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Abstract
FUS (focused ultrasound), or HIFU (high-intensity-focused ultrasound)
therapy, a minimally or non-invasive procedure that uses ultrasound to generate
thermal necrosis, has been proven successful in several clinical applications.
This paper discusses a method for monitoring thermal treatment at different
sonication durations (10 s, 20 s and 30 s) using the amplitude-modulated
(AM) harmonic motion imaging for focused ultrasound (HMIFU) technique
in bovine liver samples in vitro. The feasibility of HMI for characterizing
mechanical tissue properties has previously been demonstrated. Here, a
confocal transducer, combining a 4.68 MHz therapy (FUS) and a 7.5 MHz
diagnostic (pulse-echo) transducer, was used. The therapy transducer was
driven by a low-frequency AM continuous signal at 25 Hz, producing a
stable harmonic radiation force oscillating at the modulation frequency. A
pulser/receiver was used to drive the pulse-echo transducer at a pulse repetition
frequency (PRF) of 5.4 kHz. Radio-frequency (RF) signals were acquired using
a standard pulse-echo technique. The temperature near the ablation region was
simultaneously monitored. Both RF signals and temperature measurements
were obtained before, during and after sonication. The resulting axial tissue
displacement was estimated using one-dimensional cross correlation. When
temperature at the focal zone was above 48 ◦C during heating, the coagulation
necrosis occurred and tissue damage was irreversible. The HMI displacement
profiles in relation to the temperature and sonication durations were analyzed.
At the beginning of heating, the temperature at the focus increased sharply,
while the tissue stiffness decreased resulting in higher HMI displacements.
This was confirmed by an increase of 0.8 μm ◦C−1 (r = 0.93, p < .005).
After sustained heating, the tissue became irreversibly stiffer, followed by
an associated decrease in the HMI displacement (−0.79 μm ◦C−1, r =
−0.92, p < 0.001). Repeated experiments showed a reproducible pattern
of the HMI displacement changes with a temperature at a slope equal to
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0.8 ± 0.11 and −0.79 ± 0.14 μm ◦C−1, prior to and after lesion formation
in seven bovine liver samples, respectively. This technique was thus capable
of following the protein-denatured lesion formation based on the variation of
the HMI displacements. This method could, therefore, be applied for real-time
monitoring of temperature-related stiffness changes of tissues during FUS,
HIFU or other thermal therapies.

(Some figures in this article are in colour only in the electronic version)

1. Introduction

Over the past 60 years, researchers have investigated the potential of utilizing focused
ultrasound (FUS) (or, high intensity focused ultrasound (HIFU)) as a minimally, or non-
invasive, cancer treatment modality. FUS generates an acoustic wave that propagates through
soft tissue and deposits a high level of acoustic energy mainly at the localized focus of
the transducer. High levels of acoustic energy at the localized focus can cause temperature
elevation that is sufficient to initiate coagulative necrosis in tissues (thermal lesions), while
the surrounding tissues remain relatively unheated. The ability of FUS to cause irreversible
damage in tissues has received attention from researchers as a potential technique for non-
invasive cancer treatment. Lynn et al (1943) and Lynn and Putnam (1944) introduced one
of the first applications of FUS for local modification of brain function in live animals, e.g.,
cats and dogs. Fry et al (1954), (1955) and Lele (1967) continued the development of FUS
therapy and produced lesions deep in the brains of cats and monkeys. The application of FUS
was later introduced for cancer treatment in 1956 (Burov and Andreevskaya 1956, Taylor and
Connolly 1969). FUS surgery has continued to be an area of intense research, well into the
present day (Linke et al 1973, Fry and Johnson 1978, Bamber and Hill 1979, Corry et al 1984,
Goss and Fry 1984, Frizzell 1988, Kennedy et al 2003).

In ultrasound therapy, an FUS transducer induces a high level of acoustic intensity at a
localized focus for a short duration. The rise in temperature corresponds to the transformation
of acoustic energy into thermal energy as the ultrasound waves are absorbed by the tissue.
Thus, the extent of the tissue damage depends on the exposure time and temperature rise
(Ter Haar 1995, Vykhodtseva et al 1995, Sanghvi et al 1996). FUS was shown capable of
inducing a complete tumor necrosis for the treatment of human prostate cancer in vivo (Gelet
et al 1996, 1999, Madersbacher et al 1995, Wu 2006). Two major limitations of FUS
surgery include the difficulty of monitoring the changes in temperature and tissue mechanical
properties as well as the lack of ability to optimally control precise thermal exposure upon
lesion formation.

Conventional B-mode ultrasound imaging has been widely used to visualize the progress
of thermal therapy (Lele 1966, Ter Haar et al 1989, Yang et al 1993). However, this imaging
technique is not optimal to identify coagulative tissue because the tissue echogenicity does not
change significantly during thermal therapy (Hill and Ter Haar 1995, Ter Haar 1995, Hynynen
1997). The coagulative tissues can only be detected when cavitation, or boiling, occurs due to
the high bubble concentrations that cause hyperechoic appearance in the treated area (Vaezy
et al 1997, Chavrier et al 2000, Kennedy 2005). However, bubble occurrence is usually
unpredictable, and therefore unreliable for FUS treatment monitoring. Several noninvasive
temperature monitoring methods for FUS therapy have been proposed for estimating thermal
dose, such as ultrasound and magnetic resonance imaging (MRI) and MRI thermometry.
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Ultrasound elastography was shown capable of assessing the extent of thermal ablation
in rabbit paraspinal skeletal muscle in vitro (Stafford et al 1998, Kallel et al 1999), bovine
liver in vitro (Righetti et al 1999) and human prostate in vivo (Souchon et al 2003) due to its
sensitivity to stiffness changes. Souchon et al 2003 showed a 40%–50% decrease in average
strain in the treated region of the human prostate in vivo after FUS application. However,
the required external tissue compression may complicate positioning and reference during
treatment planning and guidance.

Non-invasive temperature-induced echo-shift imaging is based on the fact that the speed of
sound in non-fatty tissues increases with temperature. The FUS transducer generates localized
heating at the focus producing changes in tissue characteristics. These changes are related to
the speed of sound and tissue thermal expansion that cause echo shifts in the backscattered
ultrasonic signal. These findings have been validated theoretically and experimentally in
non-invasive thermal therapy (Seip and Ebbini 1995, Pernot et al 2004, Arthur et al 2005).

MRI has been used for noninvasive guidance and monitoring of thermal therapies, because
it can provide quantitative spatial maps of the induced temperature rise at high spatial resolution
(Cline et al 1995, Gellermann et al 2005, Anand et al 2007). This technique is known as
MR-guided FUS surgery (Cline et al 1995, Huber et al 2001, Hynynen et al 2001, Gianfelice
et al 2003, Furusawa et al 2006). The FUS transducer is positioned over the cancerous
tissue, while magnetic resonance imaging (MRI) is used to detect the tumor and monitor the
ablation process. In the magnetic resonance elastography technique (MRE), tissue mechanical
properties (e.g., shear modulus) are mapped based on the observed phase shift of the MR signal,
in response to an external mechanical vibration (Lewa 1991, Muthupillai et al 1995, Sinkus
et al 2000). Wu et al (2001) showed that the MRE was able to quantitatively estimate the
differences in mechanical properties (shear modulus) between the ablated and the normal
tissues. Furthermore, the MRE results indicated that the ablated tissues were stiffer than the
normal tissues. Despite these initial successes of FUS-surgery monitoring using the MR-based
imaging techniques, the lack of low-cost and reliable monitoring methods at high temporal
resolution may result in the confinement of this promising treatment to large research centers
worldwide (Kennedy 2005). More precisely, the FUS technique is in itself a low-cost treatment
technique that covertly requires a high-cost monitoring device, i.e., an MRI system.

The vibroacoustography method uses two confocal ultrasound beams to generate a
localized oscillatory radiation force in tissue. The resulting tissue displacement produces
a localized acoustic source that emits an acoustical signal recorded by a hydrophone (Fatemi
and Greenleaf 1998). Recent studies have shown that an oscillatory acoustic radiation force
can be generated in biological soft tissues at variable depths within the tissue (Sarvazyan
et al 1998, Fatemi and Greenleaf 2000, Konofagou et al 2001, Konofagou and Hynynen 2002,
2003, Michishita et al 2003, Bercoff et al 2004a, Bercoff et al 2004b). Konofagou et al (2002),
(2003) applied the vibroacoustography technique for both temperature monitoring of thermal
therapy and thermal lesion formation. This technique relied on the principles of two focused
beams at slightly different frequencies that generated a radiation force at the overlapped focus.
However, the effect of temperature-induced acoustic changes (e.g., speed of sound change)
could not be separated from the effect of mechanical changes.

The use of radiation-force-based monitoring during tissue ablation has also been
investigated by Lizzi et al (2003) and Fahey et al (2004). They developed a method to monitor
the formation of lesions during FUS therapy using the acoustic radiation force impulse (ARFI)
technique in in vitro and ex vivo tissues. ARFI induces a brief localized radiation force and
images the tissue response immediately after force application, using a modified linear array
transducer (Nightingale et al 2001). The tissue displacements are estimated using a speckle-
tracking technique. After FUS treatment, the results showed that the displacement was much
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smaller in the coagulated tissue than in the normal tissue (Lizzi et al 2003). A limitation
of the aforementioned techniques for ultrasound therapy monitoring is that, currently, tissue
displacement cannot be monitored during force application due to the use of pushing and
tracking beams at different times.

Harmonic motion imaging (HMI) is a radiation-force technique that induces oscillatory
displacements at the focal zone of the FUS transducer for the detection of localized stiffness
changes (Konofagou and Hynynen 2003). We recently introduced an amplitude-modulated
(AM) version of the HMI method that produced the harmonic radiation force using a single-
element FUS (therapy) transducer (Maleke et al 2006) instead of the previous two-transducer
configuration (Konofagou and Hynynen 2003). The AM beam offered the advantages of a
simpler transducer design and a sustained application of the radiation force at a stable focus
within the tissue region (Maleke et al 2006). In Maleke et al (2006), we described the
feasibility of the amplitude-modulated (AM) HMI technique for thermal ablation monitoring,
with alternating continuous (for ablation) and AM (for HMI) signals during heating. Here, we
developed a new method that uses the amplitude modulation throughout, i.e., for simultaneous
HMI and ablation during the entire treatment. Since we applied an oscillatory motion and
measured peak-to-peak displacements, the motion induced in the tissue is independent of the
duration of the applied force, assuming tissue elasticity stays constant (no softening/hardening)
during force application. The purpose of this study was to investigate the temperature
dependence of the HMI technique during sonication. This method offers the ability to monitor
the ablation process non-invasively through filtering of the therapy beam. Most importantly, a
major advantage of this technique is the real-time feedback of the resulting variation in tissue
mechanical properties during thermal treatment.

When used for monitoring of thermal ablation using focused ultrasound (FUS), the
integrated system is hereby named HMIFU for harmonic motion imaging for focused
ultrasound. We therefore applied the HMIFU system with two separate applications in
mind. The first application was to assess tissue stiffness changes before and after thermal
ablation. The therapy transducer in this case was driven by AM pulses at low acoustic
powers, but sufficient to induce adequate motion with an associated negligible temperature
rise. In its second application, a higher acoustic power was applied for generating and
simultaneously monitoring thermal ablation. The resulting synchronous monitoring system
has the ability to follow and identify the areas of necrosis. The ultimate future goal is to
generate, and simultaneously monitor, lesion formation over the region without interrupting
the treatment of a targeted tumor in organs such as the liver and the pancreas, with a precise
and optimal treatment time (i.e. based on the thermal dose) as well as a controlled lesion size
(figure 1).

2. Theory

In HMI, an AM wave is generated through addition and multiplication of two continuous
signals with two different frequencies, e.g., a carrier frequency at 4.68 MHz (fc) and a
modulation frequency at 25 Hz (fm). The average power density or intensity for an AM wave
is p = p+ · cos(2πfct − kz) · cos(2πfmt − kz), where p+ is an amplitude constant, can be
calculated by (Christensen 1988)

I = 1

λ

∫ λ

0

p2

Z
dz, (1)
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Figure 1. (a) Detection of the area to be ablated (e.g. tumor) using the HMIFU technique, (b) FUS
ablation and simultaneous monitoring in order to map the response of the tumor overlapped on the
B-mode in 2D as will be displayed on the screen together with the M-mode HMI image (not shown
here).

where Z is the acoustic impedance, z is the depth, λ is the wavelength and k is the wavenumber.
The acoustic intensity (I ) calculation is simply an integration of the instantaneous power
density over one wavelength, and thus I is given by (Christensen 1988)

I = k

2π

∫ 2π/k

0

p2
+

Z
· cos2(2πfct − kz) · cos2(2πfmt − kz) dz = kp2

+

2πZ
· 2π

4k
= p2

+

4Z
. (2)

The acoustic intensity (I ) for an AM wave is half of that of a non-modulated acoustic
wave. Thus, a higher energy or a longer heating time is needed in order to ablate tissue and
produce a similar lesion size formed by a conventional pulsed or continuous sinusoidal wave.

The area of thermal coagulation observed during heating corresponds to a mathematical
model that provides apparent distinction on temperature effects in tissues. The thermal dose
is used as a measure for predicting the extent of tissue damage caused by heating exposure.
It is derived from in vitro cell survival experiments during hyperthermia, when the cells were
exposed to temperatures from 43 ◦C to 50 ◦C (Sapareto and Dewey 1984). Damianou et al
also reported that a lethal dose was found at and beyond 43 ◦C (1997). The effect of heating
and the equivalent heating time at 43 ◦C in hyperthermia can be described by the following
empirical model (Sapareto and Dewey 1984), i.e.,

t43 =
t=final∑
t=0

k(43−Tt )�t, (3)

where t43 is the equivalent time at 43 ◦C, Tt is the average temperature during the short time of
heating time (�t) and k = 0.5 above 43 ◦C for many tissues and k = 0.25 below 42 ◦C. This
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Figure 2. (a) The HMIFU technique consists of two types of AM waves: (1) a continuous AM for
heating (th) and (2) a pulsed AM for before (tb) and after (tf) heating. The acoustic intensities for
A1 and A2 were 600 mVpp and 300 mVpp respectively. (b) Detailed representation of the dashed
rectangle in (a).

model was used in section 3.2 to verify the onset of coagulative necrosis during ablation. The
threshold calculation (t43) and the measured temperature values along with the estimated HMI
displacements were compared at different sonication durations.

3. Methods

3.1. Tissue sample preparation

Experiments were performed in seven (n = 7) in vitro bovine liver specimens with three
(m = 3) different locations in each liver, i.e., 21 locations in total. Sample tissues were
purchased from a grocery store and degassed in phosphate buffered saline (PBS) solution for
30 min prior to each experiment. The average size of all seven bovine liver specimens used
was 120 × 50 × 12 mm3 (LxWxD). Each specimen was then placed into a glass beaker and
submerged in PBS. A hot plate/stirrer (Corning PC-420, Corning, NY, USA) was positioned
underneath the glass beaker to maintain a uniform temperature of 37 ◦C throughout the entire
tissue specimen to simulate human body temperature.

3.2. Experimental setup and data acquisition

For this study, a continuous AM wave was used during heating and a pulsed AM signal was
applied off-heating, i.e., before and after heating (figure 2). A pulsed AM was applied to avoid
any significant temperature rise during HMI monitoring. The acoustic intensities (equation (2))
at the focus were 1086 W cm−2 during heating and 231 W cm−2 before and after heating in
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Figure 3. Block diagram of the experimental setup. (a) Pulse-echo transducer, (b) therapy
transducer and (c) degassed water. The specimen (or, phantom gels) (e) rests on a membrane and is
submerged in PBS (d). In order to reduce possible reflections, i.e., specular reflection, an absorber
(f) is placed on the bottom of the glass beaker. A hot plate/stirrer (g) maintains the surrounding
temperature at 37 ◦C. Two thermocouples, t1 and t2, are used to measure the external and specimen
temperatures, respectively.

order to avoid significant temperature rise during the latter. These parameters were selected
based on prior studies (Maleke et al 2006).

A 4.68 MHz therapy transducer (Riverside Research Institute, New York, NY, USA) was
used to generate the acoustic radiation force using a low-frequency, amplitude-modulated
RF signal. The focal region has an ellipsoidal shape with the long axis parallel to the
ultrasound beam. The −6 dB dimensions are 4.0 mm in the axial direction and 0.5 mm in
the lateral direction. The low-frequency AM waves were expected to provide sufficiently
deep penetration of the elastic wave through tissues (Sinkus et al 2006). RF signals were
acquired continuously before, during and after sonication at approximately 0.71 s intervals.
By examining the displacement amplitudes before and after heating, the relative stiffness
change can be followed. In this experiment, the sonication duration was within the range of
5 s to 30 s. The experimental setup is shown in figure 3. A frequency generator (Agilent (HP)
33120A, Palo Alto, CA, USA) was used to produce RF signals at 4.68 MHz. The amplitude
of RF signals was then modulated using a second frequency generator (Agilent (HP) 33220A,
Palo Alto, CA, USA) that generated a low-frequency modulation at 25 Hz, for a pulse of
10 cycles with a duty cycle of 36% (figure 2(b)).

The HMI technique produces an oscillatory motion at the modulation frequency (fm).
The modulation index (m) is defined as the ratio of the maximum to the minimum voltage of
the modulated signal. The conventional amplitude modulation has a modulation index (m)
equal to 1 (i.e. 100% modulation), which indicates that the magnitude of the modulating signal
(low frequency or fm) is equal in magnitude to that of the carrier signal (high frequency or fc).
If this conventional amplitude modulation is applied to generate an oscillating radiation force,
the resulting acoustic pressure at the focus would consist of three oscillatory frequencies,
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Figure 4. (a) Displacement with speed of sound effect during heating and (dotted line) is a linear
fitting. (b) Displacement after removal of the speed of sound effect and the application of low-pass
filtering.

i.e., fc, fc ± fm, where fc and fm represent the carrier frequency and modulation frequency,
respectively. The carrier signal was thus over-modulated (m � 50) to induce oscillation of the
resulting acoustic pressure and, subsequent displacement, at the only desired frequency, i.e.,
fm (Maleke et al 2006).

The fact that speed of sound changes as a function of temperature has been reported
to induce an artifactual shift in the backscatter ultrasonic signal or, a temperature-induced
displacement (Seip et al 1996). The estimated displacement at the focal region is proportional
to its temperature rise. As shown in figure 4, our technique could follow the changes in the
speed of sound when an AM wave was applied for heating, which was indicated simply by a
linear trend (slope = 0.63 mm s−1) of the oscillatory displacement (dotted line in figure 4(a)).
This linear trend was successfully separated from the oscillatory HMI displacement and
the high-frequency spectrum was also filtered out. The harmonic displacement at the
modulating frequency was thus used to estimate the resulting displacements (figure 4(b)).
The displacement and speed of sound are linearly proportional (Seip et al 1996) and the speed
of sound is known to vary linearly with temperature in the liver tissue, hence the linear trend.
One of the advantages of the HMI method is thus the successful removal of the harmonic (real)
displacement from a linear speed-of-sound-dependent (artifact) displacement for decoupling
and estimation of both speed of sound and stiffness effects.

A pulse-echo transducer (Panametrics, Waltham, MA, USA) with a center frequency of
7.5 MHz and a diameter of 12 mm was placed through the void center of the FUS transducer,
with the beams of the two transducers being confocal. A pulser/receiver (Panametrics 5051PR,
Waltham, MA, USA) was used to drive the pulse-echo transducer at a PRF of 5.4 kHz. The
RF signals were acquired using a standard pulse-echo technique. An analog bandpass filter
(Reactel, Inc., Gaithersburg, Maryland, USA) with cutoff frequencies of f c1 = 5.84 MHz and
f c2 = 8.66 MHz was used to filter out the high-frequency focused beam and its harmonics
(Maleke et al 2006).

A silicone rubber/absorber (McMaster-Carr, Dayton, NJ, USA) was placed beneath the
specimen to further reduce the specular reflection from the bottom of the glass container. The
filtered RF signals were captured at 80 MHz at a 14 bit digitization rate (CS14200, Gage
Applied Technologies, Lachine, Canada).
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Figure 5. (a) Schematic of the acquisition process for the HMIFU experiment. (b) M-mode
frames are acquired at 1.11 s intervals (�τ ), i.e., the frame rate is equal to 1.8 frame s−1. (c) one
M-mode RF frame (τ n, for n = 1, 2, . . . , j, . . . , M; M = the entire treatment time), has a period of
111 ms, such that each frame includes at least two periods of AM oscillations. (d) M-mode HMI
displacement image at the focal region. (e) peak-to-peak displacement was estimated at all depths
and plotted with respect to depth, (f).

3.3. HMI imaging

Sequences of M-mode frames were acquired before, during and after heating (figure 5).
Each M-mode frame (figure 5(c)) contained 600 RF lines and had a duration of τ = N

/
PRF =

111 ms, where N was the number of RF lines (N = 600) and PRF was 5.4 kHz; thus, each
frame spanned over two periods of AM oscillations. The time interval (�τ ) between two
consecutive M-mode frames was approximately 1.11 s, i.e., the frame rate was equal to
1.8 frame s−1. One-dimensional, cross-correlation on consecutive RF signals was applied
to the acquired M-mode frames with a kernel size equal to 0.47 mm, 90% overlap (Ophir
et al 1997) to estimate cumulative axial displacements (figure 5(d)) resulting from the radiation
force, with the first oscillation serving as the reference. The peak-to-peak displacement was
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estimated at all depths (figure 5(e)) and plotted with respect to depth, as seen in figure 5(f).
These steps were applied for every RF frame acquired at different times and the resulting depth-
dependent peak-to-peak displacements were plotted against time. The time needed to generate
the entire M-mode frames was approximately 30 s. The variation in HMI displacement can be
clearly visualized in the M-mode maps, which were used in detecting the tissue coagulation.

The highest spectral peak was centered on a low-frequency excitation (fm). The fm in this
experiment was 25 Hz; thus, the highest peak of the spectrum was located at 25 Hz. In order to
estimate the displacement amplitude (HMI displacement), the peak of the displacement spectra
was divided by the number of samples and then normalized by the input signal amplitude
(A1 or A2; figure 2).

3.4. Temperature measurements

A type T thermocouple (MT-29, Physitemp Instruments, Inc., Clifton, New Jersey, USA)
with a diameter of 0.33 mm was inserted into the in vitro tissue to independently monitor
temperature change before, during and after heating. First, the therapy transducer was attached
to a computer-controlled positioner (Velmex Inc., Bloomfield, NY, USA) and driven at a low
acoustic power level. Once the thermocouple was inserted into the tissue, the positioner was
used to locate the tip of the thermocouple, which was indicated by a rapid temperature increase
and high amplitude echo from the confocal pulse-echo transducer. Thus, we could roughly
estimate that the therapy beam was approximately aligned with the tip of the thermocouple.
A digital thermocouple reader (HH506A, Omega Engineering, Stamford, CT, USA) was used
to record the temperature at 1 s intervals.

4. Results

To investigate the temperature effects of different AM inputs during monitoring, we applied
pulsed (figure 6(b)) and continuous (figure 6(a)) AM waves to a gelatin phantom (Hall
et al 1997, Maleke et al 2006) and recorded the temperature increase at various thermocouple
positions near the focus for a 40 s exposure. Both waveforms were generated by the same
low acoustic intensity of 231 W cm−2. The homogeneous structure of the gelatin phantom
allowed us to independently measure temperature for the two different input waveforms.
This experiment was conducted using the same setup as in figure 2, with a tissue-mimicking
phantom having a stiffness of 40 kPa (Hall et al 1997) placed inside the container (figure 2(e)).
The application of pulsed AM shows a relatively constant temperature (�Tmax ∼ 1.2 ◦C)
compared to that induced by the continuous AM wave.

Figure 7 depicts the HMI displacement against time with blue, red and green lines
indicating baseline, heating and cooling periods, respectively. The baseline period duration
was 5 s in all cases, sonication period varied from 10 s to 30 s (a to c) and the cooling period
was 10 s in all cases. To better understand the stiffness changes in the AM thermal-ablated
in vitro liver tissue, we applied 5 s pulsed AM wave for pre- and 10 s post-heating phases. The
liver tissue was heated using an AM therapeutic beam that induced both an oscillatory motion
and heating of the tissue. This oscillatory displacement increases at the beginning during
heating, indicating tissue softening. If the heating is sustained, the displacement decreases,
which denotes that the tissue becomes stiffer, i.e., a lesion has been formed. We believe
that this pattern of tissue displacement change reflects the heat-induced structural changes in
tissue. This is verified during cooling, when the displacements are slightly lower compared
to the baseline (pre-heating) period. In this preliminary study, experimental results show that
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Figure 6. Comparison of temperature rise between two types of AM waves, a continuous AM
wave (6(a)) and a pulsed AM wave (6(b)), both generated at the same low-acoustic intensity of
231 W cm−2. The temperatures were measured at the focus of the FUS beam for a duration of 40
s. The application of a pulsed AM shows a relatively constant, low temperature (�T ∼ 1.2 ◦C)
compared to that induced by the continuous AM wave. Thus, a pulsed AM signal is suitable for
tracking displacement before and after sonication.

beyond 10 s sonication, the lesion size is enough to display sufficient changes in the estimated
displacement to clearly indicate irreversible tissue stiffening.

Figure 8 shows the equivalent M-mode image of the HMI displacement variation and
pathology images after lesions were formed in in vitro liver specimens, using the therapy
transducer to deliver a 10 s, 20 s or 30 s and exposure at 1086 W cm−2. Figures 8(a), (c)
and (e) show M-mode images obtained from the specimens throughout the entire treatment.
The tissue depth is displayed along the vertical axis, and the observation time is displayed
along the horizontal axis. HMI displacements sharply increase immediately after thermal
treatment starts, then reach a peak and gradually decrease over time indicating lesion formation.
Figure 9(a) portrays tissue displacements at the focal region for a 50 s continuous AM
sonication. The pressure level of 1086 W cm−2 was used for the entire sonication and
HMI was shown capable of following lesion formation during prolonged heating. Tissue
softening occurred within the first 15 s (from 27 to 38 microns), followed by a rapid decrease
in displacement indicating coagulation onset (∼18 μm) and tissue hardening beyond 30 s.
The heating was stopped after 50 s and the liver was sectioned to verify tissue ablation
(figure 9(b)).

Figure 10 is derived from the data shown in figure 8. The average HMI displacements at
the focal region during thermal exposure are plotted as a function of temperature (lower axis)
and thermal dose (upper axis). These graphs indicate that beyond 45 ◦C the total displacement
rose sharply by more than 10 μm. The slope (i.e., measured from the HMI displacement
variation with temperature) during tissue softening (i.e., starting at the onset of heating), the
plateau region and tissue hardening were 3.5 ± 0.12 μm ◦C−1, 0.4 ± 0.27 μm ◦C−1 and
−0.53 ± 0.056 μm ◦C−1, respectively. Figure 11(a) shows an example of the temperature and



1784 C Maleke and E E Konofagou

0 5 10 15 20 25 30 35 40 45
5

10

15

20

25

30

Time (s)

D
is

pl
ac

em
en

t 
( μ

m
)

(b)

baseline

heating
cooling

0 5 10 15 20 25 30 35 40 45
5

10

15

20

25

30

Time (s)

D
is

pl
ac

em
en

t 
( μ

m
)

(a)

baseline

heating
cooling

0 5 10 15 20 25 30 35 40 45
5

10

15

20

25

30

Time (s)

D
is

pl
ac

em
en

t 
( μ

m
)

(c)

baseline

heating
cooling

Figure 7. HMI displacement versus time. Blue (---), red (—) and green (···) lines indicate baseline
(5 s), heating and cooling periods (10 s), respectively. Sonication duration varies from 10 s to 30 s
(a to c) with an acquisition time step of 1 s.

HMI displacement profiles (figure 11(b)). A similar profile (for the displacement change from
higher (figure 11, region I) to lower (figure 11, region II) values with increasing temperature)
has been reported by Wu et al (2001). The arrow indicates the time sequence of the tissue
displacement changes during heating and cooling.

5. Discussion

Thermal therapy using ultrasound techniques has been clinically applied for treatment of the
prostate, liver and other cancers. In this paper, we demonstrated the potential of the HMIFU
system for thermal ablation monitoring. The experimental results presented herein indicate
the feasibility of using displacements induced by a radiation force for real-time monitoring
of thermal lesion formation. The HMIFU system was applied with two distinct purposes.
The first purpose was to obtain a baseline of the HMI displacement before and after thermal
ablation. In this case, a low level of acoustic power (i.e., lower than the threshold of thermal
ablation, equation (3)) was used to drive the therapy transducer, sufficient to induce adequate
motion without significant heating (figure 6). In the second case, a higher power beam was
applied to induce thermal ablation (figure 2). The main advantage of the HMIFU system was
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Figure 8. (a), (c) and (e) are the HMI displacement variation (M-mode) and (b), (d) and (f)) are
the corresponding pathology images of liver tissues for 10 s, 20 s and 30 s sonication, respectively.

that it could detect changes in tissue properties locally and with real-time feedback, while
offering a flexible and more precise control of the thermal exposure.

The attenuation increase beyond coagulation (Damianou et al 1997) was ignored here.
However, it did not interfere with the results reported since increased attenuation leads to
greater radiation force, and thus displacement increase beyond coagulation; clearly, the
opposite of what was observed with our method. Therefore, the stiffness change should
override the attenuation change and thus, the attenuation change was assumed negligible
(Konofagou et al 2003). In addition, Wu et al (2001) have shown that the tissue stiffness
initially decreases with increasing temperature. When coagulative necrosis occurs, e.g.,
at a temperature beyond 50 ◦C, the tissue stiffness increases (Lizzi et al 2003, Fahey



1786 C Maleke and E E Konofagou

0 10 20 30 40 50
0

10

20

30

40

50

D
is

pl
ac

em
en

t 
( μ

m
)

Time (s)

(b) (a) 

Figure 9. (a) HMI displacements at the focal region versus 50 s sonication time. (the 10 coloured
lines indicate different locations (increments of 0.5 mm) at the focal region) (b) Pathology image
of liver tissue after ablation.

Table 1. Summary of the slope (i.e., HMI displacement with temperature) and lesion sizes for 10 s,
20 s and 30 s exposures from seven bovine liver in vitro specimens.

Lesion size
Sonication Slope in the beginning Slope during lesion
duration (s) of heating (μm ◦C−1) formation (μm ◦C−1) Diameter (mm) Length (mm)

10 0.87 ± 0.082 −0.88 ± 0.080 2.0 ± 0.12 6.4 ± 1.14
20 0.85 ± 0.12 −0.71 ± 0.16 3.4 ± 0.13 13.1 ± 1.15
30 0.80 ± 0.14 −0.79 ± 0.19 4.7 ± 0.18 16.4 ± 0.39

et al 2006). Our experimental results have shown a similar pattern on the displacement (or,
relative tissue stiffness) variation with temperature during heating. In tissues, heat-absorption
changes typically occur beyond 50 ◦C (t43 = 2 min; equation (3) (Damianou et al 1997). In
the near field, where temperature elevation may occur at a slower rate during exposure, the
change in absorption can be higher and the attenuation can change drastically (Damianou
et al 1997).

At the beginning of thermal ablation, high temperature elevation caused a rapid increase
in the HMI displacement (slope = 0.8 μm ◦C−1), reached a peak and sometimes a
plateau (depending on the duration of sonication), followed by a gradual decrease (slope =
−0.79 μm ◦C−1), indicating coagulation. This slope reversal can be used to indicate the onset
of lesion formation. Note that the slope of the displacement variation with temperature in
the initial heating phase (0.8 ± 0.11 μm ◦C−1) is reversed upon and during lesion formation
(−0.79 ± 0.14 μm ◦C−1) as shown in table 1; this effect can be used as an indication that
the tissue mechanical properties have changed during sustained heating. The peak and the
reversal of the slope could be detected by HMI during thermal ablation. This is important,
especially since each region or type of tissue/organ has distinct thermal properties and thus,
the changes in the slope might occur at different temperatures and sonication times.

Tissue displacements should increase during heating, reach a plateau, and decrease due
to tissue necrosis (stiffening). However, in figures 7(a), (c), there were transient tissue
displacements changing in the interval between after heating and the presence of necrosis
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Figure 10. The relationship between temperature (or thermal dose (t43) in min) versus
displacements for (a) 5 s, (b) 10 s, (c) 20 s and (d) 30 s sonication. Tissues started to soften at
the initial heating (less than 45 ◦C) (a)–(d) and became stiffer (lesion (b)–(d)) at the temperatures
above 45 ◦C or t43 = 1 min. The error bars are equal to one standard deviation.

(indicated by the gray region). When heating was terminated, the temperature rapidly
decreased from 50 ◦C, during which time the tissue was still coagulating, and therefore
displacements further decreased from 18 to 8 μm. This technique is able to show that
the lesion formation process is dependent on the tissue heterogeneity, which is one of the
important conclusions of this study with respect to the HIFU treatment and the importance of
its monitoring.

Figures 8(b), (c) show the absolute difference in displacements before and after ablation.
However, figure 8(a) displays a relatively small lesion and tissue displacements slightly
increase after 25 s of the cooling period. Tissue absorption changes after tissue coagulates
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Figure 11. (a) Temperature versus time during 5 s (�), 40 s heating (◦) and 30 s cooling ( ).
(b) HMI displacement versus temperatures and (c) versus time in bovine liver in vitro.

(Bailey et al 2003). While the same low-intensity amplitude was used before and after heating,
this absorption increase caused thus an increase in displacement while stiffening of the tissue
(tissue necrosis presence) led to a decrease in displacement, i.e., the opposite effect from
absorption. This trend is also shown in figure 9(a) when prolonged heating was used to
sonicate liver tissue for 50 s. Since the size of the lesion formed is relatively small after 10 s
sonication, the absorption effect becomes more dominant relative to the stiffness effect. Thus,
the effects of absorption and stiffness are opposite and their combined effects on the HMI
amplitude depend on the lesion size, as shown in our previously reported finite-element model
(FEM) study (Maleke et al 2007). We thus consider this as a sensitivity limitation for our
HMI technique, such that we are able to follow the changes in tissue stiffness after heating
provided that the size of the necrosis is sufficiently large.

An interesting finding in the imaging and real-time capability of the proposed technique
lie in the M-mode HMI analysis that can be used as a simple detection method to roughly
map the spatio-temporal motion characteristics of the desired lesion (figure 8). This indicates
that M-mode HMI images may be used as a real-time monitoring tool to visualize lesion
formation during thermal ablation in real time. The M-mode images thus indicated the
capability of detecting small changes in the tissue elastic properties and potentially mapping
the stiffness change. Our experimental results demonstrated that after filtering the occurrence
of the cavitation did not interfere with any of the data from the 21 locations in the bovine
livers in vitro. Inertial or stable cavitation might occur at the subharmonic and/or higher
harmonic frequencies. These subharmonics and harmonics may have thus been removed
using the analog bandpass filter during acquisition. Thus, it was concluded that motion
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Figure 12. Before heating RF: spectra before (a-1) and (a-2) after bandpass filtering, (a-3) HMI
displacement. During heating RF: spectra before (b-1) and (b-2) after bandpass filtering, (b-3)
HMI displacement.

can be detected even in the potential presence of cavitation due to the type of filtering and
modulation used.

Despite this, some precautions, such as the use of lower acoustic intensities and
monitoring of temperature below 65 ◦C, were taken. The acoustic intensity that we used
(251–1086 W cm−2) was lower compared to conventional HIFU powers currently being used
(>1200 W cm−2) (Rabkin et al 2005). In all experiments performed, the HMI measurements
were not significantly affected by cavitation effects during treatment, i.e., the displacements
were estimated at high SNR throughout the entire treatment. There are two explanations
for this. First, we use AM waves during both HMI and ablation procedures. This leads
to lower power and smoother energy deposit, thus potentially reducing the probability of
inertial cavitation. Second, the cavitation spectra are effectively removed when the pulse-echo
spectrum (centered at 7.5 MHz) is filtered from the therapeutic one (centered at 4.68 MHz)
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using a bandpass analog filter (Reactel, Inc., Gaithersburg, Maryland, USA) with cutoff
frequencies at fc1 = 5.84 MHz and fc2 = 8.66 MHz. The first assumption was verified through
comparison of the lesion sizes between modulated and non-modulated configurations, with
the former leading to smaller lesions. Two cases are shown in figure 12 to address the second
assumption. The first case shows the RF spectrum and displacement before the HIFU treatment
starts (figure 12(a)(1–3)). The second case shows the RF spectrum during the HIFU treatment
(figure 12(b)(1–3)). Note that the displacement is reliably estimated both at the presence
and absence of cavitation. A more thorough cavitation study verifying the robustness of the
HMI method and the effect of bandpass filtering in the presence of cavitation is currently
ongoing. The Matlab 7.0 (Mathworks inc., Natick, MA, USA) processing time needed in
order to generate the M-mode displacement maps was approximately 30 s. Since the proposed
technique is able to follow tissue stiffness changes during ablation, it would be advantageous
to monitor the change in real time. Some improvements, such as a faster signal processing and
the incorporation of a 1D linear array transducer for better target visualization during therapy,
will be implemented in the future.

Important tissue parameters, such as the attenuation coefficient, which directly affect the
force amplitude, and thus influence the induced tissue displacement, have not been included in
this data analysis. Nevertheless, the experimental results presented here consistently showed
that HMI could follow the thermal ablation process and detect the onset of lesion formation
during the application of the thermal treatment. The aim of this technique is thus to monitor
ablation non-invasively and efficiently with a real-time feedback during ablation. However,
the technique is not limited to ultrasound therapy and can be applied with other thermal
treatments, such as RF ablation or cryotherapy. Hyperechoic region from the RF catheter
tip could be used as a treatment guidance reference to localize the treatment region. Further
studies will involve finite-element simulations that will include all relevant parameters and
in vivo application of HMIFU.

6. Conclusion

The HMIFU system has a simple transducer design that produces a constant oscillatory force
at a focus within tissue using HMI for planning and monitoring of a thermal treatment.
This technique has the ability of real-time synchronous monitoring of temperature-induced
variation in tissue mechanical properties in a fully integrated system. By monitoring the HMI
response in real time, the relative tissue stiffness changes during thermal treatment can be
reliably indicated. The slope (displacement versus temperature) during the initial heating
phase is reversed upon and during lesion formation. This effect can be used as an indication
that the tissue mechanical properties have changed during sustained heating. M-mode HMI
images may be an efficient and useful tool for visualizing lesion formation during thermal
ablation. The ultimate future goal of this technique is simultaneous tumor localization as well
as real-time monitoring of its ablation based on the associated tissue stiffness changes in vivo.
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