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Abstract
Purpose—To determine the impact of including dynamic changes in tissue physical properties
during heating on feedback controlled thermal ablation with catheter-based ultrasound.
Additionally, we compared impact several indicators of thermal damage on predicted extents of
ablation zones for planning and monitoring ablations with this modality.

Methods—A 3D model of ultrasound ablation with interstitial and transurethral applicators
incorporating temperature based feedback control was used to simulate thermal ablations in
prostate and liver tissue. We investigated five coupled models of heat dependent changes in tissue
acoustic attenuation/absorption and blood perfusion of varying degrees of complexity..
Dimensions of the ablation zone were computed using temperature, thermal dose, and Arrhenius
thermal damage indicators of coagulative necrosis. A comparison of the predictions by each of
these models was illustrated on a patient-specific anatomy in the treatment planning setting.

Results—Models including dynamic changes in blood perfusion and acoustic attenuation as a
function of thermal dose/damage predicted near-identical ablation zone volumes (maximum
variation < 2.5%). Accounting for dynamic acoustic attenuation appeared to play a critical role in
estimating ablation zone size, as models using constant values for acoustic attenuation predicted
ablation zone volumes up to 50% larger or 47% smaller in liver and prostate tissue, respectively.
Thermal dose (t43 ≥ 240min) and thermal damage (Ω ≥ 4.6) thresholds for coagulative necrosis are
in good agreement for all heating durations, temperature thresholds in the range of 54 °C for short
(< 5 min) duration ablations and 50 °C for long (15 min) ablations may serve as surrogates for
determination of the outer treatment boundary.

Conclusions—Accounting for dynamic changes in acoustic attenuation/absorption appeared to
play a critical role in predicted extents of ablation zones. For typical 5—15 min ablations with this
modality, thermal dose and Arrhenius damage measures of ablation zone dimensions are in good
agreement, while appropriately selected temperature thresholds provide a computationally cheaper
surrogate.
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Introduction
Thermal ablation is increasingly being used for treatment of cancer and benign disease in the
liver, kidney, lung, prostate, brain, bone, uterus and other organs [1–3]. High temperature
thermal therapy is also widely used for treatment of cardiac arrhythmias and tissue
modification and reshaping. In cancer therapy, the goal of thermal ablation therapies is to
raise tissue temperature in the target volume to induce coagulative necrosis, while limiting
thermal exposure to surrounding tissue. These procedures are usually performed under
image guidance to assist in applicator positioning, and when possible, treatment monitoring.
Clinically available modalities include cryoablation, lasers, microwaves, radiofrequency
(RF) currents, thermal conduction and ultrasound. A major advantage of ultrasound
technology over other modalities is enhanced penetration of energy and the ability to control
the spatial power deposition pattern, leading to more accurate thermal targeting [4, 5]. High
intensity focused ultrasound (HIFU) has the added advantage of being a non-invasive
treatment modality, while offering precise control of the heating pattern [5, 6]. However,
large target volumes require long treatment times, focusing may be sensitive to respiratory
motion, and there is a limited acoustic window for deep-seated targets [7–9]. Minimally
invasive catheter-based ultrasound applicators are under development for percutaneous or
intraluminal ablation of targets such as the prostate, uterine fibroids, and liver [10–14].
Applicators consisting of linear arrays of independently powered sectored tubular, planar or
curvilinear transducers provide spatial control of heating along the length of the applicator
and across the angular expanse. In vivo studies have demonstrated these devices offer
precise, three dimensional (3D) spatial control of heating profiles [4, 12, 14–20]. Compared
to currently available RF and microwave technology, catheter-based ultrasound devices
currently under development have the potential advantage of affording spatio-temporal
control of energy deposition, at the expense of possibly larger catheter diameters [12].

Theoretical models of thermal ablation solve the physical equations governing energy
deposition and heat transfer in tissue to determine the transient temperature profile and
assess tissue damage upon heating. They are an essential tool during the design and
optimization of devices for isolating promising designs for prototyping. Models also form
the basis of treatment planning platforms that assist physicians in tailoring thermal therapy
procedures to individual patient anatomies [21–25]. Comprehensive modeling of thermal
ablation requires knowledge of tissue physical properties that impact energy deposition and
heat transfer in tissue. Some of these properties may change substantially during heating,
thereby altering the device’s power deposition and heating pattern. For ablation with
catheter-based (i.e. interstitial and intracavitary) ultrasonic sources, these properties include
acoustic attenuation and absorption coefficients, blood perfusion rates, and thermal
conductivity [26–29].

Several studies have reported the impact of heating on acoustic absorption and attenuation
coefficients of various tissues, in both in vivo and ex vivo tissue models [30–33]. For soft
tissues, acoustic attenuation increases with heating up to a value 2—3 times its nominal
value. Thermal conductivity of tissue increases with temperature; at temperatures in excess
of 80 °C, thermal conductivity of tissue increases by up to 20% its nominal value at 37 °C
[34, 35]. Data from in vivo animal models and clinical studies show that microvascular
blood perfusion can increase with temperature in the hyperthermic region (41—45 °C) [36–
38], before decreasing and subsequent microvascular stasis at higher temperatures. Despite
the availability of data showing dynamic changes in tissue properties during heating, many
theoretical studies of thermal ablation do not include all of, and some none at all, the
relevant changes in tissue properties. Moreover, there have been few studies analyzing the
cumulative impact of all relevant parameters for modeling thermal ablation with ultrasonic
sources. Many studies use a constant value for tissue acoustic attenuation and absorption
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coefficients during ablation [20, 39–44]. For a fixed power and time, models including
dynamic changes in attenuation predict smaller ablation zone sizes compared to models
excluding increasing attenuation during heating, due to decreased acoustic penetration [26,
28, 45].. Theoretical studies of RF and microwave ablation have shown that the choice of
algorithm for dynamic changes in blood perfusion during ablation has a substantial impact
on the predicted size of ablation zone [29, 37]. Experimental and simulation studies have
shown that changes in tissue absorption during heating results in shifting of the ultrasound
field and focal spot during focused ultrasound exposures [46, 47].

Thermal models use the calculated transient temperature profile to estimate extents of
thermal necrosis and tissue damage. Models of tissue damage and thermal necrosis, for
example, the thermal ioseffective dose model [48] and Arrhenius thermal damage model
[49], are a complex function of the time-temperature history during heating. Both of these
models have been shown to predict thermal damage accurately in vivo [37, 50]. In practice,
only limited thermometry information is available during routine ablation treatments.
Magnetic resonance imaging (MRI) is increasingly being used for spatial monitoring of the
transient temperature profile during ablations. Many studies use the raw temperature data
from MR thermometry for determining treatment endpoint [17, 51, 52]. In other studies, the
calculated thermal dose/thermal damage is used for feedback control and terminating the
treatment [50, 53].

Theoretical models of catheter-based ultrasound ablation have been employed in numerous
studies to explore device configurations and assess treatment efficacy. These studies have
incorporated several techniques for assessing tissue damage due to thermal exposure and
modeling dynamic changes in tissue properties during heating, including: thermal dose
thresholds for tissue necrosis, binary changes in blood perfusion based on temperature and
thermal dose thresholds, and changes in tissue attenuation based on accrued thermal dose
[15, 17, 26, 28, 33, 45, 53–57]. In consideration of the development of 3D patient-specific
models for treatment planning and real-time feedback control of treatments, the inclusion of
these entire elements increases computational burden, and may not be necessary. As
described above, there are dynamic tissue properties to be considered for incorporation into
a model, as well as techniques for calculating regions of thermally destroyed tissue.

The objective of this study was to perform a comparative analysis of dynamic changes in
tissue physical properties and thermal damage descriptors that we deem essential for
comprehensive modeling of feedback control based thermal ablation with catheter-based
ultrasonic sources. We implemented a 3D finite element method (FEM) computer model of
tissue ablation with catheter-based ultrasound applicators, suitable for treatment of prostate,
liver and other soft tissue organs. Temperature-based proportional-integral (PI) controllers
were implemented to adjust the power supplied to each active transducer element. In
particular, we analyzed the impact of acoustic absorption and attenuation coefficients, and
blood perfusion rates on the transient temperature profile during heating. An additional aim
of this study was to compare the utility of several models for assessing thermal necrosis
upon heating with catheter-based ultrasound devices, and assess their practical feasibility
and computational efficiency for treatment planning, monitoring and determination of
treatment endpoint. Finally, we illustrated the feasibility of employing these models and
algorithms for patient-specific planning of thermal ablation therapies.

Methods
Catheter-based ultrasound applicators for thermal ablation

Catheter-based ultrasound devices with tubular transducer arrays are being developed for
thermal ablation, and consist of linear arrays of independently powered, ultrasound
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transducers. Control of power deposition along the length of the applicator is achieved by
tailoring power supplied to each individual transducer. These transducers may be modified
to create individually powered sectors providing control of the power deposition in angle.
Cooling water is circulated within the applicator to enhance power output and thermal
penetration. In this study, we considered two types of applicators – smaller diameter
applicators suitable for interstitial or percutaneous insertion directly into the tumor volume
[13, 55], and larger diameter applicators suitable for transurethral targeting of prostate [15,
54], each using sectored and unsectored tubular transducers. We restricted this study to
simulating thermal ablation with catheter-based ultrasound applicators in prostate and liver
targets, as these two tissue types and target definitions bracket the intended field of use of
these devices and subsequent treatment modeling and planning strategies.

Interstitial applicators consist of tubular transducers, 1.5 mm outer diameter (OD), operated
at a frequency in the range 6.5—8 MHz. The transducer array is enclosed in a 2.4 mm (OD)
catheter with water cooling to protect the transducers during sonication. These applicators
are under development and have shown potential for treatment of soft tissue targets such as
the prostate, liver, brain, kidney, and uterine fibroids. Thermal ablation in the prostate for
treatment of cancer or benign disease requires precise localization of heating due to the
potential of heating critical structures such as the neurovascular bundles, rectum, and
bladder. Sectored applicators may be used individually to ablate a quadrant of the prostate,
suitable for treatment of localized prostate cancer; alternatively, multiple unsectored and/or
sectored applicators may be used simultaneously for thermal ablation of the entire gland.
Therefore, we considered 90°, 180° and 360° applicators for ablation in prostatic targets.
Physicians treating liver tumors, which are generally spherical in shape, aim to create large
spherical ablation zones that completely encompass the tumor and a safety margin. Thus, we
only considered 360° applicators for treating targets in the liver. All interstitial applicators
consisted of two 10 mm long transducers, spaced 2 mm apart.

The transurethral applicator is comprised of two 3.5 mm (OD) transducers, 10 mm long,
spaced 2 mm apart, and operated at a frequency in the range 6.5—8 MHz, suitable for
transurethral prostate therapy. The transducers are enclosed in a water-filled balloon for
distention and cooling of the urethra interface. A distal balloon is used to secure the device
at the bladder neck. Transurethral applicators are typically sectored to ablate a 90° portion of
the prostate. Single sector devices may be employed for treatment of prostate cancer, while
dual-sectored devices may be used for treatment of benign prostatic hyperplasia (BPH). The
design schema of interstitial and transurethral devices as modeled in this study, are shown in
Figure 1.

Coupled acoustic-thermal model for ultrasonic ablation
We developed a 3D coupled acoustic-thermal model using the finite element method (FEM)
to determine the transient temperature profile in tissue, when heated with interstitial and
transurethral ultrasound applicators. Heat transfer in tissue was modeled with the Pennes
bioheat equation [58]:

(1)

where ρ [kg m−3] is tissue density, c [J kg−1 K−1]is tissue specific heat capacity, T[K] is
temperature, k [W m−1 K−1] is tissue thermal conductivity, Qs [W m−3] is acoustic power
deposited, ṁbl [kg m−3 s−1] is blood mass perfusion rate, cbl [J kg−1 K−1] is specific heat
capacity of blood and Tbl [K] is temperature of inflowing arterial blood. Table I lists
nominal values for tissue properties considered in this study. For tubular ultrasound sources,
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the acoustic power deposition emitted along the length of each transducer segment is given
by (Equation 2):

(2)

where α is acoustic absorption coefficient, Is is intensity on the transducer surface, r0 is
radius of the transducer, r is radial distance from the transducer center, μ is acoustic
attenuation coefficient, and r’ is radial distance from the transducer surface [59]. The
cumulative heat source is obtained by summing up the contribution of all transducers.
Maximum power supplied to each transducer segment was set to 15 W and 20 W for
interstitial and transurethral applicators, respectively. Independent PI controllers were
employed to modulate power supplied to each transducer/transducer sector in order to limit
peak tissue temperatures to 90 °C. The same controller coefficients (kp = 0.5, ki = 0.004)
were used for all feedback-control simulations. Maximal temperatures in the plane through
the center of each transducer sector were sampled every 10 s and used to update applied
electrical power. The sampling time of 10 s was selected to investigate modeling and control
parameters based upon update intervals typical for currently available multi-slice MR
thermometry for monitoring and controlling thermal ablation procedures [60]. In order to
gain an appreciation for the impact of feedback control on any differences observed between
models, open-loop ablations (no feedback control) were also simulated for 180° interstitial
applicators in prostate tissue. A constant 10 W was applied to each transducer segment for
15 mins. This power level was selected as it was the highest power level to yield tissue
temperatures below 100 °C (above which tissue water vaporisation and subsequent
unpredictable heating may occur due to the presence of bubbles).

The FEM model was implemented in COMSOL Multiphysics v3.5a (COMSOL Inc.,
Burlington, MA) and all post-processing was performed with MATLAB (The Mathworks,
Inc., Natick, MA). Initial tissue temperature (T0 = Tbl) was set to 37 °C. Boundary
conditions on the edges of the modeled tissue (10 cm × 10 cm × 8 cm) were set to a fixed
temperature of 37 °C. A convective heat transfer boundary condition (equation 3), with h =
500 W m−1 K−1 and T∞ = 25 °C, was applied at the inner catheter wall.

(3)

Quadratic Lagrangian elements were used to discretize the solution space. A sub-millimeter
mesh resolution (maximum element edge length ~ 0.5 mm) was employed at the surface of
the applicators, with progressively increasing mesh element size away from the applicator,
with maximum element edge length restricted to 3 mm within the entire computational
domain. A nonlinear, implicit solver with variable time steps (0.001 < Δt < 5 s) was used to
solve the transient bioheat equation for 15 min ablations. A Cauchy convergence test was
performed to ensure that the selected mesh resolution did not impact the quality of the
solution. Thermal dose and Arrhenius tissue damage calculations were updated at each time
step and used to update values of tissue physical properties, as described in the following
sections.

Asssessment of tissue damage due to heat
Thermal damage is a complex function of the time-temperature history during heating.
Several models of thermal injury and destruction due to heating have been reported in the
literature and have been reviewed in Dewhirst et al. [61] and Dewey [62]. Henriques [49]
modeled cell-death as a two-state, first-order kinetics process using the Arrhenius equation.
This technique has been used to predict thermal tissue damage and physical changes
associated with thermal exposure in several tissue types [25, 63–69]. Equation 5 describes
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the rate process, while Equation 6 describes how the value Ω is related to the ratio of
damaged to undamaged cells after heating for duration t.

(5)

(6)

The parameters ΔE, activation energy, and A, frequency factor, are specific to tissue type,
and need to be established experimentally. He et al. [66] have reviewed techniques for
measuring the Arrhenius parameters, ΔE and A, using different indicators for assessing
thermal damage in prostate and kidney tissue. Borrelli et al. [70] measured rate process
parameters for baby hamster kidney cells heated up to 57 °C. Parameters for ΔE and A
reported in [66] and [70] have been used in several simulation studies to compute thermal
damage after ablation of prostate targets. Similar to other simulation studies of liver ablation
[29], we employed Arrhenius parameters reported in [70] for estimating thermal damage in
liver tissue. Parameter values for ΔE and A used in this study are listed in Table I.

Sapareto and Dewey [48] presented a thermal isoeffective dose model where non-isothermal
heating can be compared to isothermal heating at a reference temperature, which is typically
43 °C. The cumulative equivalent thermal dose of heating at 43 °C is given by equation (4).

(4)

For most soft tissues, the threshold for coagulative necrosis is within the range 100 < t43 <
1000 min [61, 62]. A threshold of t43 ≥ 240 min has been shown to correspond to
coagulative necrosis and is therefore used as an indicator of treatment endpoint for most soft
tissues [62, 68, 71, 72]. The thermal isoeffective dose model is derived from the Arrhenius
equation, and more details of the derivation can be found clearly outlined in [61, 62, 69, 73].

Some computational and in vivo studies of thermal ablation have used temperature
isotherms for assessment of extent of the ablation zone, as well as a control feedback
parameter for indicating adequate ablation [20]. Temperature is readily measured during
ablations through invasive thermometry or, more recently, with magnetic resonance
thermometry. Temperature thresholds in the range 50—60 °C have been used as indicators
of treatment endpoint using various thermal ablation modalities; These temperature
thresholds are dependent on the attained temperature and treatment duration and have been
demonstrated to be within 50–55 °C for catheter-based ultrasound[20, 74, 75]. In this study,
we compared thermal dose and thermal damage indicators of necrosis to temperature
thresholds in the range 50—54 °C for the 5—15 min ablations.

At each time step, thermal dose and thermal damage were calculated by numerical
integration of the transient temperature profile. These data were used to determine
appropriate changes in tissue properties depending on the tissue model being employed.
Upon termination of heating, these damage measures were used to estimate volume and
radial penetration of the ablation zones and extents to which thermal toxicity occurs.

Tissue models
We considered thermal ablation with interstitial and transurethral ultrasound applicators in
representative numerical models of prostate and liver tissue. Table I lists nominal values of
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tissue acoustic and thermal properties for both prostate and liver tissue. In addition, we
incorporated into our models dynamic changes in acoustic attenuation/absorption
coefficients, microvascular blood perfusion and thermal conductivity.

Damianou et al. [31] measured ultrasonic attenuation and absorption coefficients during
heating, as a function of thermal isoeffective dose (t43) and temperature. They noted
acoustic attenuation/absorption increases linearly with the logarithm of thermal dose and
temperature, until it attains a value approximately double its value at basal temperature
(Figure 2a). Above an upper threshold, acoustic attenuation/absorption ceased to increase
with further heating. Similar results were reported by Clarke et al. [30], Worthington et al.
[32], and Tyreus and Diederich [33].

With moderate heating, blood flow can increase as the body attempts to carry excess heat
away in order to maintain basal temperature [36, 76, 77]. With further heating, however, the
rate of blood flow diminishes, before subsequent vascular stasis at elevated temperatures.
Models of perfusion varying as functions of temperature and thermal dose have been used
for simulating thermal ablation and hyperthermia [55, 77]. He et al. [37] used a nonlinear
data fitting technique to determine a blood perfusion profile in porcine kidney, that resulted
in the best match between theoretically computed temperature profiles and temperature
measurements during in vivo ablations using a microwave applicator. They used an
Arrhenius model (Equation 5) to estimate the degree of vascular stasis (DS) based on the
transient temperature profile during heating, and varied blood perfusion as a function of DS.

In this study, we considered five different models to describe changes in tissue properties
during ablation (Table II). In all models, tissue specific heat capacity and density were held
constant, while thermal conductivity increased linearly with temperature. The differences
between the models were the manner in which changes in acoustic attenuation/absorption
coefficient and blood perfusion rates were modified during ablation. Models 1—3 adjust the
acoustic absorption/attenuation coefficients as a function of the logarithm of accumulated
thermal dose (t43). This relationship is illustrated in Figure 2a. In model 1, blood perfusion
was adjusted using a piecewise linear representation of He et al.’s [37] model, proposed by
Schutt and Haemmerich [29] and illustrated in Figure 2b. This model calculates the degree
of vascular stasis using an Arrhenius relationship (equation 3), with coefficients A = 1.98 ×
10106 s−1 and ΔEa = 6.67 × 105 J mol−1. Note that these coefficients are specific to blood
perfusion changes, and are unrelated to the coefficients for tissue thermal damage described
earlier. Blood perfusion in model 2 is adjusted using a similar relationship to model 1,
however, the thresholds are determined based on t43. Model 3 adjusts blood perfusion as a
step function of thermal dose (t43) – a nominal value for blood perfusion is used while t43 <
300 min. Above a threshold dose of t43 ≥ 300 min, blood perfusion is set to zero. Model 4,
adjusts acoustic attenuation/absorption coefficient as a function of temperature. The
attenuation/absorption coefficient increases linearly with temperature in the range 50 ≤ T ≤
65 °C, as reported by Damianou et al. [31]. Blood perfusion is adjusted in a manner similar
to models 1 and 2, however, using temperature thresholds. Lastly, the most simplistic model
(model 5), uses a constant value for tissue attenuation/absorption, while modeling blood
perfusion as a step function of temperature. Each of these models was implemented using
nominal values for representative prostate and liver tissue, as listed in Table I. Formulas and
thresholds for variations in acoustic attenuation/absorption coefficient and blood perfusion
rates are presented in Table II. In all models, we employed a temperature coefficient of 0.2
%/°C for tissue thermal conductivity [35].

Patient-specific planning of thermal ablation
Selected models from above were also implemented in a 3D patient specific treatment
planning platform currently under development for thermal ablation with the catheter-based
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ultrasound technology. To illustrate the implementation of patient-specific treatment plans
with these models,, forward treatment plans for two types of ultrasound ablation treatments
in prostate were calculated. Sequential computed tomography (CT) slices of patients with
representative anatomies were contoured manually using the Oncentra MasterPlan
(Nucletron B.V., Veenendaal, The Netherlands) radiotherapy treatment planning tools to
delineate the target, prostate, rectum and bladder. These contours were then imported into
the FEM modeling environment, where the 3D patient anatomy was reconstructed. The
transient temperature distributions were solved with ultrasound applicators positioned for
two treatment strategies: (1) sectored transurethral applicator and (2) sectored interstitial
applicator to ablate localized prostate cancer in the posterior quadrant of the prostate gland.
In each case, dynamic changes in tissue properties were included using tissue model 3.
Independent PI controllers for each transducer segment were employed to limit peak tissue
temperatures to 90 °C. Treatment monitoring points (“pilot points”) along the outer
boundary of the target were identified and associated with each active transducer. Power
supplied to each transducer was allowed to reach 12 W and 15 W maximum for interstitial
and transurethral applicators, respectively and reduced to 0 W after thermal dose at
corresponding pilot points exceeded a threshold of t43 ≥ 240 min. In order to account for
accrued thermal dose, treatment simulations were continued for 2 min after power to all
transducer sectors was set to 0 W.

Results
Models of dynamic changes in tissue properties

To study the impact of using different models for dynamic changes in tissue properties
during ablation, we modeled 5—15 min ablations in prostate and liver targets using
interstitial and transurethral applicators. Interstitial applicators with 90°, 180°, or 360°
sonication patterns and transurethral applicators with 90° sectored transducers were
modeled. Extents of the ablation zone, as measured by critical temperature, thermal dose and
thermal damage thresholds were calculated at the end of each time step and at completion of
the treatment. Table III lists volumes of the ablation zone as determined by different
measures for each of the tissue models 1—5, after 5, 10 and 15 min ablations. Figure 7
summarizes the radial depth of the ablation zone after 15 min treatments for interstitial
applicators in prostate and liver tissue when using tissue models 1—5. Figure 4a shows the
radial depth of the ablation zone after 15 min ablations for transurethral applicators in
prostate and liver tissue when using tissue models 1— 5. Simulations were performed using
three different blood perfusion rates, to illustrate the impact of varying blood perfusion
levels.

Near identical values for radial depth and volume of ablation zones are obtained using
models 1—3 when modeling ablations in prostate tissue with interstitial and transurethral
applicators. At a nominal perfusion rate of 2.5 kg m−3 s−1, ablation zone volumes for 5—15
min ablations computed using models 2 and 3 are all within 2.6% of those computed using
model 1. For ablation in liver tissue using interstitial applicators, models 2 and 3 predict
ablation zone volumes within 4.2% and 8.7%, respectively, of those predicted by model 1.
Even though model 3 employs a binary change in blood perfusion above a threshold thermal
dose, the volume/radial depth of the ablation zone after 15 min heating is nearly identical to
models 1 and 2. Model 4, which uses a temperature-based model for adjusting acoustic
attenuation coefficients and blood perfusion rates, estimates smaller values for volume and
radial depth of the ablation zone, compared to models 1—3. In prostate tissue, ablation zone
volumes computed using model 4 are 5.3—14.7% smaller than those computed with model
1. In liver tissue, the ablation zone volumes computed by model 4 are 11.1 (5 min)—26.8%
(15 min) smaller than those computed by model 1.
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In addition to assessing the extents of the ablation zone (zone of coagulative necrosis),
theoretical models are useful to determine the safety of an ablation procedure. That is,
models may be used to determine the extent to which thermal toxicity occurs, to in order to
evaluate the risk of potential damage to adjacent critical structures. The T = 43 °C isotherm
is a metric of the onset of thermal toxicity that has been used in the literature for assessing
thermal safety [78]. Fig. 5 shows the radial extent of the onset of thermal toxicity after 5—
15 min ablations with a 180° interstitial applicator in a prostate target computed using tissue
models 1—5. Radial depth of the T = 43 °C contours computed using models 1—4 are
within 3.3% of each other for 5 min ablations, and 6.0% of each other for 15 min ablations.
Radial depth of the T = 43 °C contours after 5—15 min ablations computed using model 5
are 22.8%—25.1% larger than those computed using model 1.

The models implemented in this study included a feedback control algorithm that adjusted
power levels so as to maintain maximum tissue temperatures associated with each active
element at Tset = 90 °C. The choice of tissue model used to simulate the ablation affects the
computed maximal tissue temperatures, and therefore the applied power levels. To study the
impact of the choice of tissue model on the control algorithm, we simulated 15 min ablations
with 180° interstitial applicators in a prostate target. Fig. 6a shows the time taken to reach
Tset = 90 °C when using tissue models 1—5 to model ablations both with and without
feedback control. The time taken to reach a temperature of 90 °C are within 3.4% using
models 1—3 regardless of whether or not a controller is used. Using model 4, time taken to
90 °C is 12.5%—16.1% larger than when using model 1. Using model 5, time taken to 90
°C is 45.2% larger than when using model 1 if a controller is employed. Without a
controller, a temperature of 90 °C is not attained in 15 min of heating when using tissue
model 5. Fig. 6b shows the transient evolution of power applied to a 180° ultrasound sector
during a 15 min ablation using the feedback controller, when simulated using tissue models
1—5. While power trajectories computed using models 1—4 are quite similar, a
substantially different power trajectory (greater power levels for longer durations of time) is
computed using model 5.

Metrics for assessing thermal damage
For each of the applicator/tissue configurations explored in this study, we calculated radial
depth and volume of the ablation zone as measured by critical thresholds of temperature (50,
52, and 54°C), thermal dose (240 min) and thermal damage (Ω ≥ 4.6) metrics. Figure 4
summarizes the radial depth of the ablation zone during the course of 15 min ablations with
interstitial applicators in prostate and liver tissue. Figure 4b. shows the radial depth of the
ablation zone during the course of a 15 min ablation in prostate tissue with a transurethral
applicator. Figures 4b and 7 display data collected using tissue model 1, the most
comprehensive model of dynamic changes in tissue properties during heating.

Patient-specific treatment plans
In order to investigate the utility of these theoretical models for treatment planning, we
created patient-specific treatment plans for prostate ablations using interstitial and
transurethral devices. Figure 8 shows the final temperature profiles and regions of thermal
destruction calculated for an interstitial 90° sectored applicator positioned in the posterior
portion of a prostate, directing energy toward a focal region of prostate cancer in the
peripheral region. Similarly, Figure 9 shows temperature and dose metrics for the case of a
90° sectored transurethral applicator aiming from the urethra towards the target in the
posterior portion of the prostate. For each of these cases, the critical temperature (T ≥ 52
°C), thermal dose (t43 ≥ 240 min) and thermal damage (Ω ≥ 4.6) clouds are shown to be in
close agreement. PI control to regulate maximum temperature, as well as pilot-point control
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on the target boundary was used for each of these cases, with applied power durations of 530
s (case 1) and 490 s (case 2).

Discussion
This study was initiated to explore various models for dynamic tissue changes and to
determine the best approaches for comprehensive modeling of the temperature distributions
and for calculation of thermal tissue destruction during catheter-based ultrasound ablation
incorporating temperature based feedback control. We considered five models for dynamic
changes in tissue properties. Models 1—3 are based on in vivo measurements of tissue
properties during and after heating, whereas models 4 and 5 are simplified models often
used in simulation studies (Table II). As shown in Figures 3 and 4a, and Table III, near
identical values for radial depth and volume of ablation zones are obtained using models 1—
3 for 5—15 min ablations. These models all adjust acoustic attenuation/absorption using the
same method (linear with the logarithm of accrued thermal dose), while adjusting blood
perfusions using varying thresholds of thermal damage or thermal dose. This can be
attributed to the steepness of thermal dose/thermal damage gradients near the edge of the
ablation zone. As a result, even small changes in temperature result in large changes in
thermal dose (see Figure 10). Thus, the effective changes in perfusion between models 1—3
are likely quite similar to each other. Model 4, which adjusts acoustic attenuation/absorption
and blood perfusion based on temperature thresholds, estimates smaller values for volume
and radial depth of the ablation zone, compared to models 1—3. As shown in Table III,
differences in ablation zone volumes computed using model 4 compared to model 1, are
smaller for short duration ablations (5 min) compared to longer (10—15 min) ablations.
Additionally, differences between ablation zone volumes computed using model 4 and
model 1 are larger for ablations in liver tissue (11.1—26.8%) compared to prostate (5.3—
14.6%). For longer duration ablations (> 5 min), temperature at radial distances 10 – 15 mm
away from the applicator may be in 48—50 °C range, even though accumulated thermal
dose may be quite high. Thus, the tissue models tested herein with temperature mediated
perfusion models (models 4 and 5) will tend to maintain nominal perfusion values longer
than the thermal dose/damage-based perfusion functions (models 1—3), which can result in
smaller size of the predicted ablation zone. It is noted that model 4 also includes a
temperature-based model for attenuation changes and that the perfusion model may not be
solely responsible for the observed differences.. Models employing only temperature
dependent changes in tissue properties are less comprehensive representations than those
taking into account the time-temperature history. Nevertheless, they require fewer
computational resources and include some consideration of changes in tissue dynamics,
which are completely neglected in homogeneous tissue models.

As the tissue absorption coefficient increases during heating, the rise in temperature due to
incident acoustic energy increases proportionally, whereas with a constant attenuation model
(model 5) the rise does not change. This also has the effect of less energy propagating
further out into tissue. Thus, when using a constant value for the tissue absorption/
attenuation coefficient (model 5), tissue in regions further away from the applicator receive
more energy than in models that consider changes in absorption/attenuation coefficients
(models 1—4). This results in values for extents of the ablation zone and thermal toxicity, as
shown in Figures 3—5. For the same reason, models that do not account for increases in
absorption coefficient (model 5) compute lower values for tissue maximum temperatures
(Figure 6). The feedback control algorithm considered in this study modulates applied power
based on maximal tissue temperature associated with each transducer. Since maximal tissue
temperatures computed using model 5 are lower than those computed using models 1—4,
the power calculated by the feedback control algorithm when using model 5 will be greater,
as seen in Figure 6.
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We modeled several applicator designs – interstitial (sectored and unsectored) and
transurethral (sectored) – under development for ablation of targets in the prostate, to
determine the relative importance of tissue models for all the applicator designs. In addition
to computing predicted radial depth of ablation zones, we computed volumes of the ablation
zone to account for any differences in extents of the ablation zone near the edges of
transducer sector cuts. For all applicators in prostate tissue, extents of the ablation zone
computed using model 5 were substantially greater than those computed using model 5. The
difference between models 1—4 and model 5 were greater for 90° applicators compared to
180° and 360° applicators. This is explained by the fact that the applied electrical power to
each active transducer segment was consistent across all test cases, and thus the acoustic
power deposited for 90° applicators was proportionally larger compared to the 180° and
360° devices at the onset of heating.

In liver tissue, however, where the blood perfusion rate is higher (15 kg m−3 s−1) and
acoustic absorption coefficient (4.5 Np m−1 MHz−1) is lower, model 5 estimates smaller
radial depths and volumes of ablation zones than the other models (47.1% smaller than
model 1). Compared to prostate tissue, a much larger amount of energy is required to
overcome the perfusion heat sink and induce thermal necrosis. As tissue heats up, acoustic
absorption increases, thereby increasing the rate of local tissue heating. Due to the larger
absorption coefficient, the large perfusion heat sink can be overcome to yield therapeutic
temperatures. Models that do not account for increased ultrasound absorption during heating
will not properly account for the absorbed power in tissue and resultant heat source. In
highly perfused tissue such as liver, this may lead to reduced ablation zone predictions.

These results indicate the stark differences in indicators of treatment zone, safety, and
implications for controller design, when modeling thermal ablation of tissue catheter-based
ultrasound applicators using tissue models of varying complexity. The role of acoustic
attenuation/absorption and blood perfusion are particularly important. For treatment
planning and monitoring purposes, the exact model used to vary the tissue properties
(temperature, thermal dose or thermal damage) are not as important as including some
appreciation for the changes in these properties during heating. These results are in
agreement with other reports, which show that size of the ablation zone created by focused
planar transducers is overestimated when using tissue models that do not include dynamic
changes in tissue absorption/attenuation during heating [26, 28, 45, 57]. Schutt and
Haemmerich [29] studied the impact of microvascular blood perfusion models on the sizes
of ablation zones created during RF ablation in liver tissue. Their results show that models
which assume a fixed perfusion rate below a threshold temperature of 60 °C, and zero
perfusion above this threshold, estimate smaller sizes of ablation zone compared to models
that adjust the blood perfusion rate as a function of tissue damage. Similarly, our simulations
in liver tissue (Figure 3D) using a similar perfusion model (model 5) predicted reduced
ablation zone sizes, although we note that this model also incorporated a constant tissue
attenuation coefficient.

The transient growth of the ablation zone as measured by temperature, thermal dose and
thermal damage metrics are shown in Figures 4b and 7. Typical thresholds for each of the
measures of extents of the ablation zone (as indicated by thermal necrosis) are shown. Using
temperature thresholds for these specific catheter-based ultrasound applicators, it is
important to consider the duration of the treatment. For short duration treatments, a
temperature threshold of T ≥ 54 °C is in close agreement with thermal dose and thermal
damage measures of the extent of necrosis. However, at longer treatment durations, lower
thresholds closer to T ≥ 50 °C are more suitable. The Arrhenius damage indicator, with
appropriate parameters chosen for the specific tissue type, is one appropriate method to
model thermal damage due to heating. However, as indicated in the literature, it may be
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difficult to obtain parameters for every tissue type, as may be required for patient-specific
treatment planning [66]. Recent studies have demonstrated that even small changes in
Arrhenius model parameters may have a large impact on estimates of thermal damage [73],
although, in contrast, other studies have shown good correlation between experimentally
measured damage and predictions using general Arrhenius coefficients [75]. Thermal dose is
another measure which takes into account the time-temperature history, and requires a single
set of R values and is another suitable model for thermal damage of most tissue types when
heated to moderate—high temperatures up to approximately 60 °C [68, 70, 79, 80]. It is
noted that there are some studies that suggest the thermal isoeffective dose model is not
accurate above ~50 °C [66, 73]. A critical thermal dose threshold indicating a desired level
of thermal damage can be established for each tissue type. In vivo studies with interstitial
and transurethral ultrasound devices have shown good agreement between t43 = 120—240
min and thermal damage zones at the outer boundary of lesions generated in brain and
prostate [74, 81–83]. The results presented here indicate that, for 5—15 min ablations
typical with this energy modality, a critical thermal dose of t43 ≥ 240 min agrees well with
other thermal damage measures presented in the literature. Figure 10 illustrates temperature,
thermal dose and thermal damage profiles in the radial direction from a 180° interstitial
applicator after a 15 min ablation. It is evident from these contours that the temperature,
thermal dose and thermal damage gradients are extremely steep at the edges of the ablation
zone, and that even large changes in t43 (100—1000 min) and Ω (4.6—0.5) yield changes in
radial depth of the ablation zone of 1.0 mm and 1.9 mm, respectively. This level of precision
in estimating extents of the ablation zone is suitable for treatment planning and monitoring
purposes, given the uncertainties in knowledge of patient-specific tissue properties.

The results presented in this study are in good agreement with other quantitative analyses of
thermal dose and thermal injury measures. Yung et al. [75] reported that critical thermal
dose (t43 ≥ 240 min), thermal damage (Ω ≥ 1), and temperature (T ≥ 57 °C) thresholds
predict extents of the ablation zone in close agreement with contrast-enhanced MRI
immediately following short duration (1—4 min) in vivo laser ablation of canine brain. Due
to the steep gradients of the thermal damage and dose profiles at the edges of the ablation
zone, they found that adjusting thermal dose and thermal damage thresholds for thermal
necrosis had a small, but statistically insignificant impact on the match between calculated
and measured extents of the ablation zone. Shafirstein et al. [68] compared histologically
observed extents of thermal necrosis following in vivo thermal ablation with a thermal
conduction probe, with simulated thermal dose and thermal damage profiles. They found
both thermal damage (Ω ≥ 1) and thermal dose (t43 ≥ 240 min) thresholds to be in close
agreement (< 2 mm) with observed histology, over a range of maximum probe temperatures.

Figures 8 and 9 show T ≥ 52 °C, t43 ≥ 240 min and Ω ≥ 4.6 isosurface clouds of sample
treatment plans for thermal ablation with transurethral and interstitial applicators in a
representative human prostate. For both treatment plans, extents of the predicted ablation
zone as indicated by temperature, thermal dose and thermal damage isosurfaces are in close
agreement. These models may be utilized by physicians in treatment planning prior to
performing a treatment, to evaluate potential placement positions for the device to maximize
the likelihood of complete ablation of the target zone while sparing surrounding critical
structures. The sample patient-specific plans presented here illustrate the feasibility of
treating targets in clinically relevant situations using interstitial and transurethral ultrasound
applicators.

The models studied in this work may be used in conjunction with mathematical optimization
techniques to optimize treatments plans for individual patients. Since mathematical
optimization requires repeated calculation of the temperature profile for a given applicator
configuration, model complexity of the speed of computation have to be traded off. Ablation
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models based on temperature-dependent tissue properties require fewer computational
resources than models based on thermal dose or thermal damage thresholds. In particular,
adjusting tissue properties based on thermal dose or thermal damage requires more memory
for storing the thermal dose/damage profile at all points in the computational domain,
compared to models that adjust tissue properties on temperature. Thus, temperature-based
models may be more suitable for treatment planning routines and model-based feedback
control techniques that evaluate the temperature profile multiple times in order to evaluate
an optimum configuration. More comprehensive models that adjust tissue properties based
on thermal dose and damage may be more suitable in situations where fast computation is
not essential.

One limitation of this study is that we only analyzed ultrasound applicators with tubular
transducers, while neglecting planar and curvilinear (moderately curved) transducers. We
note that planar and curvilinear transducers provide a more focused emission of acoustic
energy, thereby depositing much larger amounts of acoustic energy close to the transducer.
Based on results shown here for 90° sectored transducers versus 360° transducers,
incorporating dynamic changes in tissue properties would be of even greater importance for
these cases [57]. In this study, we focused on modeling catheter-based ultrasound ablation
with temperature based feedback control, as would be applied in a practical setting. We
implemented closed-loop control, using temperature information in sampling intervals that
may be obtained from MR thermometry, to limit maximum tissue temperature.

Conclusion
Bioheat transfer models are a valuable tool for exploring device designs and treatment
delivery strategies for thermal ablation devices. We have studied the impact of dynamic
changes in tissue thermal and acoustic properties on the size of ablation zones estimated by
bioheat transfer models with temperature based feedback control of interstitial and
transurethral ultrasound applicators. There are considerable differences in computed sizes of
ablation zones, safety margin, and maximum tissue temperatures, when employing tissue
models that adjust acoustic attenuation and blood perfusion dynamically compared to those
that to not adjust attenuation, even though, the specific model used to vary the properties are
less consequential. We also performed a comparative analysis of several thermal damage
models for assessing extents of the ablation zone. Results of this analysis demonstrate that
for the 5—15 min thermal ablations typical with this modality, thermal damage and thermal
dose measures are in good agreement with each other. Temperature thresholds may be used
as indicators of treatment endpoint, however, careful attention must be given to the duration
of the ablation. Since temperature is the quantity directly measured during treatments,
knowledge of these temperature thresholds is of great practical value. Finally, we illustrate
the implementation of these models for creating patient-specific treatment plans for thermal
ablation treatments. These plans may be used in conjunction with numerical optimization
strategies to determine optimal applicator positioning, orientation and power settings for
individual treatments.
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Figure 1.
Catheter-based ultrasound applicators with tubular transducer segments for thermal ablation:
(top) 2.4 mm OD applicator suitable for interstitial or percutaneous ablation of prostate and
liver targets, (bottom) 10 mm OD transurethral applicator for ablation of prostate targets.
Transducers may be modified to sonicate in 90°, 180°, or 270° sectors of the angular
expanse, or left unmodified for 360° sonication. (Not to scale).
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Figure 2.
(a) Acoustic attenuation coefficient, α = kα α0, increases linearly with the logarithm of
thermal dose, t43, as described in [31] and employed in models 1—3 (b) Blood mass
perfusion rate ṁbl = ṁ0,blṁrel, varies as a function of degree of vascular stasis, computed
using an Arrhenius model, as described in [29] and [37] and employed in model 1.
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Figure 3.
Radial depth of ablation zone after 15 min ablations in prostate and liver targets using
interstitial applicators as predicted by thermal dose (t43) and thermal damage (Ω1 uses
Arrhenius parameters reported in [66] and Ω2 uses parameters reported in [70]) indicators.
Error bars indicate ranges computed using higher (5 kg m−3 s−1 in prostate, 20 kg m−3 s−1 in
liver) and lower (1 kg m−3 s−1 and 10 kg m−3 s−1) values for the nominal (2.5 kg m−3 s−1 in
prostate, 15 kg m−3 s−1 in liver) blood perfusion rate. (a) 360° applicator in prostate (b) 180°
applicator in prostate (c) 90° applicator in prostate and (d) 360° applicator in liver.
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Figure 4.
(a) Radial depth of ablation zone after 15 min prostate ablations with a 90° transurethral
applicator, as predicted by thermal dose (t43) and thermal damage (Ω1 uses Arrhenius
parameters reported in [66] and Ω2 uses parameters reported in [70]) indicators (b) Radial
depth of the ablation zone as indicated by temperature, thermal dose (t43) and thermal
damage (Ω1 and Ω2) thresholds, over the course of a 15 min ablation with a 90° transurethral
applicator in prostate and liver tissue.
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Figure 5.
Radial depth of the extents of thermal toxicity, as indicated by T = 43 °C isotherm, after 5—
15 min thermal ablations with a 180° interstitial applicator in prostate target, simulated using
tissue models 1—5.
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Figure 6.
(a) Transient evolution of maximum tissue temperature during 15 min ablations (with and
without feedback control) using a 180° interstitial applicator in a prostate target. (b)
Transient evolution of power applied to a 180° ultrasound sector as determined by the
control algorithm simulated using tissue models 1—5.
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Figure 7.
Radial depth of the ablation zone as indicated by temperature, thermal dose (t43) and thermal
damage (Ω1 and Ω2) thresholds, over the course of a 15 min ablation with interstitial
applicators in prostate and liver tissue. (a) 360° applicator in prostate (b) 180° applicator in
prostate (c) 90° applicator prostate and (d) 360° applicator in liver.
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Figure 8.
Patient-specific treatment simulation and plan for targeting prostate cancer in the posterior
gland using a directional (90°) interstitial ultrasound applicator, implanted in the peripheral
gland and directed toward the urethra; (a) thermal damage (Ω ≥ 4.6) and temperature (T ≥ 52
°C) isosurfaces indicating coagulative necrosis, (b) thermal dose (t43 ≥ 240 min) and
temperature (T ≥ 52 °C) isosurfaces indicating coagulative necrosis, (c) temperature map in
axial slice through the center of the applicator with critical temperature, thermal dose and
thermal damage contours overlaid.
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Figure 9.
Patient-specific treatment simulation and plan for targeting focal prostate cancer in the
posterior gland using a directional (90°) transurethral ultrasound applicator directing energy
toward the periphery; (a) thermal damage (Ω ≥ 4.6) and temperature (T ≥ 52 °C) isosurfaces
indicating coagulative necrosis, (b) thermal dose (t43 ≥ 240 min) and temperature (T ≥ 52
°C) isosurfaces indicating coagulative necrosis, (c) temperature map in axial slice through
the center of the applicator with critical temperature, thermal dose, and thermal damage
contours overlaid.
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Figure 10.
Simulated temperature, thermal dose (t43), and thermal damage (Ω) profiles after 15 min
ablation with a 180° interstitial applicator in prostate tissue, showing sharp fall off of
thermal dose and thermal damage profiles in regions close the boundary of the ablation
zone.

Prakash and Diederich Page 28

Int J Hyperthermia. Author manuscript; available in PMC 2012 June 04.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

Prakash and Diederich Page 29

Ta
bl

e 
I

N
om

in
al

 v
al

ue
s 

fo
r 

tis
su

e 
ph

ys
ic

al
 p

ro
pe

rt
ie

s 
an

d 
m

od
el

 p
ar

am
et

er
s.

V
al

ue
U

ni
ts

R
ef

er
en

ce

P
ro

pe
rt

y
Sy

m
bo

l
P

ro
st

at
e

L
iv

er

D
en

si
ty

ρ
10

50
10

50
kg

 m
−

3
[8

4]

Sp
ec

if
ic

 h
ea

t c
ap

ac
ity

c
36

39
36

39
J 

kg
−

1  
K

−
1

[8
4]

T
he

rm
al

 c
on

du
ct

iv
ity

k 0
0.

54
0.

51
W

 m
−

1  
K

−
1

[8
4]

N
om

in
al

 b
lo

od
 p

er
fu

si
on

 r
at

e
ṁ

0
2.

5 
(1

—
5)

15
 (

12
–1

8)
kg

 m
−

3  
s−

1
[8

4]

N
om

in
al

 a
co

us
tic

 a
tte

nu
at

io
n 

co
ef

fi
ci

en
t

μ 0
5.

3
4.

5
N

p 
m

−
1  

M
H

z−
1

[3
1,

 3
2,

 5
7]

N
om

in
al

 a
co

us
tic

 a
bs

or
pt

io
n 

co
ef

fi
ci

en
t

α 0
5.

3
4.

5
N

p 
m

−
1  

M
H

z−
1

[3
1,

 3
2,

 5
7]

A
ct

iv
at

io
n 

en
er

gy
Δ

E
5.

06
4e

5
3.

51
3e

5
J 

m
ol

−
1

[6
6,

 7
0]

Fr
eq

ue
nc

y 
fa

ct
or

A
2.

98
4e

80
3.

18
e5

5
s−

1
[6

6,
 7

0]

Int J Hyperthermia. Author manuscript; available in PMC 2012 June 04.



N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

Prakash and Diederich Page 30

Table II

Complex tissue models for dynamic changes of acoustic attenuation/absorption coefficients and blood
perfusion rate during thermal ablation.

Model No. Relative blood perfusion, ωrel Relative acoustic absorption, αrel

1

2

3

4

5 αrel=1
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Table III

Volume (cm3) of the ablation zone as indicated by thermal dose (t43 ≥ 240 min) and thermal damage measures
(Ω ≥ 4.6) after 5, 10 and 15 min ablation with interstitial and transurethral applicators in prostate and liver
tissue, computed using tissue models 1—5. Values listed in the table are for a nominal perfusion rate (2.5 kg
m−3 s−1 for prostate and 15 kg m−3 s−1 for liver), while values in parentheses are for lower and higher
perfusion rates, as listed in the text.

Ablation
duration

Tissue
Model

Necrosis
Model

Interstitial 360°
(Prostate)

Interstitial 180°
(Prostate)

Interstitial 90°
(Prostate)

Interstitial 360°
(Liver)

Transurethral 90°
(Prostate)

5 min
1

t43 ≥ 240 min 10.8 (9.0—12.1) 5.8 (4.8—6.5) 4.0 (3.3—4.5) 7.3 (6.6—8.1) 7.2 (6.3—7.9)

Ω ≥ 4.6 11.2 (9.3—12.7) 6.1 (5.1—7.0) 4.3 (3.6—4.8) 7.2 (6.5—8.1) 7.6 (6.6—8.4)

2
t43 ≥ 240 min 10.6 (8.7—12.0) 5.6 (4.7—6.5) 3.9 (3.2—4.4) 6.9 (6.2—7.8) 7.1 (6.1—7.8)

Ω ≥ 4.6 11.0 (9.1—12.6) 6.0 (5.0—6.9) 4.2 (3.5—4.8) 6.8 (6.2—7.7) 7.5 (6.5—8.4)

3
t43 ≥ 240 min 10.6 (8.8—12.1) 5.6 (4.7—6.5) 3.9 (3.2—4.4) 7.0 (6.3—7.8) 7.1 (6.1—7.8)

Ω ≥ 4.6 11.0 (9.1—12.6) 6.1 (5.0—6.9) 4.2 (3.5—4.8) 6.9 (6.2—7.7) 7.5 (6.5—8.4)

4
t43 ≥ 240 min 10.1 (8.2—11.7) 5.3 (4.3—6.2) 3.7 (3.0—4.3) 6.4 (5.8—7.2) 6.8 (5.8—7.6)

Ω ≥ 4.6 10.6 (8.5—12.2) 5.7 (4.6—6.7) 4.0 (3.3—4.6) 6.4 (5.7—7.2) 7.2 (6.1—8.1)

5
t43 ≥ 240 min 13.1 (10.2—15.8) 7.3 (5.2—9.0) 6.1 (4.8—7.3) 3.9 (2.7—5.4) 9.1 (7.3—10.5)

Ω ≥ 4.6 13.9 (10.9—16.4) 7.8 (5.7—9.5) 6.6 (5.2—7.8) 3.9 (2.7—5.4) 9.7 (7.9---11.1)

10 min 1 t43 ≥ 240 min 19.7 (15.6—23.6) 9.8 (7.6—11.9) 6.5 (5.1—7.8) 10.5 (9.4—11.9) 10.4 (8.6—12.1)

Ω ≥ 4.6 21.9 (17.2—26.6) 11.4 (8.8—14.1) 7.7 (6.0—5.3) 10.6 (9.5—11.9) 12.0 (9.8—14.1)

2 t43 ≥ 240 min 19.3 (15.1—23.3) 9.5 (7.4—11.7) 6.3 (4.9—7.7) 10.0 (9.0—11.4) 10.2 (8.4—12.0)

Ω ≥ 4.6 21.5 (16.7—26.4) 11.2 (8.5—13.9) 7.5 (5.8—9.3) 10.1 (9.0—11.4) 11.8 (9.6—14.0)

3 t43 ≥ 240 min 19.2 (14.9—23.3) 9.5 (7.3—11.7) 6.3 (4.9—7.7) 9.9 (8.8—11.2) 10.2 (8.3—12.0)

Ω ≥ 4.6 21.6 (16.7—26.4) 11.2 (8.5—14.0) 7.5 (5.8—9.3) 9.9 (8.9—11.3) 11.8 (9.5—14.0)

4 t43 ≥ 240 min 17.7 (13.3—22.3) 8.6 (6.3—11.1) 5.7 (4.3—7.3) 8.2 (7.3—9.5) 9.4 (7.5—11.5)

Ω ≥ 4.6 19.9 (14.9—25.1) 10.2 (7.4—13.2) 6.9 (5.1—8.8) 8.3 (7.4—9.6) 10.9 (8.6—13.4)

5 t43 ≥ 240 min 24.9 (17.6—32.7) 13.4 (8.5—18.5) 10.0 (7.1—13.1) 5.5 (3.4—8.1) 13.6 (10.1—17.4)

Ω ≥ 4.6 28.5 (20.4—37.0) 15.9 (10.4—21.6) 12.0 (8.6—15.2) 5.7 (3.6—8.3) 16.0 (12.0—20.2)

15 min 1 t43 ≥ 240 min 26.2 (19.1—32.9) 12.5 (9.3—16.1) 8.2 (6.2—10.4) 12.1 (10.9—13.9) 12.5 (10.0—15.2)

Ω ≥ 4.6 30.6 (22.8—39.2) 15. 7 (11.4—20.6) 10.3 (7.7—13.4) 12.3 (11.0—14.1) 15.2 (11.9—18.9)

2 t43 ≥ 240 min 25.5 (19.2—32.5) 12.2 (9.0—15.9) 8.0 (6.0—10.2) 11.6 (10.4—13.3) 12.3 (9.7—15.0)

Ω ≥ 4.6 30.0 (22.1—38.7) 15.4 (11.1—20.3) 10.1 (7.5—13.3) 11.7 (10.5—13.5) 15.0 (11.7—18.7)

3 t43 ≥ 240 min 25.2 (18.8—32.3) 12.0 (8.8—15.8) 7.9 (5.9—10.2) 11.3 (10.0—12.9) 12.1 (9.6—14.9)

Ω ≥ 4.6 29.9 (22.0—38.8) 15.3 (11.0—20.4) 10.1 (7.4—13.3) 11.4 (10.2—13.1) 14.9 (11.6—18.7)

4 t43 ≥ 240 min 22.4 (15.9—30.2) 10.5 (7.3—14.5) 6.9 (4.9—9.4) 8.8 (7.8—10.3) 10.9 (8.3—14.0)

Ω ≥ 4.6 26.7 (18.8—36.3) 13.4 (9.2—18.8) 8.9 (6.2—12.3) 9.0 (7.9—10.5) 13.4 (10.0—17.5)

5 t43 ≥ 240 min 32.1 (21.4—45.5) 17.6 (10.4—25.4 12.2 (8.2—16.6) 6.6 (3.9—9.6) 16.2 (11.4—22.1)

Ω ≥ 4.6 39.4 (26.5—55.0) 22.5 (13.6—31.7) 15.5 (10.7—20.3) 6.8 (4.2—10.0) 20.4 (14.4—27.2)
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