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Abstract—In the last decade, high intensity focused ultrasound (HIFU) has gained popularity as a minimally invasive and noninvasive therapeutic tool for treatment of
cancers, arrhythmias, and other medical conditions. HIFU
therapy is often guided by magnetic resonance imaging
(MRI), which provides anatomical images for therapeutic
device placement, temperature maps for treatment guidance, and postoperative evaluation of the region of interest. While piezoelectric transducers are dominantly used
for MR-guided HIFU, capacitive micromachined ultrasonic
transducers (CMUTs) show competitive advantages, such
as ease of fabrication, integration with electronics, improved
eﬃciency, and reduction of self-heating. In this paper, we
will show our ﬁrst results of an unfocused CMUT transducer monitored by MR-temperature maps. This 2.51 mm
by 2.32 mm, unfocused CMUT heated a HIFU phantom
by 14 C in 2.5 min. This temperature rise was successfully
monitored by MR thermometry in a 3.0 T General Electric
scanner.

I. Introduction
igh intensity focused ultrasound (HIFU) has gained
popularity in medical procedures because it can be
focused onto a region of interest without harming intervening tissues. Focusing allows ultrasound to be applied
noninvasively or minimally invasively, with low morbidity
and mortality [1]. HIFU is being investigated for neurological treatments of the central nervous system [2], [3], arrythmia treatments in the heart [4]–[7], drug delivery [8],
and coagulation for deep internal bleeding [9], [10]. HIFU
cancer treatments of the bone, brain, breast, liver, kidneys, prostate, and uterine ﬁbroids are receiving increased
interest; progress in these treatments is reviewed in [11].
Magnetic resonance imaging (MRI) is one of the dominant imaging modalities for guidance of HIFU cancer
treatments; MR-guided HIFU systems are used extensively
to treat uterine ﬁbroids [12]–[16]. These table-top systems
also have demonstrated the feasibility of HIFU in pig livers [13], [17]. MR images provide three essential functions:
1) anatomical image guidance for placement of the HIFU
probe, 2) real-time temperature monitoring using proton
resonance frequency shift to target the location and du-
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ration of the therapy [18]–[20], and 3) post-process functional assessment to evaluate the degree of tissue necrosis [21]. The second function, temperature monitoring, is
critical because local perfusion is variable and cannot be
predicted [22].
Other imaging modalities do not accurately monitor the
thermal dose or identify the necrosed tissue. While ultrasound imaging shows an increasing hyperechogenic area
during treatment, this region does not correspond to ablated tissue and often obscures the tumor [23]. Also, ultrasound cannot delineate remaining viable tumor [24]. Contrast enhanced computer tomography (CT) can identify
the region of tumor necrosis. However, this area cannot be
imaged repeatedly or in real time during the treatment.
Although quartz crystals with converging lenses were
used for HIFU in the 1950s [25], compound piezoelectric
transducers have been dominant for the past 50 years.
Compared to quartz crystals, piezoelectric materials are
easily formed into spherical shapes, which allow mechanical focusing and eliminate coupling through a lens [26].
Since the 1950s, many research groups have been optimizing and customizing compound piezoelectric-based materials for high power applications [27], [28]. With these materials, both single-element unfocused [29], [30] and mechanically focused [26], [31], piezoelectric transducers have
been used for therapeutics in the heart, liver, and kidney,
to name a few. Transducer arrays have also been developed
for dynamic electronic focusing of therapy [5], [32]–[34].
Though piezoelectric transducers have been traditionally used for HIFU, capacitive micromachined ultrasonic
transducers (CMUTs) have become highly competitive
with regard to fabrication and performance. Because
CMUTs are fabricated using a silicon micromachining process with sub-micron accuracy, they can be easily fabricated for a broad range of frequencies and sizes [35]. In
addition, CMUTs are easily integrated with electronics,
either monolithically or through ﬂip-chip bonding [35].
In terms of performance, CMUTs have wide bandwidth
in immersion and a high eﬃciency [36], [37]. In addition to these well-known beneﬁts, CMUTs do not suﬀer
from self-heating eﬀects because they are fabricated from
highly thermally conductive silicon. This makes CMUTs
well suited for high power and continuous wave (CW) applications such as HIFU [38], [39].
Our goal is to develop noninvasive and minimally invasive HIFU CMUTs for applying therapy under MRguidance. The conﬁguration of these focused transducers
will be determined by the anatomy of the region of inter-
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Fig. 1. Cross section of one cell of the CMUT transducer designed
for HIFU operation at 2.5 MHz. Individual cells were fabricated in
a close-packed structure to form a 2.51 mm by 2.32 mm transducer.

est and the constraints of the particular application. One
example application we have discussed in previous conference publications is an 8-element, annular array for HIFU
ablation of upper abdominal cancers [38], [39]. Other applications include intravascular ablations, such as cardiac
ablation of arrhythmias [40].
While a focused transducer is our ultimate goal, in this
ﬁrst study, we used an unfocused test transducer to demonstrate that a CMUT could heat tissue-like material and
that this heating could be monitored by MRI. Using an
unfocused transducer is more challenging than using a focused transducer for several reasons. First, without focusing, heating tissues to high temperatures in short amounts
of time is more diﬃcult since the power density is not as
concentrated. Thus, an unfocused CMUT needs to be eﬃcient to heat tissue. Second, imaging close to a transducer
is diﬃcult if the transducer materials introduce artifacts
into the image. In this study, we show that CMUTs demonstrate a good eﬃciency necessary for heating and produce
minimal artifacts, which enables MR-temperature monitoring very close to the transducer. This paper is a continuation our conference proceeding [41].

II. Methods
The CMUT used for this experiment was fabricated using a high-temperature, direct fusion-bonding process described in [42]. Cells formed from this process consisted
of a silicon dioxide cavity and electrically conductive silicon membrane. Individual cells (Fig. 1) were patterned
into a 2.51 mm by 2.32 mm transducer. Because the silicon is highly electrically conductive, metal is not used on
the membrane surfaces, which reduces electromigration effects during high power operation. Only small aluminum
pads are needed for wire bonding the CMUT to a printed
circuit board (PCB). In addition, silicon is very thermally
conductive, which reduces self-heating eﬀects that degrade
transducer performance.
CMUTs are also MR-compatible. Silicon (χ = −6.52 ×
10−6 ) and silicon dioxide (χ = −16.3 × 10−6 ) are level
II compatible and produce no artifact; they have a susceptibility similar to that of tissue (χ = −7 × 10−6 to
−11 × 10−6 ) and water (χ = −9.05 × 10−6 ) [43]. Aluminum (χ = 20.7 × 10−6 ) is not level II compatible [43];

Fig. 2. Electrical setup in the magnet room and control room of the
MR suite. The test equipment is not MR-compatible, so must be left
inside the MR control room. Only an MR-compatible cable, an air
core inductor, and the CMUT can be safely used inside the magnet.

because the CMUT is fabricated with conductive silicon
membranes, no aluminum is used on the surface of the
cells. The total volume of aluminum used in the bonding pads (150 × 150 µm and a thickness of 0.3 µm) is
2.0 × 10−14 m2 or 5.6 × 10−9 kg, a negligible amount.
Because the test equipment was not MR-compatible,
long lengths of cable were required to drive the CMUT in
the 3.0 T magnet. The equipment was located on a cart
in the MR control room. An arbitrary waveform generator (Agilent 33250A; Agilent Technologies, Inc., Palo Alto,
CA), provided a CW, 2.5-MHz sinusoidal signal, which was
then ampliﬁed by a 3-W ampliﬁer (ENI 403LA; Electronic
Navigation Industries, Richardson, TX). A power meter
(HP E4419B; Hewlett Packard, Palo Alto, CA) was used
to monitor the electrical power output from the ampliﬁer.
The AC signal was superimposed on the DC voltage at the
bias T, which consisted of a DC blocking capacitor at the
AC input port and a resistor, used for short circuit protection, at the DC voltage port. A bias voltage of 172 V
was provided by a high voltage DC supply (SRS PS310;
Stanford Research Systems, Stanford, CA). The combined
signal was ﬁltered using a custom-designed, 5-MHz low
pass ﬁlter and connected through the panel in the control
room; this grounded the drive system to the screen room.
This low pass ﬁlter suppressed the high frequency noise
components of the ENI ampliﬁer, which creates noise at
the nuclear resonance frequency and reduces the signal-tonoise ratio (SNR) of the MR image (Fig. 2).
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Fig. 3. Simpliﬁed electrical circuit used for driving the HIFU CMUT.
The bias T superimposed the 172 V DC bias and the 2.5 MHz CW
sinusoidal signal used to drive the CMUT. The inductor was used to
tune the CMUT so that the reactive component of the impedance is
zero at 2.5 MHz. The inductor also provides a voltage gain of 6.25.

All of the materials inside the magnet room and the
3.0 T magnet (126 MHz proton resonance frequency)
needed to be MR-compatible and non-ferrous. A MRcompatible mini-coax (Belden Cable, St. Louis, MO) was
used to connect the CMUT to the control panel inside the
magnet room. We used an air-core toroid of approximately
32 µH to cancel the reactive component of the CMUT
and to match the circuit as closely to 50 ohms as possible
(Fig. 2). This makes it more eﬃcient for the ampliﬁer to
drive the load.
Before the experiment, we characterized the CMUT and
circuit outside the magnet room because our equipment
was not MR-compatible. All of these measurements allowed us to calculate the power gain of the device during
the experiment in the 3.0 T magnet. First, we measured
the impedance at nodes C and B (Fig. 3) to use in power
calculations. At 2.5 MHz, the low pass ﬁlter impedance
was negligible, so nodes A and C have roughly the same
impedance. We also characterized the voltage gain of the
circuit from nodes A to B to be 6.25. This allowed us
to monitor the CMUT during operation by observing the
voltage at node A.
To avoid charging and breaking the actual device, we
measured the output pressure of an identical device under
the desired DC and AC driving voltage conditions using
an calibrated piezoelectric hydrophone with 400-µm aperture (PZT Z44 0400 hydrophone; Onda Corporation, Sunnyvale, CA). The device was ﬁrst submerged in soybean
oil (speed of sound of 1430 m/s and density of 930 kg/m3 )
for electrical isolation. The hydrophone was placed 2 cm
from the surface of the transducer and positioned laterally to ﬁnd the largest pressure. Care was taken to make
sure the hydrophone was properly aligned with the transducer face to minimize the errors. We accounted for the
frequency response of the hydrophone [44], attenuation of
the soybean oil (0.43 dB/cm at 2.5 MHz [45]), and diﬀraction [46] to calculate the pressure at the surface of the
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transducer. We did not account for nonlinear propagation
and harmonics, which give a conservative estimate of the
output pressure and thus the power of the transducer. The
measured output pressure and the impedance of the soybean oil (Z = 1.45 MRayl) were used to calculate the
average power density at the face of the transducer. Multiplying by the area of the device (5.8 mm2 ) gave us the
total acoustic output power.
We studied only one drive level for the CMUT in this
experiment, corresponding to 172 V DC voltage (60% of
collapse) and 250 Vpp AC voltage. In previous work, we
found that a DC voltage of 60%, while applying as large
an AC voltage as possible, produced the optimum output
pressure [47]. The acoustic power is not linear with respect
to the applied voltage because the electrostatic force exerted on the membrane is dependent on the square of the
distance between the ground and top electrodes. The maximum output pressure is related to the balance between the
DC operating point and the AC voltage applied. At higher
DC voltages, the force and pressure per volt increases nonlinearly as the collapse voltage is reached. However, as the
DC voltage approaches the collapse voltage, the amount
of AC voltage that can be applied before the membrane
collapses is smaller [47].
For MR imaging, the CMUT was placed in the 3.0 T
GE scanner (Lucas Center, Stanford, CA) and 10 drops of
soybean oil were dribbled on the surface for electrical insulation. A polyethylene bag isolated the oil layer and CMUT
from the coupling gel (MediChoice, Mechanicsville, VA),
which coupled the ultrasound energy into the 4-inch diameter, tissue-mimicking, HIFU phantom (ATS Laboratories, Inc., Bridgeport, CT). The opaque phantom has an
acoustic attenuation of 0.503 dB/m/K, a speed of sound of
1538 m/s, a heat capacity of 3500 J/kg/K, and a thermal
conductivity of 0.5 W/m/k. Since the phantom is waterbased, the proton resonance frequency properties will resemble that of soft tissue. The coupling gel was applied
directly from the bottle and not degassed; however, when
placing the HIFU phantom on top of the oil and coupling
gel, we exerted force to minimize the amount of coupling
ﬂuids between the phantom and the transducer and also
to minimize the air pockets. Two imaging planes, coronal
and sagittal, were measured in two diﬀerent experiments
using a 5 inch GE surface coil placed around the HIFU
phantom (Fig. 4).
Before the heating experiment, we measured the susceptibility artifact of the CMUT to verify that it did not
interfere with measurements of the heated region. To do
this, we added a second phantom underneath the CMUT
to identify the bottom surface of the printed circuit board
on the image. We imaged the CMUT, with no applied
voltage, in the sagittal plane using a fast gradient echo sequence with a transmit repetition time/transmit echo time
(TR/TE) of 28.7/19.1 ms, the same sequence used for the
thermal imaging.
During the heating, we used a fast gradient echo sequence with a TR/TE of 17.4/13.5 ms for the coronal
plane and 28.7/19.1 ms for the sagittal plane. The magni-
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Fig. 5. Measurement in the sagittal plane o of the artifact caused by
the CMUT.

Fig. 4. Sagittal (a) and coronal (b) views of the setup used for MRtemperature mapping of the HIFU CMUT.

tude, phase, real, and imaginary results were saved from
the scan. One hundred images per series were captured for
7.5 and 12.5 minutes for the coronal and sagittal planes,
respectively. During this imaging time, we applied 2.5 min
and 5 min of therapy at 2.5 MHz for the coronal and sagittal planes, respectively. Each image was 256 by 256 pixels,
with a spatial resolution of 0.7 mm in the coronal images
and 0.9 mm in the sagittal images.
The proton resonance frequency shift due to temperature was observed as a change in phase, φ, that we
calculated by subtracting successive images from the ﬁrst
image. The change in temperature, T , was then calculated using the following equation [48]:
T =

φ
,
α2πγ̄B0 T E

(1)

where the proton resonance shift α is 0.01 ppm/◦ C, the
proton resonance frequency γ is 26734 rad/sec/G, the magnetic ﬁeld strength B0 is 3.0 T, and the transmit echo time
(TE) is given by the scan parameters mentioned previously. The temperature coeﬃcient α is stable for temperatures under focused ultrasound application [49]. To account for baseline drift of the MR image over time, we averaged the phase diﬀerence in a 1.5 cm by 1.5 cm region of

the phantom far from the heated region; this phase diﬀerence was then subtracted from φ before the temperature
was calculated. The temperature error was determined by
calculating the standard deviation of the temperature map
before heating. This standard deviation was calculated in
a 1.5 cm by 1.5 cm area that encompassed the region of
interest where heating would occur.
The cumulative equivalent minutes at 43◦ C (CEM43 )
was then calculated assuming a temperature rise from
37◦ C. The CEM43 is given by the following equation [50]:

R(43−T (t))  t,
(2)
CEM43 =
t

where R = 0.25 if T (t) < 43 and R = 0.5 if T (t) > 43.
This assumes that heating of a room-temperature,
tissue-mimicking phantom requires roughly the same
amount of power as heating a 37◦ C phantom. Heating tissue is reliant on the attenuation and speed of sound of the
tissue; between 20◦ C and 37◦ C, the speed of sound and
the attenuation show a change of less than 10% [51], [52].
The attenuation increases rapidly at temperatures greater
than 50◦ C because of protein denaturation. This increase
in attenuation will cause an even greater degree of heating. This means that by starting at a lower temperature,
we are eﬀectively underestimating our heating and necrosis
threshold.

III. Results and Discussion
We ﬁrst measured the susceptibility artifact of the device with no applied power. We found that the artifact
extended at most 1 mm from the surface of the CMUT
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Fig. 6. Coronal (a) and sagittal (b) temperature maps at the end of the heating time period, at 2.5 and 5 min, respectively. Calculated
CEM43 for the corononal (c) and sagittal (d) images, which shows that some areas reach 128 equivalent minutes at the end of the heat.
This is enough to necrose heat tissue.

(Fig. 5). Given that we measured the coronal slice 3–6 mm
away from the device surface and that the heating areas in
both slices extend far past 1 mm, our temperature maps
in those locations are not impacted by susceptibility artifacts.
Next, we evaluated the performance of the CMUT by
calculating eﬃciencies and also observing the temperature
rise of the phantom under MR temperature guidance. To
evaluate the eﬀectiveness of the tuning circuit, we calculated the electrical eﬃciency, deﬁned as the electrical
power delivered to the CMUT compared to the electrical power supplied by the ampliﬁer. We found the electrical eﬃciency by measuring the applied voltage at node
A (Fig. 2) and calculating the delivered power to the
CMUT using the impedance measured at nodes A and B.
With normal care in calibration, it is possible to measure
impedance with errors of less than 1%. Though 2.5 W was
measured from the output of the ampliﬁer, only 1.19 W
of electrical power was delivered to the CMUT, which is
an electrical eﬃciency of 48%. The cable, connections, and
inductor have parasitics, which cause this loss.

From the hydrophone measurement, under 172 Vbias
and 250 Vpp AC voltage, the CMUT showed a surface
output pressure of 1.3 MPa peak to peak and an acoustic
output power of 0.8 W in immersion. Since 1.19 W of electrical power was supplied to the CMUT, the electrical-toacoustical eﬃciency of the CMUT is thus 68%. Though the
hydrophone is calibrated by the manufacturer (Onda Corporation, Sunnyvale, CA), there are still errors associated
with the accuracy of the acoustic pressure measurement,
and thus the accuracy of the calculated acoustic output
power. Though we took care to align the hydrophone with
the transducer, tilt and positioning errors will cause the
measured output pressure to be less than the maximum.
This will cause us to underestimate our eﬃciency. However, because the transducer is unfocused, its beamwidth
is large at 2 cm, compared to the size of the hydrophone,
so the error will be minimal.
Already, this unfocused CMUT transducer was eﬃcient
enough to produce a maximum temperature rise in the
HIFU phantom of 14.6◦ C in the coronal plane after 2.5
min of heating [Fig. 6(a)]. In measurements of the sagittal
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plane, 18.6◦C temperature rise was achieved after 5 min
of heating [Fig. 6(b)]. Approximately 200 voxels were in
the heated area of each image. The standard deviation
of the temperature maps, which indicates the uncertainty
and error in the temperature measurement, was 0.7◦ C and
0.8◦ C in the coronal and sagittal planes, respectively. This
error is only 5%, compared to the maximum temperature
rise.
These temperature rises are reasonable for unfocused
ultrasound; a change in temperature of over 13◦ C would
raise the body temperature above 50◦ C, which causes coagulative necrosis [53], [54]. Using the CEM43 , we quantiﬁed the degree of necrosis as a function of temperature and
time. The maximum CEM43 reached by any pixel in the
treatment region was 252 and 6230 equivalent minutes in
the coronal and sagittal planes, respectively. Looking only
at the pixels that reached the 128 equivalent minute [55]
threshold for myocardial necrosis [Fig. 6(c), (d)], we found
that this device could potentially necrose cardiac tissue to
a depth of approximately 1 cm, discounting the eﬀects of
perfusion. Because the HIFU phantom does not simulate
perfusion, the heating and temperature rise in vivo will be
less than what we measured in the phantom. To deliver
more power and overcome perfusion to necrose tissue in
shorter amounts of time, we will develop a focused transducer design.

IV. Conclusion
We have demonstrated that CMUTs can be used to
heat an HIFU phantom with unfocused ultrasound by 14–
18◦ C over a 2.5–5 min time period. This CMUT demonstrated an MR artifact of less than 1 mm radially from
its surface and was successfully monitored using MRtemperature maps. Though the temperature rise in an unperfused, HIFU phantom from this unfocused transducer
is relatively small, the heating produced a CEM43 of over
128 min near the transducer. This is the threshold necrosis value for cardiac tissue. These ﬁrst experimental results
and MR-temperature maps are promising for the further
development of CMUTs in ultrasonic therapeutics.
In the future, we aim to build a ring annular focused
transducer for cancer ablation, which will enable greater
heating in shorter periods of time, even with perfused tissue. We also plan to improve our electrical boards and
connections to reduce radio frequency noise and induction
of eddy currents. We can do this by reducing the electrical
loops in our circuit and designing a new tuning circuit that
does not require such a large inductor.
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