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Abstract—Atrial ﬁbrillation (AF) aﬀects 1% of the population and results in a cost of $2.8 billion from hospitalizations alone. Treatments that electrically isolate portions
of the atria are clinically eﬀective in curing AF. However,
such minimally invasive catheter treatments face diﬃculties
in mechanically positioning the catheter tip and visualizing
the anatomy of the region. We propose a noncontact, intracardiac transducer that can ablate tissue and provide
rudimentary imaging to guide therapy. Our design consists
of a high-power, 20 mm by 2 mm, 128-element, transducer
array placed on the side of 7-French catheter. The transducer will be used in imaging mode to locate the atrial wall;
then, by focusing at that location, a lesion can be formed.
Imaging of previously formed lesions could potentially guide
placement of subsequent lesions. Successive rotations of the
catheter will potentially enable a contiguous circular lesion
to be created around the pulmonary vein. The challenge of
intracardiac-sized transducers is achieving high intensities
(300–5000 W/cm2 ) needed to raise the temperature of the
tissue above 43 C. In this paper, we demonstrate the feasibility of an intracardiac-sized transducer for treatment of
atrial ﬁbrillation. In simulations and proof-of-concept experiments, we show a 37 C temperature rise in the lesion
location and demonstrate the possibility of lesion imaging.

I. Introduction

Fig. 1. In most cases, AF is caused by electrical signals entering the
atria from the pulmonary veins (left)1 . Before circumferential pulmonary vein ablation, these signals propagate from the pulmonary
vein into the atria (top box). After treatment, these signals are isolated from the atria and cannot trigger AF (bottom box).

success of CPVA depends on the completeness of isolation;
when residual gaps in the lesions remain, the recurrence
rate of AF increases [5], [6].
A. Challenges of Catheter Ablation

trial fibrillation (AF) aﬀects 1% of the U.S. population (320,000 new cases per year) and results in
465,000 hospitalizations per year [1]. AF increases the risk
of stroke ﬁve-fold and is responsible for 15–20% of all
strokes, reducing the quality of life1 .
AF is often treated with open-chest, surgical MAZE
procedures, which control the propagation of electrical
wavefronts in the atria using a series of patterned lesions.
In most cases, these wavefronts originate from aberrant
foci in the pulmonary veins [2]; isolating these electrical
signals has been shown to prevent AF [3].
Recent trials suggest that minimally invasive circumferential pulmonary vein ablation (CPVA), in which contiguous lesions are placed around each pulmonary vein opening, isolates aberrant foci from the atria (Fig. 1) [4]. The
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Widespread acceptance of ablative strategies for treating AF has been limited by the need for surgical intervention and the diﬃculty and limited success of minimally
invasive catheter-based approaches [4]. Long-term success
of catheter-based ablation is only 82%, despite the need
for an average of 1.6 procedures per patient [7]. Catheterbased procedures are tedious, with procedure times longer
than 4 hours, of which 1 hour is RF therapy application
[8]. Also, because these procedures depend on ﬂuoroscopy
for visual guidance, they result in extensive radiation exposure. A recent study shows average ﬂuoroscopy times of
68 minutes result in an eﬀective organ dose of 27 mSv. This
signiﬁcant dose results in an estimated lifetime risk of one
malignancy for every 500 procedures [9]. This motivates
the development of a technique that relies on signiﬁcantly
reduced X-ray dose.
The two main challenges of catheter ablation are visualizing the desired location for lesion placement and positioning the therapy at the desired site.
1. Current Visualization Techniques: Current catheter
procedures rely on two-dimensional (2-D) ﬂuoroscopic pro-
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Attempts to address this issue have focused on developing ﬁxed geometry devices to ablate rings around
the pulmonary vein ostia [16]–[18]. These include balloon
and lasso catheters that attempt to contact a circular
ring of tissue at which therapy is applied. However, the
highly variable geometry of the pulmonary veins (diameter 15 ± 10 mm, varied angulation, and shapes) limits the
success of ﬁxed geometry devices [19], [20]; often the entire
device is not in continuous contact with the tissue.
A noncontact device that can dynamically steer therapy would aid positioning and compensate for motion and
variable anatomy. If this device also could image anatomy
and lesions without ionizing radiation, it would produce a
more eﬃcient procedure for treating AF.
B. Ultrasound Transducers for Ablation

Fig. 2. Illustration of RF CPVA procedure. A catheter, inserted
through the femoral vein, is passed through the inter-atrial septum
into the left atria.

jection images with little soft tissue contrast. The anatomical structures relative to the catheter’s position are hard
to determine and contribute to the diﬃculty of directing
the catheter to a speciﬁc site.
Groups have overlaid ﬂuoroscopic images on preprocedural computerized tomography (CT)/magnetic resonance imaging (MRI) images to provide information on the
catheter’s position relative to atrial structures [10]–[12].
Electromagnetic sensing techniques have provided a 3-D
coordinate system to identify prior catheter placement.
However, the precision of these methods suﬀers from misregistration of the images due to cardiac and respiratory
motion [13], [14].
Intracardiac ultrasound catheters, like AcuNav (Siemens
Acuson, Malvern, PA) have been used to visualize
anatomy. However, because the images are tomographic
slices, identifying and guiding separate ablation catheters
and imaging catheters requires coordinated motion and
remains challenging [15].
A solution integrating an imaging system and ablation
system onto the same catheter would potentially solve misregistration issues and eliminate the diﬃculty in guiding
separate catheters.
2. Current Positioning Techniques: Lesions are typically made by direct contact of a catheter tip with the
desired location for application of therapy. To reach the
atrium, the catheter is passed from the femoral vein
through the right atrium into the left atrium (Fig. 2).
Motion to the catheter tip must be transmitted along a
110-cm ﬂexible length. Motion control remains limited to
rotating, advancing, and deﬂecting the catheter tip. With
this crude control, it is diﬃcult to revisit previous treatment locations or move to speciﬁc neighboring locations.

The challenge of external ultrasonic ablation of cardiac
tissue is the limited size of available acoustic windows.
Subcutaneous fat and air in the lungs diminish the ultrasound energy that reaches cardiac tissues and impede
noninvasive arrays [21]–[23]. Studies that use large spherical ablation transducers to deliver high-ablation intensities
necessitate open-chest surgery [24]–[26].
Intracardiac placement of ablation transducers eliminates the diﬃculty of depositing power through layers of
tissue and air. However, using peripheral vascular access
limits the diameter of a device to 3–4 mm. This size limitation often constrains the conﬁguration of catheter devices
to rings and long rectangles and restricts the number and
size of cables leading to the transducer. These wires limit
the power safely deliverable to the transducer [27].
Contact intracardiac high intensity focused ultrasound
(HIFU) transducers, such as small 2.3 by 5 mm transducers [28], [29] provide little beneﬁt over RF electrodes
as they require direct contact with the myocardium. Fixed
geometry devices, such as balloon coupled transducers [17],
[30],2,3 , suﬀer due to the highly variable geometry of the
pulmonary vein ostia, which leads to inconsistent results.
Using a linear ultrasound array is advantageous because
it can be focused and steered onto the region of interest,
removing the need to create contact between the ablating
device and tissue. Though the device diameter is limited
to 3–4 mm, the length of the transducer can be as large
as 20–30 mm; this larger length can potentially provide
suﬃcient aperture and surface area needed to focus the
beam tightly to ablate tissue. Though the use of larger
arrays for HIFU has been proposed and demonstrated [31]–
[34], a high aspect ratio, linear HIFU array for peripheral
insertion has not been developed.
C. Ultrasound-Guided Ablation Devices
Ultrasound imaging arrays can provide real-time images of tissue to aid treatment of arrhythmias [35]–[37].
2 Atrionix

Company website. http://www.atrionix.com
Company website. http://www.prorhythm.com/

3 ProRhythm

2396

ieee transactions on ultrasonics, ferroelectrics, and frequency control, vol. 53, no. 12, december 2006

Ultrasound imaging probes primarily have been used to
guide HIFU transducers by displaying anatomy. Recent research also has demonstrated that ultrasound imaging can
potentially detect past lesions as bright echogenic spots
[24]; this brightness is proportional to HIFU intensity and
fades within 1–2 minutes after HIFU application [38], [39].
Though lesion imaging is still under extensive research,
it could potentially guide the placement of subsequent lesions. At the very minimum, an ultrasound device would
be able to display the anatomy of the region, in particular
the location of the atrial wall, to guide anatomical ablation
(CPVA).
Several groups are developing intracardiac ultrasound
catheters that combine ultrasonic imaging with a means
for ablation. Sahn has developed a side-looking “hockeystick” catheter with electrodes for monitoring intracardiac
potentials [40], [41]. Although this device has shown highquality images of cardiac structures, there are potential
diﬃculties in localizing the treatment catheter and region
of interest within the same imaging plane of the therapy
catheter. Smith has designed an intracardiac ultrasound
catheter that combines a 2-D imaging array with a ﬁxed
focus 4.5 mm diameter ablation ring [42]. Using 3-D ultrasound imaging to identify the region of interest, the
catheter then is mechanically advanced to the desired ablation site. Although the image guidance improves the ability to perform precise ablations, achieving precise catheter
motions to reach the desired ablation site remains challenging.

II. Proposed Device
Our proposed device is a dual-mode array, which will
provide image guidance and electronically steerable therapy. The array is physically ﬁxed and stabilized some distance from the heart wall using a balloon. Image feedback between applications of therapy could allow compensation for variable anatomy and motion during heart cycles
(Fig. 3). An automated system with edge detection algorithms potentially could be used to automatically track the
atrial wall to position the therapy. Because the blood-totissue contrast is great, typical postprocessing edge detection methods potentially could be used [43]. In addition, if
a computer were tracking the edges and places of insoniﬁcation, software could keep track of the treated regions of
the heart.
The proposed design consists of a 20 mm by 2 mm, PZT
880 (APC International, Mackeyville, PA) on a 7 French
catheter with a balloon stabilizing device. The 128 elements will be cut out of the 20-mm length with a diamond
saw blade of 0.017 mm in thickness. A custom designed ﬂex
cable will connect each transducer to custom electronics.
Direct digital synthesizers (DDS), AD9835 (Analog Devices, Sunnyvale, CA) with 12 bits of frequency resolution
and 10 bits of phase resolution, will be used to alter the
phase of each channel for focusing and steering. The DDS
signal then is ampliﬁed and delivered to the transducer.

Fig. 3. An illustration of the catheter in action. (a) The array will
image the region of interest. (b) The anatomy and location of previously formed lesions will be identiﬁed and used to dynamically focus
the therapy. (c) The catheter will be rotated, and the process will
repeat until a contiguous, circumferential lesion is formed around the
pulmonary vein.

A two-channel prototype system controlled by a computer running LabView (National Instruments, Austin,
TX) has been built (Fig. 4). Each channel outputs a maximum of 1 W into 50 Ω, with 30 dB harmonic suppression.
This system and device will provide a new approach
to the anatomical treatment of atrial ﬁbrillation. To show
the feasibility of using such a small transducer for ablation,
we demonstrate that focal intensities of 300–5000 W/cm2
needed for ablation can be achieved [28], [44]–[46]. We calculated the beam proﬁles and resulting temperature rise
from our transducer given that our transducers were speciﬁed to be able to output in excess of 30 W/cm2 (information given by APC International, Mackeyville, PA). We
found our transducer to have a focal intensity greater than
450 W/cm2 .
We then used a proof-of-concept, ﬁxed-focus system to
create these focal intensities and ablate tissue. To demonstrate potential for ultrasonic lesion monitoring, these
ﬁxed focus lesions also were imaged using conventional ultrasound to show that the HIFU lesion could potentially
be visualized as a highly echogenic region.

III. Simulation

We simulated our array design to determine the beam
proﬁle and focal intensity of a small, intracardiac transducer. Then, using thermal models, we calculated the time
required for necrosis for various focal intensities.
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Fig. 5. An illustration depicting the coordinate system for calculating
the transducer delays needed to focus at a particular point.

Fig. 4. Our prototype HIFU electronics system.

A. Materials and Methods
To determine the focal intensities of the array, we used
Matlab (Mathworks, Matick, MA) to simulate the beam
proﬁle using Huygen’s principle, which estimates each array element as a collection of point sources [47], [48]. The
pressure due to each point source is given by:

2W ρ f S ((φ−2πd/λ)i−dα)
e
pi (x, y, z) =
,
(1)
cA d
where W is the total acoustic power from the array, A is
the area of the array, S is the area of each source, ρ is the
density (998 kg/m3 ), c is the speed of sound (1500 m/s), f
is the frequency, λ is the wavelength, and d is the distance
from the simple source to the point of interest [48]. Ultrasound will be attenuated by intervening blood with an
attenuation constant of 0.14 dB/cm/MHz [49]. The phase
of each element was calculated using the expression given
by Macovski [50]:
τn =

βnd (nd)2
−
,
c
2zc

(2)

where β is the deﬂection angle, z is the focal length, n is
the transducer element, and d is the transducer element
spacing (Fig. 5). The total pressure at each point from all
these simple sources was calculated by summing all the
simple sources:
P (x, y, x) = Σpi (x, y, z).

(3)

The Ultrasim package (University of Oslo) for Matlab
also was used to construct beam proﬁles and contour plots.
We assumed the transducer was able to output in excess of
30 W/cm2 (PZT 880 speciﬁcation by APC International).
The average intensity, I, was calculated by spatially averaging the intensity over the area enclosed by the halfpressure contour in the focal plane [46].

Temperature rises were calculated using COSMOSWorks
(SolidWorks, Concord, MA). The region in which ablative
power was deposited was simulated as a half ellipsoid in
a piece of tissue with dimensions determined by the half
pressure contours in the beam proﬁle simulations. This
lesion was placed at the surface of a larger 2-cm cubed
tissue sample. The size of this larger cube was determined
as adequate by decreasing and increasing the cube size incrementally and seeing that the temperature distribution
remained similar. The intensities were converted to power
per unit volume using the following equation, where α is
the absorption of tissue, 0.5 dB/cm [42], [51], and I is the
average intensity in the focal region determined by the half
pressure contour in the focal plane:
q = 2αI.

(4)

The eﬀects of perfusion were neglected since Billard et
al. [52] showed that lesions under 3 mm in size formed
in about 2 seconds have temperature rises that are not
greatly aﬀected by perfusion. Convection will be the dominant cooling force. Average convection coeﬃcients in the
left atrium range from 500–5350 W/m2 K [53], [54]. Tangwongsan et al. [53] calculated a medium convection coefﬁcient of 5350 W/m2 K by averaging the convection coeﬃcient over 30 seconds in the heart cycle and carefully
positioning the sensor to face the blood ﬂow; though this
value is much higher (by 5–10 times) than previously measured convection coeﬃcients, we will use it because it was
the most carefully measured and gives the “worst-case”
scenario. This convective surface was used as one boundary condition. Because we assume that most of the heating
is occurring in the lesion area, the other boundaries were
held at 37◦ C. An initial temperature of 37◦ C was used and
step size of 1 ms.
After calculating the temperature, we determined tissue necrosis by using the cumulative equivalent minutes at
43◦ C (CEM43 ) [55]. This metric determines tissue death
by estimating total temperature dose over time and is expressed as the following, where T (t) is temperature over
time:
CEM43 =

t=ﬁnal

t=0

R(43−T (t))  t,

(5)
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Fig. 6. Our simulated contour plot of normalized power (dB) in the
focal plane. The −6 dB contour shows the area that receives a power
gain of 32.

Fig. 8. Our calculated threshold intensities for ablation of tissue
within a given time. Perfusion was neglected, but convection was
assumed to be 5350 W/m2 K.

(15 ± 10 mm). Focusing to depths between 5 and 17.5 mm
with high gain and 6 dB suppression of secondary maxima was achievable. Grating lobes, which result from aliasing when transducer elements are more than λ/2 spacing
apart, became a challenge when steering more than several millimeters oﬀ-axis. The contribution to these lobes
was mostly from elements at the edge of the array.
C. Heating Threshold and Tissue Necrosis

Fig. 7. Our simulated axial beam proﬁle of normalized power (dB)
when focusing to 10 mm.

where R = 0.25 if T (t) < 43 and R = 0.5 if T (t) > 43.
Using the CEM43 threshold for myocardial necrosis of 128
minutes [56], we found the time at which necrosis occurs
for a given focal intensity.
B. Beam Proﬁle
Given that typical hard piezoceramics can output in
excess of 30 W/cm2 , we simulated our transducer to show
it can deliver greater than 300 W/cm2 to the focal spot.
We chose a 10 MHz operating frequency as it allowed tight
focusing, but it was not limited by the absorption of blood
between the transducer and tissue [57]. Focusing to 10 mm
on-axis, the power gain was 65 and a spatial time average
of 900 W/cm2 was deposited within the −6 dB contour
(Fig. 6); secondary maxima were suppressed by 12 dB.
Fig. 7 shows the −6 dB axial beamwidth to be 1 mm,
which is slightly smaller than the thickness of the atrial
wall (1.5–3 mm) [58].
Lateral steering of 5 mm and adjustable focal depths
of 5–15 mm allows compensation for cardiac motion near
the pulmonary vein and variable pulmonary vein diameter

RF ablation has long heating times (> 30 seconds),
which is disadvantageous in the constantly moving environment of the heart. RF ablation times are long to prevent the charring, coagulation, and shallow lesions characteristic of high power/fast RF application. Ultrasound
lesions can be produced much more quickly than RF lesions without the threat of coagulation.
In lesion formation, the limiting factor is the tissue at
the very surface of the myocardium because it is subjected
to the greatest cooling from ﬂowing blood. With this in
mind, we determined the threshold times for necrosis based
on the temperature rise at the very surface of the lesion
for intensities between 250–10,000 W/cm2 (Fig. 8). For tissue at the surface of the myocardium, necrosis occurs anywhere from 65 milliseconds at 10,000 W/cm2 to 17 seconds
at 250 W/cm2 .
Motion within the heart presents a challenge to the application of therapy. Even the motion of about 1 mm near
the pulmonary veins will disturb the heating process. Because the heart may be in ﬁbrillation, the position of the
myocardium may not have a regular cycle; thus, we will
use a motion-tracking scheme to dynamically adjust focus
of therapy.
The distance to myocardial structures or locations of
lesions will be observed by m-mode every 60–65 ms (15 Hz
refresh rates are typical for echocardiograms), and the focus of the therapy will be dynamically adjusted to compensate (Fig. 9). Ablation will be fairly continuous and
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Fig. 9. Anatomical tracking and gating scheme. The location of the
heart wall is assessed every 60 ms and adjusted.

interlaced with 6 ms periods for imaging and refocusing.
The ﬁrst 3 ms of this period comes from the image acquisition. Assuming the speed of sound to be 1580 m/s
and a total travel distance of 20 mm to the myocardium
wall, the time required is roughly 12 µs. If all the elements
transmit, then each element receives individually, this will
be 128 two-way distances, which equals roughly 3 ms. Our
electronic focusing system, described above, requires about
2 ms to calculate and reprogram the delays, leaving 1 ms
for computer calculation. Tissue cooling is negligible because, during the 6 ms when the therapy is oﬀ, the tissue
will retain about 98–99% of its heat. Assuming ablation
pulses have a high-duty cycle, the time to necrosis will approximate the curve shown in Fig. 8. From this curve, we
can predict that our array, which produces focal intensities of at least 450 W/cm2 , will cause tissue necrosis in less
than 5 seconds. These conclusions seem consistent with ultrasound thresholds found by other researchers [44], [45].

IV. Proof-of-Concept In Vitro Experiments
To reduce the complexity of developing a full array system, in our preliminary experiments we used a ﬁxed focus
setup to show that an intracardiac-sized transducer could
create temperature rises to induce tissue necrosis in several seconds. We also showed that the HIFU lesions could
be visualized under ultrasound imaging.
A. Methods and Experimental Setup
A ﬁxed-focus system could be constructed either using
a lens or a ﬁxed-focus reﬂector. Although a lens would allow us to perform on-axis simulations, a large radius of
curvature was needed because we were focusing so close
to the transducer. With silicone or plastic to make such a
lens, the attenuation through a large thickness at 10 MHz
would greatly attenuate the acoustic wave. Hence, we decided to use a reﬂector design, although we would have to
place the tissue very slightly oﬀ axis.
The ﬁxed-focus system consisted of a (20 mm by 2 mm)
single element transducer (APC 880, APC International,
Ltd.) and a focusing cylindrical reﬂector (10 mm focal
length). We positioned the tissue at the reﬂector’s focal

Fig. 10. A 10 MHz, 20 mm by 2 mm transducer was used for ﬁxed
focus ablation, using a cylindrical mirror (focal length of 10 mm).
The transducer was angled to produce an oﬀ-axis lesion in a piece
of tissue. Running water was pumped over the tissue to simulate
convection from blood. A 0.25 mm diameter microthermocouple was
placed inside the tissue to measure the temperature rise at the focal
point. The lesion was imaged using a 5 MHz SONOS 2500 ultrasound
probe.

point and angled the transducer to produce an oﬀ-axis lesion (Fig. 10). We submerged the setup in running 21◦ C
water and applied a 10 MHz, 10 W CW signal to the transducer.
We measured temperatures at the focal point with a
Type E, 0.25 mm diameter micro-thermocouple (Omega,
Stamford, CT). Because the duty cycle of the ablation
pulses should be close to 100%, we decided to study the
eﬀects of continuous therapy application. We also characterized the lesion shape using a HIFU gel [59]. This gel
changes from clear to opaque at 55◦ C. An HP SONOS
2500, 5 MHz imaging probe (Hewlett-Packard, Sunnyvale,
CA) was placed along the direction of propagation to image the lesion in real-time.
B. Fixed Focus In Vitro Ablation Results
We measured a 37◦ C temperature rise in a piece of
tissue (Fig. 11). This corresponds to a focal intensity of
250 W/cm2 and oﬀ-axis gain of 20. The calculated CEM43
(Fig. 12), after the base temperature is scaled to 37◦ C,
shows tissue necrosis occurs between 3 and 4 seconds, in
contrast with the 30 or more seconds required in RF ablation.
The times for necrosis are less than those calculated
above; this is because the threshold determined above was
based on the tissue at the surface of the lesion, which experiences more convective cooling. In our ﬁxed focus experiments, we measured temperatures at the center of lesion
(about 1 mm from the surface of the tissue).
Though these intensities could ablate tissue, ideally lesions will be produced in under a second to coincide with
diastole, when there is minimal motion and convective
ﬂow.
We characterized the lesion shape and size in a piece
of tissue and also using a HIFU gel [59], which allowed us
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Fig. 11. Temperature rise in a piece of tissue measured by a type
E microthermocouple. A 10 W, 10 MHz CW, 10 second signal was
applied to the transducer in our ﬁxed-focus setup (Fig. 10). A temperature rise of 37◦ C was observed.

Fig. 12. Calculated CEM43 for the temperature proﬁle measured in
our HIFU setup (Fig. 11). Tissue necrosis occurs at 3.8 seconds at a
CEM43 of 128.

to see the full lesion without the diﬃculty of sectioning
tissues. The 55◦ C contour of the lesion is 1 mm by 3 mm
in the focal plane, and the lesion depth is 4 mm (Fig. 13).
The lesion dimensions of 3 mm indicates that about 50
lesions will be needed for a continuous ring encircling the
pulmonary veins, for a total treatment time of 3–4 minutes.
C. Imaging for Guidance of Ablation
As indicated in the introduction, ultrasound imaging
can be used to identify the region of interest anatomically
and potentially identify past lesion locations. Though a
high Q transducer will provide good power transfer to ablate tissue, it will exhibit a long ring-down when used for
imaging. For anatomical imaging, however, the primary
goal is to identify the atrial wall, which is located at the
ﬁrst echo in an image. The consequential ringing will not
aﬀect this parameter.
Using a 2 mm by 0.3 mm slice of PZT 880, we performed
a 10 MHz, pulse-echo A-scan of a 1 mm diameter wire
phantom placed 1 cm from the surface of the transducer

Fig. 13. (Top) Pictures of a HIFU lesion formed by our ﬁxed-focus
system (Fig. 10) in the focal plane (right) and along the direction of
propagation (left) formed in a HIFU gel that changes from clear to
opaque at 55◦ C. (Bottom) Cross-sectional view lesion in actual beef
tissue is shown to be approximately the same size as in the gel.

Fig. 14. Pulse-echo response from a wire phantom placed 1 cm from
the surface of 2 mm by 0.3 mm PZT 880 transducer. As seen, the
ring-down is signiﬁcant (about 20 cycles), but the front surface of
the wire is clearly visible from the ﬁrst echo.

(Fig. 14). As seen, there is a long ring-down, which limits
axial resolution; however, the front surface of the wire is
clearly visible from the ﬁrst large echo. With regards to
anatomical imaging, limited axial resolution is acceptable
because we are interested only in the distance to the atrial
wall, which is measured by the ﬁrst echo in an A-scan.
This ﬁrst echo will be large from the impedance change
between tissue and blood.
A second use of ultrasound imaging, which is the subject
of current research, is the visualization of lesions, which
potentially can be used to guide subsequent lesion placement. Because we have not yet developed a HIFU array
and imaging system, we explored whether lesions produced
by our ﬁxed focus system could be visualized under ultrasound imaging using a SONOS probe.
Using the setup of Fig. 10, we imaged a HIFU lesion
in real-time for 2 minutes and observed a 33% increase
in brightness at the lesion location after the HIFU application. This brightness faded 30–45 seconds after HIFU
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Fig. 15. Series of real-time images taken by a SONOS 2500, 5 MHz
probe of a ﬁxed-focus HIFU lesion. The brightness of the lesion increases 33% from before (top) to after (middle) HIFU application.
The brightness then decays over a 45 second interval (bottom).

application (Fig. 15). This echogenicity is attributed to
nonlinear heating and outgassing and is correlated with
HIFU intensity [38], [60].
Although the imaged lesions fade quickly, they potentially provide real-time feedback for placement of successive lesions, essential for constructing contiguous patterns.
Although a typical imaging transducer could image the lesions eﬀectively, the ring-down of the high Q, therapeutic
transducer will reduce imaging resolution. With regard to
imaging lesions, the ring-down can be potentially treated
using methods by other groups working in dual-mode ultrasound and is addressed in the discussion section.

V. Discussion
According to our simulations, our ultrasound transducer can produce intensities of 450–900 W/cm2 at the
focal point in cardiac tissues. Using these intensities, we
calculated that tissue necrosis would occur in less than 10
seconds, taking into account convection from the blood.
We have neglected perfusion, which may cause additional
tissue cooling and lengthen the needed duration for necrosis.
Although the curved or irregular surface of the atrial
wall will aﬀect our beam proﬁle because it is a phase aberrator, we did not include this in our calculations. Because
the face of the atrial wall is variable from person to person,
it was diﬃcult to include a typical curvature for our calculations. In general, the eﬀect of the curved interface is to
distort the beam proﬁle by refraction. Consequently, this
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could reduce the power density in the focal point. Reduction of the power density potentially could lengthen the
duration of therapy needed for necrosis.
Out of plane motions also will aﬀect the heating and
formation of a particular lesion. If the patient has normal
cardiac sinus when applying therapy, the easiest way to
address motion is to apply therapy during diastole, when
the heart remains relatively still. Ideally, if a lesion were
formed within this time frame of about 100 ms, which
would require intensities of greater than 1000 W/cm2 , the
out-of-plane motions would be less of a concern. If lesions
were formed at the same time within every heart cycle
and we assumed the heart returned to roughly the same
shape every heart cycle, we also would have reasonable certainty of where the ablated regions are located. Additionally, imaging will provide some crude anatomical locators
to help detect these out of plane rotations. With such indicators, these rotations could be detected and potentially
accounted for.
However, if the patient’s heart is ﬁbrillating, motion
will be more unpredictable, which will make compensation and tracking more diﬃcult. Previously, we described
an automated system that tracks the heart wall and alternately images after applying therapy for several seconds.
If the heart motion is faster than the application time,
the lesion will be placed in the wrong location. A safety
limit for therapy duration and maximal allowable position
miscalibration should be determined. We will need to develop more complex ﬁnite-diﬀerence time domain heating
models that allow time-dependent and location-dependent
application of therapy in the tissue. Additionally, we will
need to do more detailed clinical observation to analyze
atrial wall movement during ﬁbrillation in order to ﬁne
tune a tracking and therapy system that will be reasonably accurate. Using this information, we also can establish
a therapy miscalibration and duration safety limit.
We also have neglected the nonlinear response of tissue to heating. When tissue is heated, there is a nonlinear
increase in tissue absorption. This will cause most of the
energy to be deposited at the front of the lesion (axially),
forming shallow, “tadpole”-shaped lesions. We also have
neglected the eﬀects of outgassing and cavitation, which
are not signiﬁcant for 10 MHz until over 1000–3000 W/cm2
is applied. The increase in absorption and cavitation effects actually will increase the energy deposited in the tissue and increase the ability to necrose tissue. However,
the lesion shape and lesion depth will be diﬀerent than expected. This may be accounted for by adjusting the focal
depth within the myocardium wall at various portions of
the treatment.
Additionally, we have not explored the eﬀects of lesionto-lesion interaction and spacing or accounted for these effects in simulations. The residual heat and bubbles formed
by previous lesions could aﬀect the shape and size of successive lesions, preventing the formation of successive lesions or causing damaging cavitational eﬀects. However,
given suﬃcient cooling time, a contiguous lesion pattern
can be formed [61]. Luckily, blood ﬂow within the heart
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Fig. 16. Illustration of choosing diﬀerent subarrays for treating regions at large lateral distances from the center of the array. Because
the subarray is chosen so the focus is on axis, problems with grating
lobes approaching the intensity of the main lobe when steering oﬀaxis will be overcome. The system still retains a focal gain of 30 or
more.

serves to eﬀectively cool the area. Further in vivo experiments will need to be conducted to optimize the lesion-tolesion spacing and cooling period needed between lesions
to produce contiguous patterns of lesions. If long cooling
times are needed, the lesion location may no longer be visible under ultrasound imaging. In this case, an automated
system could be used to remember and track the location
of past lesions.
We also have not addressed ultrasound safety in our
simulations. Perforation of the atrial wall is a concern.
However, because the axial beamwidth is about one-third
to three times smaller than the atrial wall width [8], perforation should not be a large problem. Unwanted thermal
damage from the side lobes in the beam pattern also may
be a concern. The side lobes are suppressed by 12 dB;
and given the duration of the insoniﬁcation, the damage
should be limited. However, these concerns of the threshold safety dose in the heart and the safety of our devices
will be evaluated in further experiments.
Increasing the array’s lateral steering will allow greater
compensation for motion, and thus more eﬀective therapy.
In our current array, the side lobe levels became greater
when steering more than several millimeters oﬀ axis. Most
of the contribution to these side lobes is from the side
elements. By switching those elements oﬀ and using a
subarray approach, we could reduce the grating lobes under −10 dB, though reducing gain to 30. These subarrays
can be chosen such that the point of interest is on-axis
(Fig. 16). Because the subarray does not have to be steered
oﬀ-axis, the grating lobe levels will remain low compared
to the main lobe. The decreased aperture will decrease the
maximum gain at most by a factor of 2. With the same
input power to the elements, this means the focal intensity
will be reduced to 450 W/cm2 , which still could be used
for ablation. Further simulations and experiments have to
be performed to determine the eﬀectiveness and safety of
this method.

In our in vitro experiments, we also have demonstrated
the formation of lesions from these intensities. Though the
intensities formed by our transducer are rather low, ablation is still possible.
The output power of the transducer could be greatly
improved to increase the focal intensity. Our current transducer is very ineﬃcient. At 10 MHz, we measured a
peak output pressure of 0.8 MPa (20 W/cm2 ) at the
transducer’s surface; we did this by measuring the pressure a certain distance from the transducer surface, then
correcting for attenuation of water and diﬀraction [62].
The eﬃciency (20%) was lower than desired because of
the high impedance of the backing layers. If we change
our impedance backing from nickel to air, the change in
impedance alone should allow an increase in reﬂection coeﬃcient from 30% to nearly 100%, which could increase
our eﬃciency to about 60%. This could greatly increase
the focal power and rate of tissue necrosis.
Additionally, the lesions we formed were oﬀ-axis because of the physical arrangement of the components in
the setup. On-axis lesions should have higher gains and
thus higher intensities at the focal point. Also, convection
occurred from all sides of the tissue instead of at the very
surface of the tissue as is the case in the heart, which may
have caused increased cooling.
With the increase in focal intensity, lesions can be created faster and can be imaged better because the brightness and persistence of the lesion are highly dependent on
focal intensity.
Although imaging using a high-Q transducer is diﬃcult
because the ring-down of the transducer will reduce resolution, anatomical imaging guidance should be possible
as we are mostly interested in locating the surface of the
atrial wall. Although the transducer will have long axial
ring down, the atrial wall should be visible as the ﬁrst
bright echo. With regard to lesion imaging, reduction of
ring-down will deﬁnitely beneﬁt the image quality. Simon
et al. [63], have shown that a therapeutic piezocomposite array could be used for imaging. They used a low Q
series inductor to reduce the ring-down and improve the
frequency response. Using an approach similar to this, we
potentially can reduce ring-down to produce lesion images
capable of guiding therapeutic applications. Additionally,
in the design of the PZT materials, tradeoﬀs can be made
between power transmission (high mechanical Q) and image quality/resolution. These issues are currently a subject
of on-going research.
With the goals to improve therapeutic output and imaging capabilities of our array, we will continue to develop a
device that can be inserted on a catheter for in vivo testing.
With the development of this device, we can test lesionto-lesion interaction, pulsing eﬀects, and other nonlinear
heating and mechanical eﬀects.
VI. Conclusions
We have simulated and designed a transducer array to
produce focal intensities that can potentially cause tis-
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sue necrosis. In in vitro ﬁxed-focus experiments, we have
demonstrated that an intracardiac-sized transducer can
achieve the temperatures needed to reach the necrosis
threshold of CEM43 equal to 128 minutes in less than 4
seconds. These lesions also were shown to be visible under
conventional ultrasound; with the development of a tracking and automated system, these images could not only
provide anatomical feedback, but also potentially could
provide feedback on locations of therapeutic application.
We are currently developing the full-ﬂedged array systems
and have prototyped much of the electronics, software, and
transducer design. With this system, we can proceed with
in vitro and in vivo testing and exploration of the eﬀects
of HIFU on tissue.
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