Bulk ablation of soft tissue with intense ultrasound:
Modeling and experiments
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Methods for the bulk ablation of soft tissue using intense ultrasound, with potential applications in
the thermal treatment of focal tumors, are presented. An approximate analytic model for bulk
ablation predicts the progress of ablation based on tissue properties, spatially averaged ultrasonic
heat deposition, and perfusion. The approximate model allows the prediction of threshold acoustic
powers required for ablation in vivo as well as the comparison of cases with different starting
temperatures and perfusion characteristics, such as typical in vivo and ex vivo experiments. In a full
three-dimensional numerical model, heat deposition from array transducers is computed using the
Fresnel approximation and heat transfer in tissue is computed by finite differences, accounting for
heating changes caused by boiling and thermal dose-dependent absorption. Similar ablation trends
due to perfusion effects are predicted by both the simple analytic model and the full numerical
model. Comparisons with experimental results show the efficacy of both models in predicting tissue
ablation effects. Phenomena illustrated by the simulations and experiments include power thresholds
for in vivo ablation, differences between in vivo and ex vivo lesioning for comparable source
conditions, the effect of tissue boiling and absorption changes on ablation depth, and the
performance of a continuous rotational scanning method suitable for interstitial bulk ablation of soft

tissue. © 2005 Acoustical Society of America. [DOI: 10.1121/1.2011157]

PACS number(s): 43.80.Sh, 43.80.Gx, 43.35.Wa [FD]

I. INTRODUCTION

Thermal ablation using intense ultrasound is a therapy
with potential utility for treatment of pathological soft
tissues.' For many applications, such as the treatment of pri-
mary and metastatic liver tumors, a goal of thermal ablation
treatments is to reliably cause thermal necrosis in a relatively
large tissue volume (e.g., greater than 5 cm diameter, includ-
ing a safety margin).2 In current practice, the thermal de-
struction of large tissue volumes is most commonly per-
formed using radiofrequency (RF) ablation (electromagnetic
radiation in the 400-700 kHz range).3’4

Intense ultrasound treatment, first proposed in the
19505, has the potential advantages of selectivity, inte-
grated image guidance, and a noninvasive or minimally in-
vasive approach. To date, most effort in this area has concen-
trated on extr::1corporeal7’8 or intracavitaryg’10 high-intensity
focused ultrasound (HIFU). A number of analyti(:”_14 and
numerical > studies have provided insight into the dynam-
ics of lesion formation in HIFU treatments, including
the effects of blood flow cooling,ls’16 acoustic non-
linearity,](”lg_20 cavitation,'” and thermoacoustic lensing
effects.'*?’
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An alternative approach to HIFU, which can allow the
faster ablation of large tissue volumes at the expense of mini-
mal invasiveness, is thermal coagulation by intense ultra-
sound (IUS) using interstitial probes based on ultrasound
transducers in cylindrically omnidirectional,’ planar,22 and
weakly focused™ configurations. Clinical applications of in-
terstitial intense ultrasound probes have included intraductal
treatment of cholangiocarcinoma and papillary carcinoma.”

The modeling of interstitial ablation has also been per-
formed using numerical solutions of the bioheat-transfer
equa‘tion25 with various methods for simulation of the
ultrasound-induced heat deposition.%_28 Effects considered
in these simulations have included the loss of tissue
perfusion due to thermal coagulation.%’28 The effects of
coagulation on ultrasound absorption, as measured
e><perimentally,29’30 have been modeled using both step26 and
piecewise-linear28 dependence on the ultrasound-induced
thermal dose.

Recent developments in transducer technology3l’3 ? have
allowed the construction of miniaturized linear arrays ca-
pable of both IUS treatment and B-scan imaging. Although
miniaturized array transducers are not capable of the sharp
focusing achievable with large HIFU transducers, these ar-
rays can effectively ablate tissue in bulk,* similar to RF
ablation devices but with greater selectivity. Treatment plan-
ning and monitoring also benefit from the imaging capability
of such arrays.
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In this paper, approaches to the ablation of large tissue
volumes using minimally invasive ultrasound probes are pre-
sented. A simple analytic model for bulk tissue ablation is
presented and compared with experimental results for ex vivo
and in vivo bulk ablation of mammalian liver tissue. Com-
pared to full numerical models of bulk ablation such as those
in Refs. 26-28 and the second model presented here, this
simple analytic model provides a more convenient means to
predict power requirements for thermal ablation under given
source and tissue conditions. The analytic model can also be
employed to predict differences between in vivo and ex vivo
ablation results for comparable source conditions.

Methods for the detailed simulation of ultrasonic heat
deposition and tissue ablation are presented. Intense ultra-
sound beams, simulated using a Fresnel approximation, in-
duce tissue heating that is modeled using a three-dimensional
finite-difference simulation. The heat deposition pattern is
adaptively modified based on changes in tissue temperature
and thermal dose. Unlike previous numerical models of bulk
ablation using ultrasound,z&28 these methods account for the
effect of tissue vaporization on the ultrasound heat deposi-
tion. This effect is shown to be important for the realistic
prediction of bulk ultrasound ablation. Comparisons of simu-
lated and experimental results show that these simulation
methods can effectively predict the depth, rate, and volume
of ultrasonic ablation, and thus are a useful tool for the de-
sign of therapeutic approaches.

The effect of tissue boiling and absorption changes on
ablation depth is illustrated by a matching experiment and
simulation. An example bulk ablation method designed to
minimize these effects, based on continuous rotational (inter-
stitial) transducer scanning is presented. This method is
shown in simulation and experiments to allow the ablation of
significant volumes of soft tissue.

Il. THEORY

This paper addresses the bulk ablation of soft tissue us-
ing intense ultrasound. As a starting point, basic require-
ments for bulk ablation can be considered. Most previous
analytic modeling for ultrasonic tissue ablation has concen-
trated on highly focused situations,"' ™' for which perfusion
effects are limited and beam geometries are very different
from unfocused or weakly focused cases. Below, a simple
analysis is given that illustrates power requirements for bulk
tissue ablation and differences between in vivo and in vitro
ablation experiments.

The bio-heat transfer equation,25 which is a heat diffu-
sion equation with an added term for perfusion losses, can be
written as

!

or 21 ’
pC;=Q+KV T -wC,T', (1)

where 7' is the tissue temperature rise over its equilibrium
temperature T.,, Q is the power deposited per unit volume, p
is the tissue mass density, C is the tissue-volume specific
heat, w is the blood mass flow rate per unit tissue volume, C,
is the blood-volume specific heat, and « is the tissue thermal
conductivity. For bulk tissue ablation employing broad ultra-
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sound beams, the induced temperature rise will be slowly
varying in space, and the thermal conduction term can be
neglected to a first approximation. An approximate bioheat
equation suitable for simple analytic study can then be writ-
ten as
ar’ 1
- = g - _TI ’ (2)
ot pC T
where the characteristic perfusion time 7 is defined as
7=pCl(wC,). (3)

To obtain an approximate solution for thermal lesioning us-
ing Eq. (2), one can assume that all tissue properties are
spatially uniform, constant in time, and unchanged by the
thermal treatment. For an infinite medium, Eq. (2) then has
the solution

Ql 1- e—t/T

_— 4
pC tiT @

TI

The quotient (1—e7)/(¢t/7) reduces to unity for t/7—0
(short treatment times or negligible perfusion) and to 7/¢ for
t/ 7—oo (long treatment times).

Equation (4) can be used to illustrate requirements for
bulk tissue ablation using intense ultrasound therapy. For
heating caused in soft tissue by an arbitrary ultrasound field,
the power deposited per unit volume is approximated by
a{|p(2)[*)/(pc), where « is the acoustic absorption in Nepers
per unit length, (-) denotes temporal averaging, and c is the
speed of sound. This model for heat deposition assumes that
acoustic absorption in tissue is due to thermal relaxation.*

In order to obtain a simple estimate of requirements for
bulk ablation, spatially averaged ultrasound heat deposition
may be considered as the heat source in Eq. (4). Since the
model results should not depend strongly on the geometry of
the ultrasound beam, a general, slowly varying ultrasound
field can be approximated for the present purposes as an
exponentially attenuated plane wave. The acoustic pressure
magnitude |p(z)| is equal to pye~*, where z is the depth of
penetration into the tissue and p,, is the pressure amplitude at
the tissue surface. A nominal value for the average heat
deposition can be obtained by spatially averaging the acous-
tic heat deposition over the region where |p|>> €|po|?, where
€ is a parameter less than unity. In the present work, the
parameter € was taken to be 0.05, so that for an exponentially
attenuated plane wave this region corresponds to the depth
range 0<z<3/(2a). The temporally and spatially averaged
heat deposition is then given by

@ 2a 32a
0~ —[lp) % f e dz | =0.634a(l,), (5)
pc 3 Jo

where the bracketed term is the spatial average of |p|> over
the depth considered and [, is the plane-wave intensity
pal(2pc).

For simplicity, it may be assumed that tissue ablation
occurs at a threshold temperature Ty,.q,. The minimum
acoustic amplitude needed for bulk ablation can then be es-
timated as the amplitude needed to raise the tissue tempera-
ture to its ablation threshold within its characteristic perfu-
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sion time #=7. Inserting the heat deposition from Eq. (5) into
Eq. (4) with r— 7 yields the threshold amplitude

(Tthresh - TOC)pC

04ar ©

<] 0>thresh -~
Representative parameters for human liver tissue in vivo
are  Tyesn=60 °C, T.=37°C, a=5.76 Np/m/MHz'?,
p=1060 kg/m?, C=3600J/kg/°C, C,=37201J/kg/°C,
w=18.7 kg/m3/s, and k=0.524 W/m/°C.**** The result-
ing characteristic perfusion time is 7=55 s.

For a frequency of 3 MHz and a transducer duty cycle
of 75%, the pulsed source intensity required for ablation is
thus about 25 W/cm?. Analogous thresholds for nonplanar
ultrasound fields can be obtained from the spatial and tem-
poral average of the acoustic intensity within the region of
significant heat deposition, taken here to be the region where
the acoustic intensity magnitude is greater than 5% of the
spatial peak value.

The simple analysis employed here can also be used to
illustrate differences between in vivo and in vitro ablation
experiments. The primary differences affecting ablation per-
formance are differences in perfusion and starting tempera-
ture. For example, the formation of a particular ablative le-
sion in vitro may require an exposure of duration ;.. If the
same ultrasonic transducer configuration and power are used
for in vitro and in vivo exposures, the time required to
achieve the same ablation in vivo can be estimated from Eq.
(4) with 7— o0 (no perfusion) for the in vifro case. The result
is

Tthresh - Tvivo tvitro) (7)

Lyivo=— TlOg(l - a4
thresh — Tvitro T

where T.;,, and T, are the starting tissue temperatures
for the in vivo and in vitro cases. The relation defined by Eq.
(7) is plotted as the solid line in Fig. 1. For example, taking
Tihresh=60 °C, T;,,=37 °C, T,;1,=25 °C, and the tissue
parameters defined previously, Eq. (7) predicts that source
conditions producing ablation in about 50 s in vitro will
produce the same ablation in vivo, while a power level that
requires more than about 83 s to ablate in vitro will produce
no ablation in vivo.

Similarly, one may estimate the in situ source intensity
required for ablation in vivo within the same exposure time ¢
required in vitro as

I -7 Tthresh - Tvivo ir

vivo — {vitro T
Tthresh - Tvitro I-e

(8)

The ratio of the source intensity required in vivo to that in
vitro is plotted as the solid line in Fig. 1(b). Because of the
higher assumed starting temperature, ablative lesions achiev-
able in very short times (e.g., due to high source intensity)
will require less power delivery in vivo, while lesions achiev-
able by 3 min exposures in vitro will be achievable in the
same time in vivo only if the delivered power is more than
doubled. However, if in vitro experiments are performed
with a starting temperature 7.;.,=7yivo, the achievement of
a given ablation condition in the same time will always
require greater power in vivo.
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FIG. 1. A comparison of theoretical requirements for in vitro and in vivo
ablation, taking into account blood perfusion and differences in the starting
temperature. (a) Time required for in vivo and in vitro ablation given con-
stant source conditions, estimated from an analytic model and from numeri-
cal simulations, shown with the equal-time line (dashed). (b) The ratio be-
tween required in vivo and in vitro source intensities for equal exposure
times in vivo and in vitro, estimated using the analytic model and numerical
simulations, and plotted versus exposure time.

These methods can also be used to model bulk ablation
using other beam configurations, such as omnidirectional or
weakly focused beams, in addition to the nominally planar
sources used for most of the results reported here. Whatever
the beam configuration, the condition for validity of this
analysis is that local heating effects dominate heat conduc-
tion effects to a first approximation. Although the above
analysis uses a plane wave field as a primary example, Eq.
(I1) can be used to estimate the appropriate average heat
deposition for other transducer configurations, as was done
in the analysis reported below in Sec. IV.

lll. NUMERICAL METHODS

Heat deposition caused by planar ultrasound transducer
arrays was modeled here using the Fresnel approximation for
the field of rectangular sources.>® For simplicity, the medium
was assumed to be spatially homogeneous except for a spa-
tially varying absorption coefficient. The total acoustic field
was approximated as
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Z
p(r)= P02 eldm(rp)pn(r) f e xyd) de, (9)
n 0

where r represents the field point (x,y,z), py is the pressure
amplitude at the transducer face, a(r) is the medium attenu-
ation coefficient in Nepers per unit length, ¢,(ry) is the
phase shift associated with electronic focusing for the focal
point rp, and ¢,(r)=—klrz—r,|, where k is the acoustic
wave number. Focusing phase shifts were additionally dis-
cretized to multiples of /8, in accordance with the phasing
capabilities of the electronics employed in the experiments.
The field of an individual element centered at position
(x,,y,) is given under the Fresnel approximation by

ik
2mz 3
X(F[B()’_)’n"‘b)]_F[B()’_)’n_b)])s (10)

where a is the element half-width in the x (elevation) direc-
tion, b is the element half-width in the y (array) direction,
B=\k/mz, and the complex Fresnel integral is denoted by
F[f]:fge"”gz/2 d{. The Fresnel integral was evaluated us-
ing a fast rational approximation.37

Ablation thresholds were computed for array transducers
using Eq. (6), with an additional normalization factor ac-
counting for the nonplanar nature of the acoustic fields. The
computed acoustic heat deposition was averaged within the
volume where the squared pressure was greater than 5% of
its maximum value. For consistency with the threshold ex-
pressions derived above for plane waves, an effective plane-
wave intensity is defined by analogy with Eq. (5) as

par)=- " (F[Bx - x, + a)] - F[ B(x ~ x, ~ a)])

1
To)esr= Wpc\fof lp(r)]* dvy, (11)
where the integration volume V|, covers all points where
|p(r)|>>0.05 max[|p|*]. The factor 0.634 derives from the
mean-square amplitude of an exponentially attenuated
unit-amplitude plane wave, as in Eq. (5).

To obtain more detailed comparisons between theory
and experiment, the bioheat transfer equation (1) was solved
in three dimensions using second-order accurate centered
differences in space and first-order accurate forward differ-
ences in time. The time step for this method was chosen in
each case to satisfy the stability condition

pC

1 1 1
2K< @02 " @Ay (a2

At > (12)

)+ch

The heat deposition term was taken to be Q(r)
=a(r)|p(r)*/(pc).”® The tissue thermal dose™ was cumula-
tively calculated in units of equivalent minutes at 43 °C, as

EM,;5(r) = >, RTW-°CA1/60, (13)

where At is the time step in seconds, R=2 for T> =43 °C,
and R=4 for T<<43 °C.

Convection boundary conditions were employed at tis-
sue boundaries. Available empirical relations® were used to
calculate temperature-gradient-dependent convective heat
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transfer coefficients for water and air media and for vertical
and horizontal orientations of the tissue boundaries. The av-

erage heat transfer coefficient 4 was assumed to take the
form™

_ T—T. \14
h=H<T°°) , (14)

where L is a characteristic length scale, T is the tissue bound-
ary temperature, T, is the free-stream temperature in the sur-
rounding fluid, and H is a constant that depends on the ma-
terial properties and surface orientation, with dimensions
W m”# °C%* Values of the constant H employed for water
bath, ex vivo conditions were 194.5 for vertical surfaces,
178.0 for upward-facing horizontal surfaces with 7=T,,, and
89.0 for upward-facing horizontal surfaces with 7<<T,. For
downward-facing horizontal surfaces, conditions for the two
values of H are reversed. For air boundaries, the correspond-
ing values of H are 1.4 for vertical surfaces, 1.32 for upward-
facing horizontal surfaces with T=T,, and 0.59 for upward-
facing horizontal surfaces with 7<<T.,.

For the case of rotational scanning, the flow of cooling
water in the coupling balloon was accounted for using a
constant-temperature boundary condition 7=15 °C at the in-
terface of the coupling balloon and the tissue. This boundary
condition corresponds to the assumption that the cooling sys-
tem is sufficient to remove all heat conducted into the cool-
ing fluid from the ultrasound applicator and the surrounding
tissue.

Changes in tissue absorption associated with ablation
were incorporated in a manner similar to that of Ref. 28,
using an empirical formula consistent with available experi-
mental data on the thermal-dose dependence of ultrasonic
absorption in mammalian liver tissue: >

ap, EM,; < EM,,
EM,; - EM,
EM, - EM,),
2ap, EM,; >EM,,

o= a0<1+ ), EMogEM43$EM],

(15)

so that the absorption rises linearly to twice its original value
between two thermal dose thresholds, taken here to be
EM,=200 equivalent minutes and EM,;=10" equivalent
minutes. The form of Eq. (9) allowed this absorption cor-
rection to be performed at each time step of the bioheat
simulation, without recalculation of the full acoustic field.

Tissue boiling is known to cause substantial changes in
acoustic heat deposition, including the shifting of heat depo-
sition toward the ultrasonic source and limiting depth of
ablation.*>*! To account for these effects, a simple model for
acoustic shadowing and the redistribution of thermal energy
was employed. In Ref. 18, these effects were modeled for
single HIFU lesions by assuming that, after any grid point
(usually near the acoustic focus) reached a temperature of
100 °C, all of the thermal energy originally deposited in the
half-space 7>z, was redistributed in a 0.5 cm spherical re-
gion centered around the initial location of tissue boiling.
The model employed here extends this idea to more general
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heat distributions. Here, when the temperature at any grid
point (x;,y;,z;) exceeded 100 °C, the thermal energy depos-
ited along the line (x=x;,y=y;,z>z;) was deposited in a cu-
bic region with 2 mm sides, centered at the point (x;,y;,z;).
This operation was performed at each time step for all points
exceeding 100 °C at that time, and the redistributed thermal
energy sources associated with each location of tissue boiling
were superposed. In one implementation of tissue boiling
modeling, the temperature at each boiling point can be held
constant at 100 °C until the energy deposited after boiling
exceeds the latent heat of vaporization of water. However,
since use of the latent heat model did not significantly
change the numerical results, and since the boiling of a pure
liquid may not fully model the boiling of tissue, the latent
heat model was not used in the simulations reported here.

To model scanned exposures, the bioheat equation was
first solved for the initial ultrasonic exposure. The acoustic
heat deposition field was then spatially rotated or translated
to the next position, and the bioheat simulation was further
iterated using the previous temperature distribution as an ini-
tial condition. Corrections for absorption changes and tissue
boiling were performed in the same manner at each time
step.

IV. RESULTS

Ablation experiments were performed using the methods
described in Ref. 32. These included in vivo exposures per-
formed on porcine liver as well as ex vivo exposures per-
formed on porcine and bovine liver. A variety of miniatur-
ized ultrasound probes were employed, including the image-
treat arrays described in Ref. 32 as well as other arrays and
single-element, therapy-only transducers. All transducers
were driven using tone-burst excitation with acoustic power
between 8—60 W and duty cycles between 60%—100%.
Single-element transducers were driven by a signal generator
and radiofrequency amplifier, while array transducers were
driven by a custom electronics system capable of both imag-
ing and therapy.32 Ex vivo experiments were performed in
room-temperature water bath conditions, while in vivo ex-
periments were performed in open surgical procedures. For
the in vivo experiments, ultrasound arrays were inserted into
actively water-cooled applicators that were applied directly
to the liver tissue, either superficially or interstitially. After
each experiment, thermal lesions were sliced, photographed,
and quantitatively evaluated for ablation depth, volume, and
rate.”

Intensity thresholds computed using Egs. (6) and (11)
were retrospectively compared with 54 in vivo ablation ex-
periments performed in porcine liver with various single-
element and array probes operating at frequencies between
2.8 and 7.6 MHz. These probes included various miniatur-
ized arrays and single-element probes designed for intersti-
tial or laparoscopic deployment, with packaging similar to
the array applicator described in Ref. 32. Active dimensions
for these transducers ranged between 1.5—5 mm in elevation
and 16—48 mm in azimuth, with 1-64 independent elements.
Also employed was a 3.95 MHz, spherically focused trans-
ducer with rectangular active dimensions of 22 X 40 mm?>.
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FIG. 2. Theoretical threshold source conditions compared with ablation re-
sults from 54 in vivo experiments on porcine liver. The smooth curve shows
the theoretical time average, equivalent-plane-wave source intensity thresh-
old as a function of frequency. Frequency and normalized source intensity
for each experiment are shown using plus symbols where observable lesion-
ing occurred, and open circle symbols where no lesioning occurred.

The theoretical threshold time-average intensity, from
Eq. (6) is plotted in Fig. 2 as a function of frequency. Be-
cause of increased tissue absorption, intensity requirements
for ablation are considerably smaller at higher frequencies.
On the same graph, scatter plots show the frequency and
normalized (equivalent plane wave) intensity for each of the
experiments. Normalized intensity values were obtained us-
ing Eq. (11) based on theoretical beam profiles for each
source configuration, scaled by surface intensities deter-
mined from radiation-force acoustic power measurements.

Those experiments resulting in observable thermal le-
sioning are plotted in Fig. 2 with plus symbols, while those
resulting in no lesioning are plotted with open circles. Ob-
servable lesioning was defined here as gross lightening of
tissue color due to thermal coagulative denaturation, seen
after tissue slicing. For experiments with source conditions
below the theoretical lesioning threshold, 7 of 8 produced no
lesion. For experiments with source conditions above the
theoretical threshold, 39 of 46 produced observable lesions.
Thus, in these experiments, the theoretical lesioning thresh-
old corrected the presence or absence of ablation in a major-
ity of cases. However, the range of ablation experimental
results available for this retrospective study is not sufficient
to rigorously test the ablation threshold model. In general,
positive predictions of lesioning may be more challenging
than negative predictions, because several experimental un-
knowns, including tissue motion and probe performance ir-
regularities, can reduce the probability of successful treat-
ment.

To illustrate the differences between in vitro and in vivo
exposures with greater detail, as well as to assess the validity
of assumptions made in the analytic ablation modeling de-
scribed above, numerical simulations were carried out for
representative in vitro and in vivo exposures. The simulated
configuration employed a single-element source of frequency
3.0 MHz, active surface dimensions 1.5X?25.4 mm?, and
liver tissue with the physical parameters described above,
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FIG. 3. Peak computed temperature versus time for comparable ex vivo
(solid lines) and in vivo (dashed lines) ablation cases. (a) Approximate ana-
lytic model. (b) Finite-difference simulation.

and 3 min exposures with an 80% duty cycle (4 s on, 1s
off). The only differences between the in vitro and in vivo
simulations were the starting temperature (25 °C and 37 °C,
respectively) and perfusion (zero and 18.7 kg/m?/s, respec-
tively). To ensure that differences between the results de-
pended only on starting temperature and perfusion, identical
boundary conditions (convection with coefficients for water
at 25 °C, as described previously) were employed in the two
cases. For comparison with the analytic model, simulations
were performed for surface power densities between 23 and
250 W/cm?2. The time for the onset of ablation, based on a
threshold peak temperature of 60°, was determined for each
simulation, allowing the comparison of source conditions
and ablation times required for in vitro and in vivo exposures.
The results are plotted as individual points in Figs. 1(a) and
1(b). The general agreement with the analytic model con-
firms the ability of the simpler model to predict ablation
trends. The two models differ mainly for long ablation times,
greater than about one minute, for which heat conduction
plays a more significant role.

More detailed simulation results are shown for this
source configuration with a surface power density of
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FIG. 4. Ablation ex vivo and in vivo under comparable exposure conditions.
(a) Simulated thermal dose after a 3 min interstitial ex vivo exposure, shown
on a logarithmic gray scale with superimposed contours at EM,;=200 and
107 equivalent minutes. (b) Simulated temperature after a 3 min in vivo
exposure. (c) Lesion from a ex vivo interstitial exposures at two adjacent
angles. The circular overlay indicates the approximate probe position. (d)
Lesion from in vivo interstitial exposures at seven adjacent locations. The
precise probe location is unknown in this case.

38 W/cm?, which corresponds most closely to the available
experimental data. Simulated time-dependent spatial peak
temperatures for the in vitro and in vivo cases, shown in Fig.
3, show comparable trends for the full numerical approach
and the simple analytic model, confirming the validity of the
simple analytic model. Both simulations predict that the in
vitro exposure will cause significant thermal lesioning for the
given source conditions, while the comparable in vivo expo-
sure will cause little or no lesioning.

Although experimental results exactly analogous to
these simulated results are not available, the simulated con-
ditions were similar to those from previous in vivo and in
vitro experiments performed with the same transducer con-
figuration and comparable acoustic power. The in vitro ex-
periment used here for comparison employed 2 min expo-
sures at two adjacent angular locations separated by 15° with
a power density of about 38 W/cm?, while the in vivo ex-
periment employed seven 3 min exposures at locations sepa-
rated by 20° with a power density of about 53 W/cm?. Le-
sions from the two experiments, shown in Fig. 4 together
with the simulated thermal dose for the finite difference
simulations, follow the predicted trends. The ex vivo lesion is
severe, consistent with a temperature rise to ~100 °C and
the plotted thermal dose contour at EM,;=107 equivalent
minutes, while the in vivo lesion shows only regions of co-
agulation, consistent with a temperature rise to ~60 °C and
the plotted thermal dose contour at 200 equivalent minutes.
Although these ablation results qualitatively follow the pre-
dicted trends, the precise lesion shapes should not be directly
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compared with the above simulations because of the different
scanning configurations and exposure times employed.

To demonstrate the effect of the present boiling and
adaptive attenuation models, simulations were carried out
under conditions matching those for an available ex vivo ex-
periment, with and without the consideration of boiling and
thermal dose-dependent attenuation. The source employed
was a 32-element array with dimensions 2.3 X49 mm and a
frequency of 3.1 MHz, placed 6 mm from the tissue surface.
All elements were fired in phase with a surface power den-
sity of 39 W/cm? for 3 min with an 80% duty cycle (8 s on,
2 s off).

The experimental and simulated results for these abla-
tion conditions, shown in Fig. 5, indicate that the present
boiling and adaptive attenuation models effectively charac-
terize the screening effects associated with tissue ablation.
The experimental results showed an ablation depth of
10—15 mm for severe ablation (brown and cracked tissue)
and 20-25 mm for any ablation (discolored tissue), while
the measured ablation rate was 1.92 ml/min. The simulation
results with unmodified heat deposition significantly over-
predict the depth of ablation (37 mm based on an EMy;
=200 threshold for ablation or 27 mm based on an EM,;
=107 threshold for severe ablation) as well as the ablation
rate (4.0 ml/min). Results from the simulations including the
boiling and adaptive attenuation models show much better
agreement with experiment for both the depth of ablation
(20 mm based on an EM,3=200 threshold for ablation or
11 mm based on an EM,;=10" threshold for severe ablation)
as well as the ablation rate (2.1 ml/min).

@
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FIG. 5. The effect of boiling and
thermal-dose-dependent  attenuation.
(a) Simulation without boiling and
dose-dependent attenuation modeling.
The simulated thermal dose is shown
on a logarithmic gray scale with super-
imposed contours at EMy;=200 and
107 equivalent minutes. (b) Ex vivo le-
sion. (¢) Simulated thermal dose with
boiling and dose-dependent attenua-
tion modeling.
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Bulk ablation experiments employing interstitially
scanned configurations were also performed. The example
illustrated here was performed using a continuous angular
scanning configuration that was found to reduce premature
proximal tissue ablation, so that the depth-limiting effects
illustrated in Fig. 5 were minimized. A 3 mm image-treat
array, having 32 elements with an active aperture of 2.3
X 49 mm and a frequency of 3.1 MHz, was inserted intersti-
tially into an excised lobe of bovine liver. All array elements
were simultaneously fired in phase with an acoustic power of
74.3 W and an 80% duty cycle (0.8 s on, 0.2 s off) while the
array was rotated by a stepping motor at a rate of 22 s per
revolution, the maximum rate available for the motor em-
ployed. The active exposure time for these source conditions
was 19 min. Since continuous unidirectional rotation is not
feasible due to cabling, the probe was alternately rotated
clockwise for one revolution and counterclockwise for the
next, with each revolution beginning at the same turning
point.

To simulate this experiment, a sequence of individual
exposures was performed with numerical rotation of the ul-
trasonic heat deposition field before each exposure. To mini-
mize the computation time while maintaining a smooth rota-
tion of the heating pattern, the angular steps were separated
by 10°, so that the exposure time at each step was 0.61 s and
a total of 52 rotations were performed to model an exposure
time of 19 min. The duty cycle, source intensity, and back-
and-forth rotation pattern matched those employed in the ex-
periment. Thus, exposures were alternately performed for the
sequence of angular positions 0°, 10°,...,350° and the se-

FIG. 6. Thermal lesioning from an in
vitro  continuous-sweep  rotational
scan. (a) Simulated thermal dose, plot-
ted on a logarithic gray scale, with
contours shown for EM;;=200 and
107 equivalent minutes. (b) Cross sec-
tion of ex vivo lesion.
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FIG. 7. Simulated effect of rotational scanning rate on interstitial bulk ab-
lation, based on simulations using the configuration of Fig. 6. In both plots,
simulated data are shown with exponential fits of the form y=Ae" ¥ +B. (a)
Minimum ablation depth, measured radially from the transducer axis. (b)
Ablation rate.

quence 0°, 350°,...,10°. A cross section of the resulting bulk
ablation at the array midpoint is shown in Fig. 6, together
with the simulated thermal dose map in the same plane and
contours at EM,3=200 and 107 min. The lesion shape and
depth are seen to agree fairly well, including the lesser depth
ablated near the rotational turning point. An examination of
simulated temperature fields suggests that this asymmetry
occurs because larger temperature rises initially occur oppo-
site the turning point, resulting in increased tissue absorption
[Eq. (15)] and thus greater heat deposition. The simulated
volume of ablation, based on an EM,3=200 min threshold, is
57.8 ml, while the experimentally measured ablation volume
was 63.9 ml.

The example illustrated by Fig. 6 employed rapid rota-
tional scanning, with the purpose of maximizing the ablation
depth. The effect of the rotation rate on the ablation depth
and rate is illustrated further by analogous simulations for a
range of rotational speeds. Several simulations were per-
formed for the same configuration as the previous example
(Fig. 6), but with reduced rotational speeds corresponding to
1, 2, 4, 13, and 26 rotations within the 19 min treatment
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duration. The resulting simulated ablation depths and rates
are plotted in Fig. 7. The minimum ablation depth, which
occurred near the rotational turning point in all cases, was
determined by an interpolation of a contour corresponding to
a thermal dose EM,3=200 min, while the ablation rate was
determined based on the same thermal dose threshold. As
illustrated in Fig. 7, the slowest rotational rates result in
larger ablation rates but smaller minimum ablation depths.
Both simulated datasets are fit well by curves of the form
y=Ae‘QT+B, where (), measured in revolutions per minute
(rpm), is the rotational scanning rate. Parameters determined
by a least-squares fit are A=-8.41 mm, 7=4.04 min,
B=23.5mm for minimum depth (r=0.990), and
A=1.63 ml/min, 7=17.5 min, B=3.05 ml/min for the abla-
tion rate (r=0.999). The increased ablation rate for slow
scanning rates is due to more rapid local heating, which re-
duces losses due to heat conduction. The decreased depth for
slow scanning rates is due to the boiling and thermal dose-
dependent absorption effects illustrated by Fig. 5.

V. DISCUSSION

This work describes methods using intense ultrasound
energy to achieve bulk ablation for soft tissue. The simple
analytic approach described here allows an estimation of the
source and timing conditions required for ablation, while the
full numerical approach provides greater detail. The capabili-
ties, limitations, and applications of each of these approaches
are discussed below.

The simple analytic approach to bulk ablation modeling
presented here effectively assumes a uniform temperature
distribution within the region of interest. This model is
clearly limited by the neglect of heat conduction, spatial
variations in heat deposition, and changes in tissue state due
to the thermal treatment. However, comparisons between the
analytic model, experimental results, and full numerical
simulations suggest that the simple analytic method is useful
in defining the source requirements necessary for ablation.
The analytic method predicts the differences between in vivo
and ex vivo source conditions needed for ablation, as seen by
the comparison with full numerical simulations in Figs. 1
and 3. This method also predicts intensity thresholds for in
vivo ablation under a variety of probe configurations, as il-
lustrated by Fig. 2.

The prediction success of this analytic approach is pos-
sible because, for bulk ultrasonic ablation, perfusion effects
are the dominant limiting factor for in vivo ablation. While it
has previously been established that perfusion can signifi-
cantly change ablation characteristics for HIFU,* perfusion
losses play a larger role when less intense (unfocused, planar,
or weakly focused) acoustic fields are used to achieve bulk
ablation. Although the analytic model breaks down for long-
duration exposures in the absence of perfusion, it effectively
predicts the trends of temperature time history in perfused
tissue.

Full numerical simulations provide a more complete pre-
diction of ablation ex vivo and in vivo, including the spatial
characteristics of ablation. The simulation methods reported
here extend previous approaches by incorporating a more
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detailed model for heat redistribution due to tissue boiling.
Neglected effects include acoustic nonlinearity, temperature-
dependent changes in tissue properties other than ultrasonic
absorption, and the structural inhomogeneity of tissue. Of
these effects, the inhomogeneous structure of tissue is likely
to be among the most important. For example, if source con-
ditions are close to the ablation threshold illustrated in Fig. 2,
small variations in heat deposition due to refraction and scat-
tering as well as inhomogeneous perfusion losses may cause
some areas of tissue to be undertreated while others are over-
treated.

In addition, losses of tissue perfusion due to thermal
coagulation, which were neglected here, could cause in-
creased heating after initial tissue ablation. These effects
could be straightforwardly incorporated into the numerical
methods described above by defining a perfusion function
specified to be zero at all locations where the thermal dose
has exceeded a threshold value, such as the 107 equivalent
minutes used above as a criterion for severe ablation. Nota-
bly, the inclusion of this effect would not change the in vivo
simulation results presented here (Fig. 4), because the ther-
mal dose did not reach this threshold in that simulation.

The comparisons with experiment reported here indicate
that both of the present modeling approaches can be used to
predict bulk ablation of soft tissue. An estimation of thresh-
old source amplitudes obtained using the analytic model pre-
dicted trends of ablation for in vivo ablation experiments
under a wide range of source conditions. Ablation results
predicted using the full numerical model agreed well with
experimentally measured ablation depths, volumes, and
rates. To obtain close correspondence between simulated and
actual ablation, consideration of temperature- and thermal-
dose-dependent changes in heat deposition are important.

Both of the modeling approaches presented here have
potential use in guiding further development of devices and
methods for the ultrasonic ablation of soft tissue. The ana-
lytic approach can be employed to estimate the source con-
ditions required for reliable ablation in vivo. This approach
also allows the extrapolation of ex vivo experimental results,
which can be obtained under controlled conditions, to predict
ablation effects in living, perfused tissue. The second ap-
proach presented here, which includes detailed modeling of
acoustic heat deposition and transfer, is suitable for more
detailed design of bulk ablation devices, methods, and ex-
periments.

In the present work, use of these models has facilitated
the design of source conditions for the improved bulk abla-
tion of liver tissue. Design goals based on ablation as cur-
rently performed using RF devices include rapid ablation
(~1.5-2.0 ml/min) and a large depth of ablation
(~30 mm). Scanning schemes such as the continuous rota-
tional scan shown in Fig. 6 and the sweeping linear scan
illustrated in Ref. 32 were designed to minimize shadowing
effects associated with the ablation of tissue near the acoustic
source. As illustrated by Fig. 7, the simulation of a range of
scanning configurations can allow the minimization of these
shadowing effects, resulting in more uniform ablation of
clinically relevant tissue volumes.
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VI. CONCLUSIONS

Two approaches to modeling bulk ablation using intense
ultrasound have been presented. These approaches include a
simple analytic method for a definition of treatment require-
ments and a more complete simulation method for modeling
of the details of ablation. A comparison between the two
models confirms that the analytic method predicts trends of
source requirements for bulk ablation, with the greatest ac-
curacy for fairly short treatment times (e.g., the achievement
of initial ablation within one minute). Comparisons with ex-
periments indicate that the simple analytic model can predict
ablation thresholds and approximate heating characteristics
of tissue, while the full numerical methods can predict the
shape, volume, depth, and rate of ablation effectively. A com-
bination of these techniques is promising for the design of
future approaches for bulk ablation of soft tissue.
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