, this is possible

with a focused ultrasound beam since the short (mm)

wavelengths of ultrasound at megaHertz frequencies

in soft tissue allows it to be focused into small,

clinically relevant, volumes. Ultrasonic energy

absorption within the focal volume induces high

temperatures locally at the focus, with temperatures

outside this region being kept at levels that are not

cytotoxic. The volume of destroyed cells is referred

to as a ‘‘lesion’’. The principle of HIFU is shown in

Figure 1. An important feature of HIFU lesions is

that the damage is spatially confined with no

surrounding cellular damage. They are often referred

to as ‘‘trackless’’. In this sense they are different from

those produced by other ablative therapies which

necessitate the introduction of an applicator into the

target volume [3–14]. The cross-sectional histologi-

cal appearance of HIFU lesions in liver, prostate and

brain has been referred to as an ‘‘island and moat’’

structure [15]. Thermal damage produced by a

heated wire has a similar appearance [15, 16]. In

the liver, the margin of the lesion has been shown, 2 h

after exposure, to consist of a rim of glycogen free

cells �10 cells wide [17]. These cells, which

otherwise appear normal, are dead 48 h later. Cells
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within the island exhibit coagulative necrosis typical

of thermal injury. A key objective of a HIFU

treatment is to delivery the energy required to raise

the tissue temperature to a cytotoxic level sufficiently

fast that the tissue vasculature does not have a

significant effect on the extent of cell killing, that is,

that cooling due to blood perfusion or heat diffusion

is not important. It has been shown that HIFU can

lead to vessel wall disruption and also to vascular

occlusion [17–28].

The clinical applications for HIFU that have been

widely explored lie in neurosurgery, ophthalmology,

urology, gynaecology and oncology.

History

The first suggestion that high intensity ultrasound

beams might be used for therapeutic purposes

came in 1942 [29], but the first report of

application of HIFU to humans was not until

1960 [30, 31]. This technique did not gain

significant clinical acceptance until the 1990s,

despite successful ophthalmological treatments

before this date. Early equipment was heavy and

unwieldy, and the original applications proposed

were in the brain, which involved surgical inter-

vention to remove bone. The development of

HIFU coincided with the introduction of the drug

L-dopa. From a patient’s perspective, L-dopa

proved to be a more acceptable treatment for

Parkinson’s disease. The lack of imaging sophisti-

cation also restricted the growth of HIFU applica-

tions at that time. In order to capitalise on the

precision of the cell killing proffered by HIFU, it

is necessary to be able to achieve accurate

placement of ‘‘lesions’’ within the target volume.

Precise targeting and good treatment follow-up

techniques (with anatomical and functional ima-

ging), are only now available with diagnostic

ultrasound scanning and magnetic resonance

imaging (MRI) techniques, thus paving the way

to realising the full potential of HIFU treatments.

Early attempts to place ultrasound lesions in the

brain through the intact skull bone were unsuccessful

[29, 32]. Small lesions were found in the brain, but

there was profound damage to the scalp. Mode

conversion and the high acoustic absorption of bone

lead to a high degree of attenuation in the skull bone.

Only once a window had been made in the skull,

could discrete lesions be placed deep within the brain

[33–36]. White matter appears to be more suscep-

tible to damage than grey matter [36, 37]. Fifty

patients with Parkinson’s disease were amongst the

first people to be treated with HIFU [31]. Following

craniotomy, the Substantia negra and Ansa lenticularis

were exposed through the dura under local anaes-

thetic. The procedure took 14 h. Although it was

claimed that the symptoms of Parkinsonism were

eliminated, this treatment does not appear to have

been taken further, probably because of the

concurrent development of the drug L-dopa

mentioned above. The requirement to remove a

section of skull bone, combined with targeting

complexity limited the progress of this neurosurgical

research. However, phase correction (time reversal)

techniques may allow the focus to be reconstructed

HIFU beam axis

HIFU

Focal plane

HIFU transducer

Skin

Tumour 

Liver

Lesion

Figure 1. Diagrammatic illustration of the principle of HIFU. High-intensity ultrasound waves are generated by a
transducer outside the body and focussed onto a small region deep within tissue. HIFU-induced heating causes cell death by
thermal necrosis within the focal volume, but leaves tissue elsewhere in the propagation path unaffected.

90 G. ter Haar & C. Coussios



following transmission through bone [38, 39]. The

feasibility of this has been demonstrated using large

area hemispherical phased array transducers, which

allows reduction of the energy density at the skull

surface.

The first proposal to use focused ultrasound in

ophthalmology came from Lavine et al. [40] who

demonstrated cataract formation when the lens of the

eye was targeted. Further experimental studies

demonstrated that HIFU can decrease intra-ocular

pressure [41], and produce lesions in the vitreous,

lens, retina and choroid [42–46]. High intensity

focused ultrasound has been used successfully in the

treatment of glaucoma. This was first established in

experimental models [44, 47] using intensities up to

2000Wcm�2 at 4.6MHz. Histology showed focal

thinning of the sclera, and focal disruption of the

ciliary body with the conjunctiva remaining intact.

The first human treatments, undertaken in 1982,

gave encouraging results. Of the 880 patients treated,

79.3% had a sustained lowered intra-ocular pressure

after 1 year [48]. High intensity focused ultrasound

has also been used with success in experiments to

seal traumatic capsular tears [43], and in laboratory

treatment of intra-ocular tumours [49, 50], retinal

detachment [51] and vitreous haemorrhage [42].

Although HIFU has shown considerable promise in

these ophthalmological applications, laser surgery

has enjoyed wider success and application, presum-

ably because of its apparently simpler technology and

application.

Overview of clinical usage

The ability of modern technology to provide real-

time images with excellent spatial resolution and

contrast has opened a wide window of opportunity

for techniques, such as HIFU, which can only be

used to full advantage if they can accurately target the

tissue volume to be destroyed. Thus, both ultra-

sound and MRI have been used to guide and

monitor HIFU treatments.

The ability of HIFU to target subcutaneous tissue

volumes has made it an attractive potential therapy

for deep-seated soft tissue tumours. Malignant

cancers of the liver, kidney, breast and pancreas

have been successfully targeted. While ultrasound

does not significantly penetrate bone, many osteo-

sarcomas break through the bone cortex, and are

thus good candidates for HIFU treatment. Where

bowel gas lies in the propagation path, care must be

exercised to avoid it, or steps taken to displace it. In

some treatment orientations this may be successfully

achieved using the applied pressure from a water

balloon placed against the abdomen. HIFU has

proved to be an attractive technique for the treatment

of uterine fibroids [52–54]. These may be clearly

visualised on MR or Ultrasound (US) imaging.

While the treatment of benign masses does not

necessitate the achievement of confluent tissue

ablation, the best prognosis appears to be for those

for which the majority of the tumour is targeted [55].

Trans-rectal HIFU treatment of prostate tumours

has been widely investigated. Both benign prostate

hyperplasia (BPH) and prostate cancer have been

targeted. Initial results from clinical trials for treat-

ment of BPH [56, 61] were encouraging, with

increase in flow rate and decreases in post-void

residual volume. However, the long-term results of

Madersbacher et al. [62] were disappointing, with

43.8% of patients requiring a salvage trans-urethral

resection of the prostate (TURP) within 4 years, thus

HIFU has not proved significantly better than the

‘‘gold standard’’ treatment (TURP). Treatment of

cancer in the prostate presents different problems

from those associated with the treatment of BPH.

[58, 63–67]. Prostate cancer is a multi-focal disease,

the foci of which are difficult to detect with

diagnostic ultrasound. It is important for its control

that all foci are destroyed. The most successful

HIFU treatments have been those that have ablated

the whole gland [68–72]. Madersbacher et al. [58]

were the first to report successful treatment of whole

glands. With experience, control rates for the treated

tumour have risen from 50% at 8 months in the early

days to 90% more recently [64, 72]. Mid-term

follow-up (2–5 years) has shown that the prostate

specific antigen, (PSA) levels remain low and that the

negative biopsy rate remains around 90% [73–78].

There is little in the way of conventional

therapy to offer patients whose prostate cancer

recurs after radiation therapy. High intensity

focused ultrasound may be able to fulfil this role

as it offers selective tissue destruction without side

effect. Early trials for this application have shown

encouraging results [79, 80].

The trans-rectal probe has been used as an extra-

corporeal source to treat testicular cancer in the

solitary testis with up to 5 years of follow up [81].

Physical principles

Ultrasound propagation through tissue

An ultrasound wave emanating from a transducer

outside the body must travel through multiple tissue

layers, (including skin, subcutaneous fat, muscle),

prior to reaching the desired treatment site within the

target organ. At each tissue interface, part of the

energy carried by the sound wave will be reflected,

whilst the remaining energy is transmitted. The

transmission coefficient depends primarily on the

difference in acoustic impedance, Z, defined as

the product of density and speed of sound, between

High intensity focussed ultrasound 91



the two tissue layers, as well as on the thickness of

each layer [82]. At interfaces where there is little

difference in acoustic properties, the transmission

coefficient is close to unity. With the exception of fat,

air and bone, most tissues in the human body have

acoustic properties similar to those of water.

Aqueous media are therefore optimal for transmit-

ting ultrasound energy from the transducer into the

body, and reflections at tissue interfaces are generally

weak.

Furthermore, when ultrasound propagates

through a particular tissue layer, the pressure

fluctuations induced lead to shearing motion of

tissue at a microscopic level, which results in

frictional heating. Part of the mechanical energy

carried by the incident wave is thus converted into

heat by this viscous absorption, which constitutes the

primary mechanism for ultrasound-induced

hyperthermia. In an inhomogenous medium, small

regions with different acoustic properties from their

surroundings will scatter the incident wave in all

directions, causing a loss of acoustic intensity in the

direction of sound propagation. The loss in incident

acoustic energy in a medium is characterised by its

attenuation coefficient, �, given by the sum of the

absorption coefficient �a and the scattering coeffi-

cient �s. The ultrasound intensity, I, following

propagation through a distance x in a medium of

attenuation coefficient � is given by

I ¼ I0e
��x ð1Þ

where I0 is the incident ultrasound intensity at the

origin (x¼ 0).

For most tissues, the attenuation coefficient is

related to the ultrasound frequency via a power law

of the form

� ¼ af b, ð2Þ

where a and b are tissue-specific constants [82]. It is

precisely this dependency of attenuation on fre-

quency that renders ultrasound particularly well-

suited to non-invasive therapy, but which causes

some significant challenges in optimising HIFU-

induced hyperthermia. Unlike other hyperthermia

modalities, such as radiofrequency RF or micro-

waves, the attenuation of sound through water-like

media at ultrasound frequencies is sufficiently low

that adequate amounts of energy can be delivered to

the depths through tissue required during clinical

treatments. Increasing the ultrasound excitation

frequency results in a power-law increase of both

the absorption and attenuation coefficient. The

former implies that higher heat deposition is

achieved, while both result in a decreased penetra-

tion depth. Therefore, the optimal choice of ther-

apeutic ultrasound frequency is application-specific,

and represents a compromise between treatment

depth and the desired rate of heating. Frequencies

near 1MHz have been found to be most useful for

heat deposition, with frequencies as low as 0.5MHz

being used for deep treatments and as high as 8MHz

for shallower treatments [83, 84], as shown in

Table I.

Tissue-specific values for the constants a and b in

Equation 2 have been reported by Duck [85] and

Goss [86, 87]. Tissues such as fat and breast are

found to have particularly high attenuation coeffi-

cients, whilst those of brain and of most abdominal

organs are considerably lower. Furthermore, with the

exception of fat, the attenuation coefficient for most

tissues increases both with increasing temperature

[88] and following HIFU ablation [89]. Although

this temperature dependence may be exploitable for

the purpose of monitoring HIFU therapy, it poses

significant challenges in planning HIFU treatments.

For reasons of convenience, ultrasound therapy

studies are often conducted in tissue-mimicking

Table I. Characteristics of transducers in use for clinical applications of HIFU.

Device

type Application Guidance Frequency

Transducer

aperture

Focal

length

Acoustic

power Intensity Reference

E-C Liver cancer US 0.8/1.6MHz 12 cm 135mm 5� 103–20� 103Wcm�2 [154]

E-C Kidney cancer US 0.8/1.6MHz 12 cm 13.5mm <300W [155]

E-C Breast cancer US 1.6MHz 12 cm 90mm 5� 103–15� 103Wcm�2 [156]

E-C Uterine fibroid MR 0.96–1.14MHz 12 cm Variable 100–140W [53]

E-C Osteosarcoma US 0.8MHz 12 cm 135mm 80–160W 2� 103–8� 103Wcm�2 [157]

E-C Pancreatic cancer US 0.8MHz 12 cm 135mm <300W 5� 103–20� 103Wcm�2 [158]

T-R Prostate BPH US 4MHz 30� 22mm 30–40mm 1.3� 103–2.0� 103Wcm�2 [159]

T-R Prostate cancer US 4MHz 30–50mm 1.3� 103–2.2� 103Wcm�2 [160]

T-R Prostate cancer US 3MHz 61mm� 39mm 45mm 26–35W [79]

I-C Rhinitis None 5–8MHz 5mm 2–3mm 10–20W

I-C Biliary duct cancer US 10MHz 3mm� 10mm n/a – 14Wcm�2 [147]

H/H Gynaecology None 5–8MHz 12mm 5mm 10–30W [161]

E-C: Extra-corporeal; T-R: Trans-rectal; I-C: Intracavitary; H/H handheld.
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materials, or phantoms, which are generally designed

to have similar density, speed of sound and attenua-

tion properties to human tissue [90–93]. However,

the absorption coefficient, coefficient of nonlinearity

and minimum single-cycle pressure amplitude

required to generate cavitation (also known as the

cavitation threshold) in such phantoms are generally

considerably lower than those of tissue. Even though

tissue-mimicking materials provide a much-needed

reproducible medium in which to conduct mechan-

istic studies and characterise HIFU fields under

known propagation conditions, it must be noted that

any observed temperature changes are unlikely to be

directly transferable to perfused tissue.

Linear and nonlinear heating effects

In most clinical applications, HIFU transducers are

excited sinusoidally at a single frequency in the range

0.5–8MHz. If the resulting sound wave propagates

linearly through tissue, then heating rates depend on

the incident ultrasound intensity and the absorption

coefficient locally. The effective heating rate can thus

be estimated using a standard heat conduction

equation possessing both source and sink terms to

account for ultrasound heating and heat loss due to

vascular perfusion [87, 94–96].

However, the frequency dependence of the

absorption coefficient implies that any nonlinear

mechanisms that give rise to higher frequency

components in the sound field will also yield

enhanced heating. Two such mechanisms can be

readily identified: Nonlinear wave propagation [97]

and cavitation [98].

When a large-amplitude single-frequency sound

wave propagates through a nonlinear medium, the

waveform becomes gradually shocked, resulting in

the leakage of energy from the fundamental fre-

quency into its higher harmonics, as illustrated in

Figure 2. The extent to which such leakage occurs

depends on the amplitude of the incident wave, on

the nonlinearity of the medium, generally described

by the parameter B/A, and on the distance travelled

by the wave into the medium. The parameter B/A is

proportional to the ratio of coefficients of the

quadratic and linear terms in the Taylor series

expansion of the variations of the pressure B/A for

most soft tissues is close to that of distilled water, but

for fat is almost twice that of any soft tissue [97].

In the context of HIFU, nonlinear effects become

increasingly significant as the depth of treatment is

increased, or if a region of high intensity happens to

be coincident with a layer of fatty tissue, as illustrated

in a medium in terms of the variations of the density

under isentropic conditions [97]. The speed of

sound, c, of a large-amplitude plane wave in a

given medium is related to the speed c0 of a

small-amplitude wave in the same medium by

c¼ c0þ 0.5(B/A)u, where u is the particle velocity.

Physically, the parameter B/A therefore determines

the relative importance of the leading-order finite-

amplitude correction to the small-signal sound speed

c0 and thus also determines the shock formation

distance for a plane wave that is sinusoidal at the

source [97].

The parameter B/A for most soft tissues is close to

that of distilled water, but for fat is almost twice that

of any soft tissue [97]. In the context of HIFU,

nonlinear effects become increasingly significant as

the depth of treatment is increased, or if a region of

high intensity happens to be coincident with a layer

of fatty tissue (Figure 2). Generally, at the intensities

used in HIFU, nonlinear propagation is a significant

contributor to the heating observed.

At large amplitudes, the peak rarefaction pressure

of an ultrasound wave may be sufficiently large for

small cavities, which contain vapour as well as some

of the gas originally dissolved in the surrounding

medium, to form. Cavity formation could also arise

from thermal effects alone, when the temperature in

the tissue approaches boiling temperatures, resulting

in the formation of (generally large) vapour bubbles.

The behaviour of all such cavities under the influence

of a sound field is known as acoustic cavitation,

which is generally classified into stable and inertial

[98]. The type of cavitational activity observed

depends, to first order, on the bubble size compared

to the linear resonance size at the frequency of

insonation [98] and on the relative contribution of

vapour and gas pressures to the total pressure inside

the bubble [99] Stable cavitation describes the

sustained oscillations of cavities whose size is

normally close to, or greater than, the resonant size

for the insonation frequency, which can result in

period-doubling oscillations of the cavity wall.

Inertial cavitation describes the explosive growth of

a cavity of initial size about a third of resonant size,

and its subsequent violent collapse under the effect of

the inertia of the surrounding fluid. Inertial collapses

typically occur over a single or a small number of

acoustic cycles and result in broadband noise

emissions.

The significance of cavitation for enhanced heating

has been widely acknowledged [99–106] and can

broadly be attributed to two main mechanisms. If the

pressure amplitude is sufficiently large for cavita-

tional activity, whether stable or inertial, to exist in a

volume of tissue, then strong scattering of the

incident wave by these multiple bubbles results in

acoustic energy being ‘‘trapped’’ within the cavitating

region. This results in enhanced heating in that

region due to viscous absorption of the trapped

excess energy. In the case of inertial cavitation alone,

the violent bubble collapse results in a redistribution
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of the energy received by the bubble at the

fundamental HIFU frequency into broadband noise

emissions, as shown in Figure 2. The frequency

dependence of the absorption coefficient implies that

high-frequency emissions are more readily absorbed

and attenuated, leading to enhanced heat deposition

in the immediate vicinity of the inertially cavitating

bubble. In a HIFU field, a region over which

cavitation occurs can thus be perceived as having

an increased effective absorption and attenuation

coefficients. Furthermore, the presence of bubbles

will result in a change in the acoustic impedance of

the tissue volume, yielding larger reflection coeffi-

cients at the boundaries of the cavitating region. In

any given medium, the relative increase in any of

those coefficients will depend primarily on the

bubble number density, the range of bubble sizes

and the type of cavitation activity being excited.

Much effort has been expanded in assessing the

relative importance of enhanced heating due to

nonlinear propagation and cavitation, either by

attempting to suppress cavitation activity by use of

overpressure, and can broadly be attributed to two

main mechanisms. If the pressure amplitude is

sufficiently large for cavitational activity, whether

stable or inertial, to exist in a volume of tissue, then

strong scattering of the incident wave by these

multiple bubbles results in acoustic energy being

‘‘trapped’’ within the cavitating region. This results

in enhanced heating in that region due to viscous

absorption of the trapped excess energy, arising

primarily in the viscous boundary layer between the

bubble and the surrounding medium. In the case of

inertial cavitation alone, the violent bubble collapse

results in a redistribution of the energy received by

the bubble at the fundamental HIFU frequency into
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Figure 2. Superposition onto the HIFU treatment geometry of a typical axial HIFU pressure profile (a) and of a
diagrammatic representation of the frequency-content, f, of the HIFU wave (b–d) as it propagates through tissue. (a)
Representative axial pressure distribution (characterised using a hydrophone in water) for a typical HIFU transducer.
The large peak defines the focal region of the HIFU transducer, within which thermal damage is expected to occur. Prefocal
peaks can also be seen to exist which, should they overlap with a tissue region that is either highly nonlinear or has a high
absorption coefficient, are likely to cause significant prefocal heating. The HIFU transducer is generally excited sinusoidally
with a single frequency, f0, resulting in a monochromatic wave (b). As this wave travels through a nonlinear medium,
superharmonic leakage occurs (c) and energy at these higher harmonics is readily absorbed and converted into heat. Finally,
if inertial cavitation occurs (generally, but not necessarily, in the focal region), the collapsing microbubbles convert part
of the incident energy into broadband noise emissions (d), which are very rapidly and very locally absorbed and converted
into heat.
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broadband noise emissions. The frequency depen-

dence of the absorption coefficient means that high-

frequency emissions are more readily absorbed and

attenuated, leading to enhanced heat deposition in

the immediate vicinity of the inertially cavitating

bubble. In a HIFU field, a region over which

cavitation occurs can thus be perceived as having

increased effective absorption and attenuation coeffi-

cients. Furthermore, the presence of bubbles will

result in a change in the acoustic impedance of the

tissue volume, yielding larger reflection coefficients

at the boundaries of the cavitating region. In any

given medium, the relative increase in any of those

coefficients will depend primarily on the bubble

number density, the range of bubble sizes and the

type of cavitation activity being excited [99].

Much effort has been expended in assessing the

relative importance of enhanced heating due to

nonlinear propagation and cavitation, either by

attempting to suppress cavitation activity by use of

overpressure or by investigating the heating gener-

ated by various cavitational regimes both theoreti-

cally and experimentally, and on the effect of the

viscoelastic properties of tissue on bubble dynamics

and on the effect of the viscoelastic properties of

tissue on bubble dynamics. Furthermore, the effect

of changes in tissue temperature on cavitation

thresholds and bubble activity remains poorly under-

stood. However, it is known that at temperatures

approaching the boiling point of water, inertial

bubble collapses will be prevented by the increasing

vapour pressure.

In tissue, at the intensities currently being

employed clinically for HIFU treatment, it is likely

that both inertial cavitation and nonlinear propaga-

tion play a significant role. At a given pressure

amplitude, the relative contribution of these two

mechanisms will depend on the cavitation threshold,

the tissue temperature, the distance over which

ultrasound has propagated and the B/A of tissues

lying in the ultrasound propagation path.

Exposure parameters and dosimetry

In medical applications of ionising radiation, a

distinction is clearly made between ‘‘exposure’’ and

‘‘dose’’. Exposure in this context is the amount of

ionisation produced in air by X- or �-rays. The unit of

exposure is the Roentgen, R, (the quantity of ionising

radiation that will produce one electrostatic unit of

electricity in one cubic centimetre of dry air at 0�C

and standard atmospheric pressure.). This is a

measure of the amount of radiation that reaches the

body, but does not describe the fraction of that

incident energy that is absorbed within tissue.

Radiation physicists defines a second parameter for

this, the ‘‘absorbed dose’’ (commonly referred to as

‘‘dose’’). This characterises the amount of energy

deposited per kilogram. The units for dose are the

gray (Gy) and the rad, where 1 rad¼ 100Gy. The

dose as defined in this fashion does not distinguish

between different types of radiation. A weighting

factor (relative biological effect, RBE) is used in an

attempt to compare the biological effects of different

forms of ionising radiation. This leads to a ‘‘dose

equivalent’’ parameter, whose units are the rem or

sievert, Sv, (1 rem¼ 100Sv). These parameters are

related by the equation:

Dose equivalent ðSvÞ ¼ dose ðGyÞ �RBE: ð3Þ

X-rays, �-rays and � particles have an RBE of 1.0,

whereas � particles have an RBE of 20.

The discipline of medical ultrasound has never

drawn these distinctions. The terms ‘‘exposure’’ and

‘‘dose’’ are used interchangeably in the literature,

although a cogent case for adopting the distinction

can be made. Differing biological consequences may

result from different modes of ultrasonic energy

delivery. For example, two exposures which use the

same total acoustic energy over an identical time

span, where one is delivered in continuous mode,

and the other in short pulses at low repetition rate,

may result in very different effects in tissue. The first

is more likely to induce thermal effects, while the

second may stimulate cavitation activity and its

associated characteristic cell damage. In making the

transition from exposure to dose in an ultrasound

field, it is necessary to know the acoustic parameters

of the propagation path. The acoustic parameters of

most interest in this context are attenuation and

absorption coefficients, the speed of sound and the

nonlinearity parameter B/A. These parameters are

often not well-characterised, and large gaps

in knowledge exist for normal and malignant

human tissues, and for the temperature dependence

of such parameters.

Conventionally, ultrasound exposures are charac-

terised in terms of the acoustic field determined

under free field conditions in water. ‘‘Free field’’ for

these purposes describes circumstances in which the

ultrasound beam propagates freely, with no influence

from boundaries or other obstacles. The parameters

necessary for description of HIFU exposures are

frequency, exposure time, transducer characteristics,

total power, acoustic pressure and/or intensity

(energy flux in Watts cm�2) and energy delivery

mode (single shots, scanned exposures, etc.). The

total output power is usually determined using a

radiation force balance method [107, 108]. The force

measured depends on focusing and other aspects of

the field geometry, the target shape and properties.

Other important factors affecting the measurement
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are the distance of the target from the source,

absorption of energy in the water path between the

transducer and the target, and acoustic streaming

currents. Other methods of power measurement are

under investigation, with the most promising being

the use of the pyro-electric properties of PVDF

membranes [109]. Shaw has also described the use of

the change in buoyancy of a castor oil target heated

by an incident high power ultrasound beam for the

determination of acoustic power. This method is

thought to be particularly useful when very strongly

focused transducers ( f-number less than 1.5) and

phased arrays are being characterised.

Acoustic pressure is measured using a hydro-

phone. Both needle and membrane hydrophones

have been used [110–116]. Membrane hydrophones

have the advantage of only minimally disturbing the

field, but may be damaged by pressures high enough

to induce cavitation at their surface. Beam profiles

are usually measured at much lower output levels

than are used for clinical HIFU treatments for this

reason, and it is assumed that a linear extrapolation

to higher levels is valid. This method introduces

errors since it ignores the effects of nonlinear

propagation which occur at high pressures. Once

the position of the focal peak has been established

using a hydrophone, the peak acoustic pressure

amplitude can be measured. From this the spatial

peak (focal peak) intensity can be calculated. The

beam width can be determined from the pressure

distribution. It is also possible to obtain spatial

information about a HIFU beam by scanning a

thermocouple embedded in an absorbing medium

through the field, or by use of Schlieren imaging.

A number of different parameters have been used

to describe a HIFU field. Generally exposures are

described in terms of free field water measurements.

In some cases, an attempt is made to calculate an

in situ intensity using an estimation of the total

attenuation in the beam path. Spatial peak (focal

peak) intensities and spatially averaged intensities are

also sometimes quoted. Hill et al. [117] have

attempted to define a parameter that may usefully

predict the intended outcome of a HIFU exposure –

namely ablation. In an ultrasound beam that is

propagating nonlinearly through a medium, energy is

transferred from the fundamental frequency to

harmonics, with consequent changes in both beam

shape and effective absorption coefficient. The

boundary of an ablative region occurs where the

combination of temperature and time has exceeded a

required threshold. Hill et al. define a parameter,

ISAL, which is the acoustic intensity spatially

averaged over the area enclosed by the half pressure

maximum contour as determined under linear

conditions. This parameter has the merit that the

acoustic power can be measured at clinically relevant

levels, while the beam profile is measured under

linear (low output) levels for which hydrophones can

be safely used. It can be shown that ISAL is 0.557

times the intensity at the spatial pressure maximum

of the linear beam profile. The contour at half the

pressure maximum is taken as being representative of

the lesion cross-section. While nonlinear propagation

is known to narrow the beam profile, thermal

diffusion will broaden it, thus reducing the impact

of the inaccuracies introduced by the linear measure-

ment conditions. Hill et al. demonstrated that there

was a correlation between lesion diameter and ISAL.

However, it is unlikely to be satisfactory for beams

carrying significant amounts of energy in the side

lobes, such as phased arrays, especially when they are

firing off axis.

Clinically, the most useful dose parameter is likely

to be one that gives a measure of the volume rate of

tissue destruction (cc/unit time). It is therefore

necessary to be able to relate the ablated tissue

volume to measurable field and other parameters.

Two dose parameters related solely to thermal effects

have been proposed. A thermal dose parameter has

been proposed by Sapareto and Dewey [118]. This

has been extensively used to describe hyperthermia

treatments for cancer therapy. The temperature-time

history for a particular tissue volume is integrated

and reduced to an equivalent exposure time at 43�C.

The equivalent time t43 is given by the equation

t43 ¼ RðT�43Þ�t, ð4Þ

where R is 0.5 above 43�C and 0.25 below 42�C, and

T is the average temperature over a time �t.

This has been shown to be valid up to about 50�C,

but is difficult to validate experimentally at the short

times required above this temperature since very fast

heating rates are required. An alternative parameter

related to the heating potential of the HIFU beam is

the product of intensity and time (a measure of the

total energy).

It is now well-accepted that cavitation can enhance

the heating in a HIFU field [100–106]. Cavitation

may be detected from the acoustic emissions

generated (subharmonic, harmonic, superharmonics

and broadband signals) and may be visualised on

diagnostic ultrasound scans. However, there is, as

yet, no validated method of quantifying cavitation

activity, nor accepted method for defining ‘‘cavi-

tation dose’’.

Table I lists the characteristics of transducers

currently in clinical use. The aim for most systems is

to deliver an in situ intensity of greater than

103Wcm�2 at the focus. For extra-corporeal sources

with long focal length, this is achieved using a wide

aperture source driven at high power. Wide aperture

sources have the advantage of distributing the
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incident energy over a large skin area, thus reducing

the possibility of skin burn. Trans-rectal and intra-

cavitary sources operate at lower powers and higher

frequencies as they can be placed close to the target

volume.

Devices

The treatment process

Effective HIFU treatments depend on the successful

conduct of a number of different stages of the

procedure. For cancer, the initial diagnosis is usually

made from CT or MR scans. An assessment of the

tumour’s visibility to diagnostic ultrasound is then

required. This involves ascertaining that there is a

suitable acoustic window through which the treat-

ment can be delivered, that the target boundaries can

be clearly identified, and that no sensitive normal

tissue structures lie in the beam path. The target

volume must be accurately identified and spatially

localised. The second stage in the treatment is to

determine the correct ultrasound exposure to achieve

ablation. This is done in a number of ways. Where

ultrasound imaging is used for guidance, the most

common method is to use a combination of focal

peak intensity and exposure time that results in a

hyperechoic region at the target, whereas when MR

is the guidance method, this combination is varied

until the required temperature (and hence thermal

dose), as seen using MR thermometry, is reached.

During the treatment delivery phase, some indi-

cator of tissue change is desirable. This enables

assessment of treatment progress, and may also

provide feedback to allow adjustment of exposure

parameters in real time. A number of different

indicators have been used. For MR guided HIFU,

the temperature rise may be determined using spin-

lattice relaxation time (T1), proton resonance fre-

quency (PRF) or proton diffusion (D) related

sequences [119]. For US guided treatments, the

most commonly used indicator of tissue ablation is

the appearance of a hyperechoic region on the image,

but other techniques such as elastography and

ultrasound thermometry are under active investiga-

tion [119].

The final component of the HIFU procedure is

post-treatment assessment of the extent of tissue

ablation. Contrast enhanced MR and ultrasound

imaging allow visualisation of vasculature. Successful

HIFU ablation leads to occlusion of blood vessels in

the target volume, and thus reduced contrast uptake

following treatment [120].

Treatment delivery

The guiding principle of HIFU is that an ultrasonic

beam should be able to destroy a sharply defined

region of tissue rapidly, with minimal effects to

surrounding tissues. Focusing of the ultrasound

beam may be achieved in a number of ways. The

simplest method is to use a single element spherical

shell of piezo-electric material capable of delivering

high power. Whereas quartz was the transducer

material of choice in the early days of HIFU, recent

developments have seen the use of piezo-ceramics

such as PZT (lead zirconate titanate) and piezo-

composite materials. The single element focused

bowl transducer gives no flexibility as to focal length.

Different focal lengths may be achieved by combin-

ing a plane single element transducer with lenses of

different specifications. Lenses are usually made

from materials having a speed of sound greater

than that of water, and thus are of concave shape

when a convergent beam is sought. Good impedance

matching is required in order to minimise energy loss

at the transducer–lens interface. Maximum transmis-

sion is obtained when the transducer and lens are

separated by a quarter wavelength of impedance

matching material. Fry [121] achieved energy loca-

lisation by using four plane transducers each fronted

by a plano-concave lens. The beams were arranged in

such a way that their foci overlapped, and the

intensity was maximised by optimal phasing of the

individual beams. This method requires the avail-

ability of four separate acoustic windows.

Emerging phased array technology for high pow-

ered ultrasound applications has led to the design of

transducers that allow electronic beam steering to

facilitate more rapid treatment of clinically relevant

volumes [122–134]. Transducers for clinical use fall

into three main classes: Extracorporeal, trans-rectal

and endoscopic. Extra-corporeal transducers are

used for targeting organs that are readily accessible

through an acoustic window on the skin, whereas

trans-rectal devices are used for the treatment of the

prostate and endoscopic probes are being developed

for the treatment of biliary duct and oesophageal

tumours.

The acoustic energy may be delivered in a number

of ways. A single exposure (typically 2–10 s of

duration) may be made with the transducer held

stationary. This results in a well-demarcated

‘‘lesion’’ of dimensions determined by the focal

region of the transducer. Where larger volumes are to

be targeted, the transducer may be moved in discrete

steps, and fired at each position, where the distance

between ‘‘shots’’ will determine whether lesions are

overlapping or separate, depending on the necessity

to achieve confluent regions of cell killing (Figure 3).

An alternative exposure strategy is to move the active

therapy transducer in pre-determined trajectories

(e.g. linear tracks or spirals) to conform with the

required treatment volume. If the correct combina-

tion of transducer velocity and ultrasound energy is
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used, these result in confluent volumes of cell

damage.

Extracorporeal devices

Tissue targets lying within the breast, abdomen,

brain or limbs are usually treated using an extra-

corporeal HIFU source. Trans-cutaneous treatments

of this nature require that there is a suitable acoustic

window on the skin that provides a propagation path

for the focused beam that is uninterrupted by

intervening gas. In addition, it must be possible to

couple the ultrasound energy to the skin surface

using coupling gel, a water balloon or other suitable

liquid path.

Extracorporeal HIFU treatments are guided using

either US or MRI. These methods are reviewed by

Rivens et al. [119].

For operation in the high magnetic fields used for

MRI, HIFU transducers must be specially designed

for compatability with such fields. The PZT material

commonly used for HIFU transducers contains

Nickel, which is necessary for the high levels of

electrical excitation and mechanical stress induced.

However, Nickel causes magnetic field distortion. In

addition, eddy currents may be set up in the

conductive silver coating of transducers. These

eddy currents may cause local magnetic field

inhomogeneities, and significant image artefacts.

Eddy currents can be reduced by segmenting the

transducer face into a number of areas [135].

These problems are considerably reduced by

the new piezo-composite materials available.

The Exablate� (Insightec Ltd, Israel) system uses a

208 element phased array transducer with the

elements arranged to form the surface of a spherical

bowl. Suitable phasing of the drive signal to these

elements allows a complex pressure distribution to

be achieved in the focal region, with the intention of

allowing thermal conduction between spatially sepa-

rated pressure peaks to produce a larger zone of

tissue destruction than would be possible if all

transducer elements were driven in phase with each

other. Using MR thermometry, this system enables

calculation of thermal dose, and superimposes a

representation of the regions in which the thermal

dose has achieved cytotoxic levels on the anatomical

MR image. Using this type of display, the entire

target region can be ‘‘painted’’ out during treatment.

Where US is used to guide and monitor HIFU

treatments, the diagnostic transducer is incorporated

into the treatment head. This allows real time

imaging of the ablation process. The thermally

ablated region is not visible on standard B-mode

images unless gas bubbles have been induced. HIFU

exposures levels are therefore often adjusted until a

hyperechoic region is seen on the US image,

indicating that bubbles are present in this region. It

is not, as yet, clear whether these are generated by

acoustic cavitation or by thermal exsolution of tissue

gas. Elastographic techniques will allow treatments

to be monitored in real time since the stiffness of

tissue is altered by the ablation process [136–138].

However, this technique has not yet achieved wide-

spread clinical use. The speed of sound provides

is temperature dependent, and thus imaging

HIFU beam axis 

HIFU transducer 

Skin

Figure 3. Diagrammatic illustration of HIFU treatment delivery for the ablation of large tissue volumes. Multiple lesions
are created side-by-side to span the required treatment volume, starting on the side distal to the transducer. The lesions can
be overlapping or separate, depending on the necessity to achieve confluent regions of cell killing.
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techniques that make use of this phenomenon may

be employed to locate and place the focus using a low

powered ‘‘siting’’ shot. The apparent change in

position of echoes, when images of heated and

unheated tissues are compared, is due to these

changes in sound speed. The speed of sound vs.

temperature curve for soft tissues exhibits a peak

around 55�C, and thus this is not a useful technique

for detecting threshold ablation temperatures,

although a number of researchers are looking for

ways around this [139].

Trans-rectal devices

The trans-rectal devices that have been developed for

the treatment of benign and malignant prostate

disease have probes that can be inserted per rectum

and which incorporate both imaging and therapy

transducers in one unit [60, 68, 140–145]. The two

commercially available devices, the Ablatherm�
(Edap Technomed, France) and the SonablateTM

(Focus Surgery, USA), are very similar in concept.

Both systems incorporate therapy and imaging

transducers into a treatment head mounted at the

end of a trans-rectal probe. The therapy transducer

takes the form of a truncated spherical bowl. The

clinical aim of both devices is usually to ablate the

entire prostate, although nerve sparing treatments

are sometimes required. Prostate ablation is achieved

by placing touching lesions side by side. In the

Ablatherm� device, lesion length is varied by

adjustment of the ultrasound power to pre-set

levels, whereas for the SonablateTM the thicker

prostates are ablated using two layers of lesions, the

deeper layer being created using a longer focal length

than the more superficial layer. The different focal

lengths are achieved by rotating the transducer, the

two sides having different geometries. SonablateTM

users are able to vary the acoustic output power

of the probe.

Interstitial devices

There has been some interest in the development of

high intensity ultrasound probes for interstitial use.

In the main, these use plane transducers rather than

focusing elements, and volume destruction is

obtained by rotation of the probe. Prat et al.

[146, 147] have described a probe designed for

the intra-ductal treatment of biliary tumours. A

3mm� 10mm 10MHz plane transducer is mounted

on a stainless steel shaft that is passed through a

jumbo fiberduodenoscope. The probe can be posi-

tioned under fluoroscopic guidance. An ultrasound

intensity at the transducer face of 14Wcm�2 is used

for 10–20 s bursts. Circumferential ablation is

achieved by rotation of the flexible probe. The

transducer is rotated by 18� after each ‘‘shot’’.

Once 360� of damage has been achieved the probe

is repositioned under fluoroscopic guidance to create

adjacent rings, each 8mm in height. This has been

used clinically with some encouraging results

[148, 149].

A similar device has been created for the treatment

of oesophageal tumours [150]. A 15mm� 8mm

10MHz piezoceramic plane transducer is mounted

on an 80 cm long, 10mm outside diameter flexible

shaft. Intensities of 12–16Wcm�2 for exposure times

of 5–20 s gave ablation to a maximum depth of

13mm in ex vivo liver. In the oesophagus ex vivo a

10 s exposure at 12Wcm�2 resulted in damage to a

depth of 4–5mm. A similar MR compatible device

has been developed.

Makin et al. [151] have also developed a probe for

percutaneous and laparoscopic treatment of the liver.

The probe consists of a (32 3.1MHz) element

imaging and therapy array with 2.3mm elevation,

1.53mm pitch and 49mm aperture. Intensities of

60–80Wcm�2 at the surface of the transducer

leads to ablation rates of �2ml/min to a depth of

30–40mm. Rotational treatments can be undertaken.

The ability of high intensity ultrasound beams to

occlude the blood supply and coagulate tissue has

been exploited in the design of a device to allow

bloodless partial nephrectomy [153]. A 3.8MHz

1.2 cm2 plane transducer mounted on a handheld

applicator is used at an intensity at the transducer

face of 26Wcm�2. Full thickness tissue coagulation

in the pig kidney was achieved.

Discussion and conclusions

The drive in modern medicine is towards the

development of treatments and techniques that

minimise intervention to the patient and length of

hospital stay. Thermal ablation therapies provide a

minimally invasive approach to cancer therapy that is

gaining rapid clinical acceptance. Of the available

ablative techniques, HIFU is the least invasive, and

as such is, in many ways, the most attractive. HIFU

is, however, still in its infancy, and there remain

outstanding technical and treatment delivery ques-

tions to be addressed.

While the prime mechanism for cellular destruc-

tion by HIFU, namely heating, is largely understood,

the role of cavitation is still to be fully elucidated.

Even though bubble activity at the focus may aid

treatment monitoring and enhance ultrasonic heat-

ing, cavitation occurring pre-focally may lead to

unwanted cell damage in overlying tissue volumes.

Methods of cavitation control are under active

investigation [99, 162].

The move from single element ultrasound sources

to multi-element phased arrays allows more rapid
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scanning of the focus through tissue, and greater

flexibility in focal geometry. It is becoming apparent

that there are some clinical applications for which the

design of specific HIFU probes is beneficial (as

already seen for the prostate, bile duct and oesopha-

gus). This is likely to be the case for targets lying

close to sensitive tissues that must be spared, and for

those that are best imaged using specialist

techniques.

The increasing complexity of HIFU sources and

treatment delivery regimes has implications for

treatment planning. A comprehensive knowledge of

tissue acoustic and thermal properties is necessary,

both at normothermic and elevated temperatures. It

is becoming apparent that HIFU is establishing its

role in clinical usage, especially in cancer therapy.

The long-term results still to be obtained from

treatments that have already been carried out will

clarify the applications for which it will give the

greatest benefit. However, with improving imaging

and energy delivery techniques, it is probable that the

versatility of HIFU will increase, and its range of

applicability will expand.
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