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Abstract. Real-time acousto-optic (AO) sensing has been shown to noninvasively detect changes in ex vivo
tissue optical properties during high-intensity focused ultrasound (HIFU) exposures. The technique is particularly
appropriate for monitoring noncavitating lesions that offer minimal acoustic contrast. A numerical model is pre-
sented for an AO-guided HIFU system with an illumination wavelength of 1064 nm and an acoustic frequency of
1.1 MHz. To confirm the model’s accuracy, it is compared to previously published experimental data gathered
during AO-guided HIFU in chicken breast. The model is used to determine an optimal design for an AO-guided
HIFU system, to assess its robustness, and to predict its efficacy for the ablation of large volumes. It was found
that a through transmission geometry results in the best performance, and an optical wavelength around 800 nm
was optimal as it provided sufficient contrast with low absorption. Finally, it was shown that the strategy
employed while treating large volumes with AO guidance has a major impact on the resulting necrotic volume
and symmetry. © 2017 Society of Photo-Optical Instrumentation Engineers (SPIE) [DOI: 10.1117/1.JBO.22.1.017001]
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1 Introduction
High-intensity focused ultrasound (HIFU)—a noninvasive sur-
gical technique in which highly localized heating caused by the
absorption of focused ultrasound results in irreversible tissue
necrosis—is an emerging treatment modality for solid tumors,1,2

uterine fibroids,3 essential tremor,4 and other conditions.5 As
HIFU is completely noninvasive and treatment planning is dif-
ficult due to patient and time-dependent environmental factors, a
reliable treatment monitoring and guidance technique is imper-
ative for its efficacy and its clinical acceptance.6 To date, diag-
nostic ultrasound7–9 and magnetic resonance (MR) imaging
thermometry1,10 are the only two guidance methods that have
seen clinical use.

Although diagnostic ultrasound scanners are inexpensive,
portable, and capable of imaging in real time, there is insuffi-
cient contrast between necrotic and healthy tissue to reliably
image HIFU lesions unless the exposure generates boiling
within the tissue,11–15 resulting in unpredictable and abnormally
formed lesions.16–18 Moreover, it is possible to generate HIFU
lesions in tissue without boiling or excessive cavitation activity,
resulting in necrotic tissue that is not readily visible on a diag-
nostic ultrasound scan. MR thermometry, on the other hand, is
able to provide quasi-real time temperature measurements in situ
with spatial resolution on the order of 1 mm and temporal res-
olution on the order of 1 frame∕s.6 Temperature measurements
are then used to calculate the thermal dose19 delivered to the
tissue fromwhich one can infer thermal damage. MR thermometry

is currently considered the “gold standard” for HIFU guid-
ance.6,20 However, MR guided HIFU systems are expensive,
complex, nonportable, and sensitive to patient movement,2 elic-
iting the motive for new approaches to monitoring lesion forma-
tion, preferably in real time.

In contrast to the two clinical HIFU monitoring methods,
which sense indirect indicators of thermal damage, there are sev-
eral experimental methods under investigation that directly
image or sense tissue properties that change with thermal dam-
age, such as elasticity,21,22 photoacoustic properties,23 or optical
properties.24,25 In the latter case, both the optical scattering, μs,
and absorption, μa, coefficients of the tissue increase due to the
thermal dissociation of phospholipid cellular membranes and
thermal denaturation of intracellular and extracellular proteins.26

Additionally, the formation of methemoglobin from hemoglobin
during blood coagulation has been shown to cause a further
increase in the absorption coefficients of tissues.27 Recently,
real-time acousto-optic (AO) sensing of thermally induced
changes in the optical properties of ex vivo tissues has been dem-
onstrated during noncavitating HIFU exposures.24,25 When tis-
sue is illuminated by diffuse light and insonified with HIFU, the
light that passes through the HIFU focus becomes phase modu-
lated by periodic density variations and periodic displacements
of scattering sites.28–31 By monitoring changes in the flux of
phase-modulated light, one can directly monitor changes in opti-
cal scattering and absorption caused by HIFU-induced heating
in the focus. The same sound field is used both to induce heating
and pump the AO phase modulations; thus, the sensing and
treatment volumes are automatically co-registered.
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Although this technique has been demonstrated ex vivo, it has
not been optimized to work in a clinical setting and the param-
eters affecting the AO detectability of HIFU lesions are not well
understood. The goal of this study is to use a modeling-based
approach to determine the optimal design for an AO-guided
HIFU system, to develop a treatment strategy for the ablation of
large volumes, and to assess the robustness of the system’s sig-
nal to changes in tissue thickness, lesion properties, and lesion
location. In the following section, the full model and its imple-
mentation are presented along with the relevant acoustic, ther-
mal, optical, and AO theory. Next, we demonstrate the effect of
system design parameters on lesion detectability and we test the
robustness of the system to changes in environmental variables
by varying tissue thickness, lesion location, and optical contrast.
In this section, we also present a comparison between the model
and previously published experimental data. Finally, a strategy
for ablating large volumes with AO guidance is described.

2 Modeling Methodology
The model developed here seeks to simulate the entire AO-
guided HIFU process. To do so, the acoustic field from the
HIFU source and the diffusive optical field inside the tissue
must be calculated. The acoustic field is used to determine the
temperature rise and subsequent changes in tissue properties,
and to calculate the phase modulations imparted on the optical
field. Finally, the phase modulated light is used to calculate a
detected AO signal. Each of these processes is described here.

2.1 Ultrasound Propagation

The three-dimensional pressure, particle velocity, and intensity
distributions from a single element, spherically focused HIFU
source (based on model H-102, Sonic Concepts, WA) with a
70-mm aperture, a 20-mm diameter central hole, and a 62.4-mm
focal length operating at 1.1 MHz were calculated using the
angular spectrum method,32,33 which allows the prediction of
linear diffractive fields. The source condition of the focused
source on a flat plane was accomplished using the method of
Ref. 34. The hole in the center of the H-102 transducer was
accounted for by employing Babinet’s principle and subtracting
the solution for a transducer of the same size and curvature as
the hole.35 For all of the simulations performed in this work, a
grid spacing of 100 μm was used, the source was directed along
the þz axis, and the calculation domain was extended to five
times the radius of the source in x and y. The calculation domain
was large in order to minimize the effect of mirror sources in the
solution. The 100-μm grid spacing is smaller than what is
required to obtain an accurate solution, but it was chosen to be
compatible with the fine grid spacing required for the AOMonte
Carlo (MC) simulations. The angular spectrum solution was
validated by comparison to an analytical solution to the on-axis
and focal-plane pressure of a focused radiator,36 and the root
mean-squared errors were found to be well under 1% of the
maximum pressure at a grid spacing of 100 μm.

In order to calculate acoustic propagation from water into
tissue, both media were treated as semi-infinite layers. The
angular spectrum solution was calculated at each step along the
acoustic propagation axis until it reached the tissue boundary,
where a transmission coefficient was calculated. Changes in
propagation direction due to refraction at the tissue boundary
were assumed to be negligible, and an angularly dependent
transmission coefficient was not considered, resulting in an error
of <1% in the worst-case scenario. Figure 1 shows the calculated

pressure magnitude, P0, along the axial plane inside a cube of
chicken breast submerged in water. The 1.1-MHz HIFU source
is positioned at ðx; y; zÞ ¼ ð20; 20;−32Þ mm, and the sound
propagated through water in þz until it reached z ¼ 0, where
it was transmitted into the chicken breast. We selected an ultra-
sound source pressure that yielded a spatial peak focal pressure
of 6 MPa in water. The corresponding focal pressure in the tissue
was 5.6 MPa, owing to a greater level of ultrasound attenuation
in chicken breast. The acoustic properties used to generate Fig. 1
are given in Table 1.

The distribution of the time-averaged intensity, Iav, inside the
chicken breast was calculated as follows:

EQ-TARGET;temp:intralink-;e001;326;395Iav ¼ R

�
1

2
P�V

�
; (1)

where P� is the complex conjugate of the pressure field, and the
complex particle velocity field, V, is calculated as follows:

EQ-TARGET;temp:intralink-;e002;326;328V ¼ −∇P
iρ0ωa

; (2)

where ρ0 is density andωa is the acoustic angular frequency. The
directional vector of the particle velocity field, V̂ðx; y; z; tÞ, is
also used for calculating AO phase modulations.
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Fig. 1 Calculated pressure magnitude, P0, along the axial plane
(y ¼ 20 mm) inside chicken breast insonified at 1.1 MHz by an H-102
HIFU source. The source was positioned at ðx;y;zÞ¼20, 20, −32 and
directed along the þz-axis with a peak focal pressure amplitude of
5.6 MPa. The sound propagated through water before entering the
chicken breast at z ¼ 0. The acoustic properties of the medium are
defined in Table 1 and a grid spacing of 100 μm was used.

Table 1 The acoustic properties of water and chicken breast used in
the angular spectrum simulation. ρ0 is density, ca is the speed of
sound, and α is the total attenuation coefficient. The acoustic absorp-
tion coefficient, αa, is the fraction of the total attenuation that contrib-
utes to heating in the tissue. Distortion in the pressure field due to
acoustic scattering is relatively small in both water and tissue and
is not considered in this work.

Property Water Chicken breast

ca (m/s) 1481 1585

ρ0 (kg∕m3) 998 1040

α (Np∕m) 0.025 0.555

αa (Np∕m) 0.025 0.433
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2.2 Tissue Heating and Optical Property Changes

Temperature increases due to the absorption of ultrasound were
modeled using the Pennes bioheat transfer equation:37

EQ-TARGET;temp:intralink-;e003;63;480ρ0Cv
∂T
∂t

¼ K∇2T −WbCbðT − TaÞ þ qm þ 2αajIavj; (3)

where Cv is specific heat capacity, T is tissue temperature, t is
time, K is thermal conductivity, Wb is the blood perfusion coef-
ficient of the tissue, Cb is the heat capacity of blood, Ta is the
ambient blood temperature, qm is the power density of metabolic
heat generation, and αa is the acoustic absorption coefficient.
For all of the simulations presented here, blood perfusion and
metabolic heat generation, and thus, the second and third terms
on the right-hand-side of Eq. (3), were neglected. Equation (3)
was solved using an alternating direction modification to the
Crank–Nicolson finite-difference approach.38 The temperature
solution was validated by comparison to an analytical solution
to the focal temperature change induced by a heat source extend-
ing infinitely along an axis with a Gaussian radial profile.39,40

Given a 100-μm grid spacing and a 100-ms time step, a maxi-
mum error of ∼1.5% was calculated for all heating times and
rates investigated.

Given the temperature increase during a time step Δt, the
thermal dose accumulated in that time, Δt43, is calculated as
follows:19

EQ-TARGET;temp:intralink-;e004;63;232Δt43 ¼ R43−TavgΔt; (4)

whereΔt is expressed in minutes and Tavg is the average temper-
ature in the voxel during Δt. The isodose constant, R, was taken
as 0.25 for Tavg < 43°C and 0.63 for Tavg > 43°C based on mea-
surements we have reported for changes in the optical properties
of chicken breast.41 Given the total accumulated thermal dose,
t43 in a voxel after each time step, the optical reduced scattering,
μ 0
s , and absorption, μa, coefficients are calculated as follows:

EQ-TARGET;temp:intralink-;e005;63;127μ ¼ μ0 þ ðΔμÞmax

�
1 − exp

�
−
t43
τ43

��
; (5)

where μ0 is the initial value of the coefficient, ðΔμÞmax is the
maximum observable change in the coefficient, and τ43 is the

thermal dose constant that governs the rate at which the property
changes.41 Changes in acoustic properties were not consid-
ered here.

Figure 2 shows μ 0
s and μa at 1064 nm along the axial plane

(y ¼ 20 mm) inside a 40 × 40 × 40 mm3 chicken breast after a
60-s HIFU exposure with a peak focal pressure amplitude of
5.6 MPa, resulting in an ∼30-mm3 lesion. The thermal 42 and
optical 41 properties used to generate Fig. 2 are given in Tables 2
and 3 respectively.

2.3 Light Propagation and Acousto-Optic
Interactions

The gold standard for modeling light propagation in turbid media,
such as tissue, is the MC method.43 In our study, an open-source
graphics processing unit (GPU) accelerated MC light propagation
algorithm44 was modified to account for light–sound interactions
and AO signal detection. Calculations of ultrasound-induced
phase modulations were implemented in a procedure similar to
that of Ref. 45 and are briefly summarized here.

For each photon packet step of length li within a given voxel,
the phase increment accumulated by the packet due to the modu-
lation of the refractive index, Δϕn;i, was calculated as follows:

EQ-TARGET;temp:intralink-;e006;326;270Δϕn;i ¼
k0n0liη
ρ0c2a

PðtÞ; (6)

where n0 is the refractive index of the tissue, η is the elasto-optic
coefficient of the tissue, ca is the speed of sound in the tissue,
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Fig. 2 (a) Calculated reduced scattering, μ 0
s and (b) absorption, μa coefficients at 1064 nm along the axial

plane (y ¼ 20 mm) inside chicken breast after a 60-s HIFU exposure with a peak focal pressure ampli-
tude of 5.6 MPa. The source was positioned at ðx; y; zÞ ¼ ð20;20;−32Þ mm and directed along the
þz-axis. The acoustic, thermal, and optical properties used to generate the figure are defined in
Tables 1, 2, and 3, respectively. A grid spacing of 100 μm and a time step of 100 ms were used in
the simulations.

Table 2 The thermal properties of chicken breast used in all of the
bioheat transfer simulations.42 Cv is the specific heat, K is the thermal
conductivity, and W b is the blood perfusion coefficient.

Property Value

C t (J∕kg · C) 3210

K t (W∕m · C) 0.4683

W b (kg∕m3 · s) 0
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k0 ¼ 2π∕λ0 is the optical wavenumber in vacuo, and PðtÞ is the
pressure calculated by the angular spectrum solution. Similarly,
for each scattering event j, the phase increment accumulated by
the packet due to the ultrasound-induced scatterer displacement,
Δϕd;j, was calculated as follows:

EQ-TARGET;temp:intralink-;e007;63;448Δϕd;j ¼ k0n0ðΩ̂inc − Ω̂scÞ · ~ξðtÞ; (7)

where Ω̂inc is the direction of the incident photon packet, Ω̂sc is

the direction of the scattered photon packet, and ~ξðtÞ is the dis-
placement of the scatterer, which is assumed to follow the back-
ground medium in amplitude, phase, and direction.

At each step, the total ultrasound-induced phase shift, ϕs, of
the photon packet was calculated as follows:

EQ-TARGET;temp:intralink-;e008;63;345ϕs ¼
X
i

Δϕn;i þ
X
j

Δϕd;j; (8)

and the power spectrum of the packet was calculated from ϕs

and its packet weight, Ws. (A photon packet is a physical
abstraction of a group of photons traveling in a common direc-
tion with a total energy given by their packet weight, Ws.) At
each scattering event, a portion of the packet weight,
J20ðjϕsjÞWs, was added to the voxel’s unmodulated fluence,
Φ0, and a portion 2J21ðjϕsjÞWs was added to the voxel’s modu-
lated fluence, Φ1,

45 where Jn is a Bessel function of the
n’th order.

In order to model the detection of AO signals, circular detec-
tors were placed at the tissue boundaries. If a photon packet
reached a detector, its weight, Ws, and its total phase shift
were recorded. At the completion of the simulation, the total
radiant flux, Ft, to reach each detector was calculated as follows:

EQ-TARGET;temp:intralink-;e009;63;152Ft ¼ S0
X
s

Ws; (9)

where S0 is the illumination source power and Ws is summed
over all detected photon packets. The detected AO signal, FAO,
is modeled as a photorefractive crystal (PRC) based detector.46

At each detector, FAO is given as follows:

EQ-TARGET;temp:intralink-;e010;326;752FAO¼2ηdetS0e−αcLc ½eγ 0Lc cosðγ 00LcÞ−1�
X
s

Ws½J0ðjϕsjÞ−1�;

(10)

where ηdet is the efficiency of the light collection optics, αc is the
optical absorption coefficient of the crystal, Lc is the optical path
length of the crystal, and γ ¼ γ 0 þ iγ 0 0 is the two-wave mixing
gain coefficient of the crystal. Although AO signals were mod-
eled to simulate PRC detection, they are directly proportional to
the modulated fluence Φ1. Therefore, the results presented in
this work are applicable to any detection paradigm that is pro-
portional to Φ1.

In order to conform with the small phase approximations
used in developing this model,30 the acoustic field from the
angular spectrum solution is normalized to a peak pressure of
100 kPa for the AO simulations. Because 100 kPa is far
lower than the pressure amplitudes typically used during HIFU,
calculations of phase modulations and FAO are significantly
lower than what should be expected during HIFU. However, for
the studies presented in this work, we are interested in the AO
signal contrast, ΔAO [defined by Eq. (11)], and not the magni-
tude of FAO. Preliminary simulations (data not shown) indicated
that ΔAO is independent of pressure amplitude.

The light propagation component of the MC algorithm has
previously been validated by comparisons to the diffusion equa-
tion,44 and the validation studies were repeated for this work.
The AO component of the algorithm was validated by compari-
son to an analytical solution for a slab geometry with a
cylindrical inclusion of plane-wave ultrasound presented by
Ref. 47. This is the same method of validation used by
Ref. 48, and a similar level of agreement to the analytical sol-
ution was achieved.

Figures 3(a) and 3(c) show the distribution of Φ0 and
Figs. 3(b) and 3(d) show the distribution of Φ1 inside of an opti-
cally homogeneous 40 × 40 × 40 mm3 [Figs. 3(a) and 3(b)] and
lesioned [Figs. 3(c) and 3(d)] chicken breast (see Fig. 2 for opti-
cal properties) insonified at 1.1 MHz with a peak focal pressure
amplitude of 100 kPa and illuminated with a 1064-nm pencil
beam source at ðx; y; zÞ ¼ ð0; 20; 20Þ mm directed along the
þx-axis. The lesioned medium shown in (c) and (d) is the vol-
ume shown in Fig. 2. One billion photon packets were simulated
for each condition. The acoustic and optical properties used to
generate Fig. 3 are described in Tables 1 and 3, respectively.

3 Results

3.1 Overview

Unless otherwise stated, the simulation medium for all the
results presented in this study was a 40 × 40 × 40 mm3 cube of
chicken breast with a grid spacing of 100 μm immersed in water.
The acoustic properties of the chicken and the water are given in
Table 1, and the thermal and optical properties of the chicken are
given in Tables 2 and 3, respectively. A time step of 100 ms was
used for all thermal calculations. In every case, the tissue was
insonified along the þz-axis and the pressure field co-registered
with the lesion. Unless otherwise stated, the tissue was illumi-
nated with a 1064-nm pencil beam positioned at the center of the
x ¼ 0 plane and launching 100 million photons directed in þx
[as shown by S2 in Fig. 4(a)], and a 20-mm radius detection
aperture was placed in the center of the tissue boundary at
the maximum x dimension [D4 in Fig. 4(a)]. The detector prop-
erties used for each simulation are listed in Table 4.

Table 3 The optical properties of chicken breast at 1064 nm used in
all simulations.41

Property Value

μa;0 (cm−1) 0.01

ðΔμaÞmax (cm−1) 0.065

τ43ðμaÞ (min) 598

μ 0
s;0 (cm−1) 1.1

ðΔμ 0
sÞmax (cm−1) 7.535 if Tmax < 70°C

11.66 if Tmax > 70°C

τ43ðμ 0
sÞ (min) 2214

n0 1.4

g 0.9

η 0.32
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For thermal simulations, the peak focal pressure amplitude
was scaled up to 5.6 MPa so that a lesion the same size as
the HIFU focal region could be formed in 60 s. This likely vio-
lates the linear approximation used to calculate the acoustic
field, but considering nonlinear effects was beyond the scope
of this work. This exposure resulted in a lesion of approximately
the same size as the HIFU focus (∼30 mm3) in the center of the
volume, as shown in Fig. 2. For each of the simulations pre-
sented here, the AO “signal contrast” of a lesion is evaluated.
We define the AO signal contrast, ΔAO, of a lesion as follows:

EQ-TARGET;temp:intralink-;e011;63;263ΔAO ¼ jFAO;l − FAO;0j
FAO;0

× 100%; (11)

where FAO;l is the detected AO signal in the presence of a
lesion and FAO;0 is the detected AO signal in the absence of
a lesion.

3.2 System Design

Three aspects of the AO system for HIFU lesion detection will
be considered: (i) illumination/detection geometry, (ii) detection
aperture size, and (iii) optical wavelength. The goal is to find a
geometry that maximizes the signal contrast of a lesion while
maintaining a reasonable SNR so that guidance can be per-
formed in real time. For organs with good acoustic and optical
accessibility, such as breast, many different geometries can be
considered. However, other organs—such as liver, kidney, and

bone—offer limited optical access, e.g., only one or two sides of
the organ. In this section, we attempt to illustrate the optimal
illumination/detection geometry for organs with good optical
access, while also demonstrating the effect of having access
to only one or two sides of an organ. The effect of the detection
aperture size is also investigated. The optical wavelength is an
important parameter, as it dictates how the light interacts with
the tissue and the ultrasound, and it also affects the contrast in
the optical properties between lesioned and unlesioned tissue.

In order to examine the effect of the illumination/detection
geometry on AO signal contrast, a 5-mm diameter spherical
inclusion with the optical properties of a HIFU lesion was
placed in the center of the otherwise homogeneous volume.
A spherical inclusion was used here in place of the HIFU lesion
to avoid effects caused by the lesion’s asymmetry. As shown in
Fig. 4(a), optical sources at 0 deg (S1), 90 deg (S2), and 180 deg
(S3) relative to the HIFU propagation were considered.

For each of these sources, the AO signal contrast was evalu-
ated for transmission, reflection, and side detection, in which
case the detector needed to be in one of five positions, D1

through D5. These nine different geometries are described in
Fig. 4(a) and Table 5.

Figure 4(b) shows the AO contrast for each of the nine con-
figurations. It can be seen that the highest contrast is for a source
at 90 deg to the HIFU and the optical detector in through trans-
mission (S2∕D4). This yields nearly a three times better contrast
than any other illumination/detection geometry. However, this
strategy is possible only for an organ with good optical access.
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Fig. 3 (b, d) Log10 of the modulated and (a, c) unmodulated fluence inside of an (a, b) optically homo-
geneous and (c, d) lesioned 40 × 40 × 40 mm chicken breast insonified at 1.1 MHz with a peak pressure
of 100 kPa and illuminated with a 1064-nm pencil beam source at ðx; y; zÞ ¼ ð0;20;20Þ mm directed
along the þx -axis. The lesioned volume is that shown in Fig. 2. The acoustic and optical properties
used to generate the figure are defined in Tables 1 and 2, respectively. A grid spacing of 100 μm
and 1 billion photons were used in the simulations. Note that the scale of each figure is different,
and the numbers on the colorbars are in logarithmic format.
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For investigating the size of the detection aperture, the opti-
mal illumination/detection geometry (illuminating with S2 and
detecting with D4) was employed and the detector was modeled
as a disc of varying radius. Figure 5(a) shows the AO signal
contrast and Fig. 5(b) shows the normalized AO signal magni-
tude of the ∼30 mm3 HIFU lesion shown in Fig. 2 as a function
of the detection aperture radius. It can be seen that using a
smaller aperture results in a slightly better contrast—as it min-
imizes the collection of light that has accumulated phase-shifts
outside of the HIFU focus—but it comes at the expense of the
signal’s magnitude, and thus its SNR. The magnitude of the AO
signal is proportional to the radiant flux of the light collected by
the aperture; therefore, it is expected that it would decay expo-
nentially with the size of the detection aperture.

The final design consideration is the impact of the optical
wavelength on the AO signal. In standard diffuse optical imag-
ing (without AO interactions), it is normally preferable to illu-
minate at an optical wavelength, where the transport coefficient,
μ 0
t ¼ μ 0

s þ μa, is lowest (provided the optical contrast is suffi-
cient at this wavelength). When μ 0

t is minimized, the penetration
depth of the light will be maximized. For an AO system, it is not

as obvious that this is the best strategy because the wavelength
of the light will also impact the AO phase modulations.

Table 6 shows the AO signal magnitude (normalized by the
illumination fluence) and the signal contrast of the ∼30 mm3

HIFU lesion for a variety of optical wavelengths. These wave-
lengths were chosen for either their biological relevance (min-
ima or maxima in chromophore absorption spectra) or technical
relevance (common laser wavelength). The highest AO contrast
occurs at 500 nm, but this wavelength results in the lowest
detected radiant flux. The highest radiant flux is observed at
660 nm, but the AO contrast is second lowest at this point.
Optimizing the wavelength therefore depends on the relative
importance of flux and AO contrast, which will vary from tissue-
to-tissue as optical properties vary. For instance, in this study,
576 nm still has a fairly high ΔAO and the flux is reasonable,
but that may not be the case for tissues with higher concentra-
tions of blood. Furthermore, the maximum permissible exposure
(MPE) at each wavelength should be taken into account. For
example, even though the detected flux is much lower at
1064 nm than at 576 nm, the MPE is five times higher.
Practically, the choice of wavelength also depends on techno-
logical restrictions, such as the operating wavelength of a PRC.
In what follows, we employ 1064 nm because it is the operating
wavelength of the GaAs crystal previously employed for AO-
guided HIFU,24 it exhibits a good balance between detectable
radiant flux and AO contrast, and the MPE is high.

Side
R

T

S2

S3

S1

0

5

10

Detection ModeSource

A
O

 (
%

)

(a) (b)

Δ

Fig. 4 (a) A cross-section from the center of the volume showing the 5-mm diameter spherical inclusion.
The locations of the five 20-mm radius circular detection apertures are shown with dashed gray lines and
the locations of the three optical sources are shown with red arrows. D1 through D4 appear as straight
lines on the sides of the tissue because they are seen from a top view. D5‘s circular aperture can be seen
on the top of the tissue in the xz plane. (b) AO signal contrast of the spherical inclusion for the nine
illumination/detection geometries described in Table 5. The bulk medium had the optical properties
of chicken breast at 1064 nm, while the inclusion had optical properties of a lesion at 1064 nm, as defined
in Table 3. The acoustic properties used to generate the figure are defined in Table 1.

Table 4 The properties of the PRC-based detection system. The val-
ues were chosen to match the setup employed in Ref. 24.

Property Value

ηdet 0.0040

Ad (cm2) 0.2

αc (cm−1) 1.8

Lc (cm) 0.7

γ 0 (cm−1) 0.5

γ 0 0 (cm−1) 0

Table 5 The source/detector pair used for each geometry is used in
Fig. 4(b). The source and detector locations are depicted in Fig. 4(a).

Source R T Side

S1 D1 D3 D5

S2 D2 D4 D5

S3 D3 D1 D5
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3.3 Robustness of the Acousto-Optic Signal

The goal of an AO-guided HIFU system is to use ΔAO as a
feedback signal to control the volume of a lesion. In an ideal
situation, the feedback signal would depend only on the volume
of a lesion, and not other factors, such as the location of the
lesion, the optical contrast, the thickness of the tissue, or the
HIFU pressure amplitude used to create it. In reality, the AO
signal will be affected by all of these parameters and in this sec-
tion, we will seek to determine the robustness of the ΔAO to
changes in tissue thickness, lesion optical contrast, and lesion
position.

First, we compare the predicted ΔAO to that reported from
experimental data,24 where it was shown that for the case of a
lesion in the center of chicken breast tissues of 15 to 30 mm
thicknesses, the AO signal contrast of a lesion with a given vol-
ume is approximately independent of the tissue thickness and
HIFU pressure amplitude. Here, the experimental apparatus is
mimicked for tissues of thicknesses 20 to 30 mm and Fig. 6
shows ΔAO as a function of lesion volume, where thickness is
in the x dimension, and it is equal to the source–detector sep-
aration distance.

It can be seen that ΔAO increases with lesion volume, but
that the magnitude of the change is reduced as tissue thickness
increases. The predictions bracket the experimental data for vol-
umes less than 150 mm3 and suggest that the model captures the
physical processes over this range. For larger volumes, the sim-
ulations predict the response to saturate and suggest less sensi-
tivity to lesion volume, whereas the experimental data continue
to increase. Reasons for these differences will be described in
the discussion.

The effect of variations in the optical contrast of the lesion
was considered based on data we have previously reported on ex
vivo chicken breast.41 Measurements of μ 0

s as a function of ther-
mal dose suggest a standard deviation of about 20%. In order to
quantify the effect of lesion variabilities on the AO signal, the
optical contrast of the lesion, C, is defined as follows:

EQ-TARGET;temp:intralink-;e012;326;336C ¼ ðΔμÞmax

μ0
; (12)
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Fig. 5 (a) The AO signal contrast and (b) the detected AO radiant flux normalized by the illumination
power of a ∼30 mm3 HIFU lesion as a function of the detection aperture radius. The simulation geometry
and properties are described in Sec. 3.1. AO radiant flux was calculated as the product of IAO and Ad .

Table 6 The AO signal contrast and the detected AO radiant flux normalized by the illumination power of the ∼30 mm3 lesion as a function of
illumination wavelength. The optical wavelengths were chosen based on their biological or technical relevance. The optical properties of the bulk
tissue and the lesion were based on Ref. 41.

λ (nm) 500 550 576 660 800 940 975 1064

ΔAOð%Þ 25.7 22.6 16.8 9.6 8.18 9.99 16.3 10.9

jFAO j
S0

× 10−6 0.15 0.70 7.77 13.5 9.89 7.99 3.89 6.77
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Fig. 6 The AO signal contrast as a function of lesion volume for tis-
sues of 20 (blue circle), 25 (white box), and 30 (red diamond) mm
thicknesses. The dashed black line is a best-fit derived from exper-
imental data.24 The simulation geometry and properties are described
in Sec. 3.1. The lesions were computed using a 5.6-MPa peak focal
pressure amplitude for the acoustic and thermal simulations, but the
peak pressure was reduced to 100 kPa for the AO simulations.
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where ðΔμÞmax and μ0 are defined in Eq. (5). Figure 7(a) shows
ΔAO as a function of lesion volume for lesions with the average
measured contrast at 1064 nm, Cavg, (black diamonds), Cavg �
25% (blue line), and Cavg � 50% (red line), which covers 2.5
standard deviations.

The average measured contrast is derived from the data pre-
sented in Table 3. Figure 7(b) shows ΔAO as a function of the
normalized optical contrast of a single ∼30 mm3 lesion. For a
20% variation in contrast, ΔAO varies by about 1.3%.

The final lesion parameter affecting the AO signal investi-
gated was the location of the lesion relative to the source and
the detector. If ΔAO is not independent of location, a posi-
tion-based adjustment must be applied to the prediction of lesion
volume during HIFU. Figure 8 shows the impact of moving the
lesion in all three directions, the x (optical source), y (lateral),
and z (HIFU source), on ΔAO.

As the lesion is moved, the acoustic field moves with it so
that the acoustic focus is always co-registered with the lesion.
As the lesion is moved close to the optical source (along x), the
AO detection sensitivity (indicated by the magnitude of ΔAO)
increases proportionally with the amount of light that reaches

the acoustic focus, and it changes as the pressure field within
the tissue is varied. As the lesion moves away from the center
of the volume in y and z, the AO detection sensitivity decreases
with the fluence of the light that reaches the acoustic focus. The
physical mechanisms that cause the changes in the AO detection
sensitivity are discussed further below. Overall, the results
here demonstrate that ΔAO is not independent of lesion location
and this is something that must be considered during HIFU
guidance.

3.4 Treatment Strategy for Large Volumes

An important characteristic of a HIFU guidance technology is its
ability to guide the treatment when forming an array of lesions
as this is necessary to ablate large volumes. This was investi-
gated by using ΔAO as a feedback signal to create an approx-
imately cubic array of nine lesions. The tissue was exposed to
HIFU until ΔAO reached 10%, which should result in a lesion
of about 30 mm3. The HIFU was then turned off, the tissue was
allowed to cool for 30 s, and the HIFU transducer was moved to
the next position. Although the thermal simulations were per-
formed with 100-ms time steps, the AO feedback was calculated
only every 5 s. This time was sufficiently small to capture the
time dependence of the AO feedback, while maintaining a rea-
sonable computational time. Figure 9 shows the resulting treat-
ment volume after creating the lesion arrays starting (a) distal
and (b) proximal to the light source, which is positioned at
ðx; y; zÞ ¼ ð0; 20; 20Þ mm and projects downward from the
“top” of the lesion array. The isosurfaces correspond to the vol-
ume, where the optical properties of the lesion reached ðΔμÞmax.
In Fig. 9(a), the lesions were created by starting in the lower
right and scanning in −y and −x, respectively. This resulted
in a uniform array of lesions, as would be desired. In Fig. 9(b),
the array was created by starting in the upper right and scanning
in −y and þx, respectively, and it can be seen that each row of
lesions is different and a uniform region of tissue has not been
ablated. In this case, the presence of prior lesions resulted in a
drop in the magnitude of ΔAO so that a longer insonation time
was required to achieve the 10% change.

4 Discussion
In this work, we have investigated the design of an AO system
for guiding HIFU treatments, assessed the robustness of its
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Fig. 7 (a) AO signal contrast as a function of lesion volume for lesions with Cavg (black diamonds),
Cavg � 25% (blue line), and Cavg � 50% (red line). (b) AO signal contrast of the ∼30 mm3 lesion in
the center of the volume as a function of its normalized optical contrast,C∕Cavg. The simulation geometry
and properties are described in Sec. 3.1.
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Fig. 8 AO signal contrast of the ∼30 mm3 lesion as its position within
the volume was changed. The described lesion position is the location
of the center of the lesion as it was scanned along the x (red dia-
monds), y (blue circles), and z (white squares) axes. The x axis
was the optical source axis and the z axis was the HIFU propagation
axis. The simulation geometry and properties are described in
Sec. 3.1.
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signal by considering changes in tissue thickness, lesion con-
trast, and lesion location, and evaluated the propriety of the tech-
nique for guiding the formation of lesion arrays to ablate large
volumes. Overall, it was determined that for an optimal design,
an AO-guided HIFU system should illuminate the target organ at
90 deg relative to the HIFU propagation using an optical wave-
length, which exhibits low absorption in the tissue of interest,
and detection should be performed in transmission using a large
aperture detector. This arrangement, which is given by the S2
source and D4 detector in Fig. 4(a), has been determined to pos-
sess the optimum level of AO contrast, and it has been demon-
strated to be suitable for guiding the ablation of large volumes.

As indicated in Sec. 2.3, the fluence of the modulated light is
a function of the total light fluence and the magnitude of the
ultrasound-induced phase modulation, which is dependent on
the acoustic pressure. Therefore, where there is high fluence
and high pressure, a significant amount of light is modulated.
Although the highest acoustic pressures are present in the
focus of the HIFU beam, Fig. 1 shows that there are also non-
negligible pressures present outside of the acoustic focus, par-
ticularly in the prefocal region of the acoustic field (near toD1 in
Fig. 4) and to a lesser extent in the postfocal region (near to D3).
Because the lesion is always located inside the focus of the
acoustic field, ΔAO is always dependent on the amount of
modulated light that is generated in the acoustic focus.
However, it is also a function of the amount of detected light
that was modulated outside the acoustic focus, which can some-
times be the dominant term. Ultimately, ΔAO will be highest
when the light that is modulated inside the HIFU focus is maxi-
mized, and the light modulated outside the focus is minimized.
The S2 source and D4 detector achieves this for two reasons.
First, by having the light source normal to the HIFU propaga-
tion, the light does not have to travel through the entire prefocal
region of the transducer in order to reach the focus. Therefore,
the phase modulations that the light accumulates before reach-
ing the focus are small. Second, because detection is in trans-
mission mode, all of the light that is modulated before reaching
the HIFU focus that reflects back out of the tissue never reaches
the detector on the opposite side.

The optimal configuration for performing AO-guided HIFU
requires access to three sides of the target organ. This is feasible
for breast but may be impractical for most other organs. If

there is access to only two sides of an organ, then the best
AO contrast is observed while illuminating opposite to the
HIFU and detecting in transmission, as shown by S3 and D4.
However, this geometry demonstrates only a marginally higher
AO contrast than the configuration requiring access to only one
side of the organ, which possesses significant practical advan-
tages over a two-sided geometry.

With regard to the illumination wavelength, it was deter-
mined that the optimal wavelength is dependent upon the rela-
tive important of radiant flux (i.e., signal level) and AO contrast.
Table 6 shows that when signal contrast is highest, signal level is
generally lowest. For the purposes of AO-guided HIFU, where
lesions are commonly formed deep within the body, the wave-
length should normally be chosen to optimize signal level.
Therefore, it is generally advisable to select a wavelength at
which absorption and scattering are minimized, which will vary
from tissue-to-tissue. Furthermore, it is also important to con-
sider the wavelength-dependent MPE. Nevertheless, in practice,
the optical wavelength is often dictated by technical restrictions.
For example, the use of a GaAs PRC for detection requires the
use of a 1064-nm source. Therefore, although Table 6 shows that
using a 1064-nm source does not yield the highest signal level, it
was still used for all of the simulations presented in this study.

Although it was demonstrated that an optimally designed
AO-guidance system is able to successfully guide the formation
of an array of HIFU lesions, it was determined that an appro-
priate treatment strategy must be employed. This is because the
position of a lesion and the presence of pre-existing neighboring
lesions impact the magnitude of ΔAO with respect to lesion vol-
ume. As Fig. 9(a) shows, the appropriate treatment strategy for
creating an array of lesions is to begin distal to the optical source
and then to move toward it after all distal lesions have been cre-
ated. When lesions are first created proximal to the source, the
fluence in the focus is higher and ΔAO is more sensitive to
lesion volume. Thus, a smaller lesion is required to produce the
same signal change close to the source than elsewhere in the
volume. Additionally, when forming new lesions distal to the
source, the pre-existing lesions cause a shadowing effect and
less light reaches the HIFU focus than otherwise would. Thus,
the change in the AO signal is less sensitive to lesion volume.
Therefore, as the HIFU is moved away from the optical source,
the lesions become larger. By starting treatment distal from the

Fig. 9 Lesions arrays created using ΔAO ¼ 10% as a feedback condition to stop heating.
Considering illumination from the “top,” the arrays were created beginning (a) distal and (b) proximal
to the illumination source. The simulation geometry and properties are described in Sec. 3. A time
step of 100 ms was used for the thermal simulations, but the AO simulations were only performed at
5-s interval.
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optical source, there is no shadowing effect when creating the
first row of lesions, and as the HIFU is moved closer to the
source, the pre-existing lesions cause less modulated light to
reach the detector, but this is offset by the increased sensitivity
of the AO signal with respect to lesion volume.

While employing the aforementioned strategy to guide the
formation of lesion arrays should be effective in a homogenous
medium, the results in Fig. 9 suggest that AO guidance is sen-
sitive to the optical properties of the surrounding tissue. Not
only could the feedback signal be affected by pre-existing
lesions, but it could also be affected by nearby optical inhomo-
geneities in the tissue, which are almost certain to be present
in vivo. Therefore, in practice, it may be necessary to image
the area surrounding the treatment volume prior to ablating.
Quantitative AO imaging49,50 has recently been proposed as a
method for quantifying the optical properties of tissue in situ
and could potentially be used prior to AO-guided HIFU sur-
geries in order to predict the response of ΔAO to lesion volume.
Another option for quantifying optical properties prior to abla-
tion could be pressure contrast imaging.51

This study has also demonstrated that the AO signal is
affected by changes in tissue thickness, lesion optical contrast,
and lesion position. By adjusting the thickness of the tissue and
the position of the lesion, it has been shown that the sensitivity
of the AO signal with respect to lesion volume scales with the
local fluence of the light in the HIFU focus. Nevertheless, if the
optical properties of the target organ are imaged before HIFU
treatments, a forward model can be applied to adjust predictions
of lesion volumes based on ΔAO. However, even with a priori
knowledge of the target organ’s optical properties, there will still
be variability in the optical properties of the lesions. Therefore,
the sensitivity of the AO signal to changes in lesion contrast is
important to characterize in order to quantify the uncertainty in
lesion volume predictions. As Fig. 7(b) demonstrates, a dou-
bling of the optical contrast of a ∼30 mm3 lesion results in a
shift of ΔAO by <5%. While this seems like a small shift in
response, Fig. 7(a) demonstrates that for a 30 mm3 lesion with
average optical properties, a 25% uncertainty results in a predic-
tion of a lesion volume between ∼20 and 45 mm3 and a 50%
uncertainty results in a prediction of a lesion volume between
∼8 and 75 mm3. As the lesion volume increases, the uncertain-
ties become even greater. For example, a 25% uncertainty in the
optical properties of a 100 mm3 lesion results in a volume pre-
diction between ∼75 and 145 mm3, and a 50% uncertainty
results in a prediction between ∼65 and 250 mm3. Thus, if a
high level of accuracy is required for predictions of lesion vol-
ume, it may be advisable to use only AO guidance for lesion
volumes on the order of the HIFU focus or smaller.

While examining the robustness of the AO signal to changes
in tissue thickness, it was determined that simulations underpre-
dict ΔAO for large lesion volumes compared to experimental
data. As the lesion grows outside the HIFU focus, the simulation
predicts that ΔAO starts to saturate, while the experimental data
continue to increase with respect to lesion volume. The most
glaring difference between the AO model and the experimental
parameters used in Ref. 24 is the pressure amplitude. As previ-
ously discussed, the assumptions used to calculate phase mod-
ulations limit the peak pressure of the model to 100 kPa, while a
variety of peak pressures, up to 10 MPa, were used in the experi-
ments from which the data in Fig. 6 were derived. In the model,
the pressures outside the HIFU focus are too low to significantly
contribute to each photon packet’s total phase shift (except for in

some pre- and postfocal locations). Alternatively, during experi-
ments, the pressure amplitudes outside the focus may still be
quite high and could in fact contribute significantly to the total
phase shift of each optical path. This would result in the AO
signal being more sensitive to optical changes outside the
HIFU focus, thus inducing a larger ΔAO for larger lesion
volumes.

There were other physical effects that the numerical model
did not capture, including acoustic nonlinearity. For the high
experimental pressure amplitudes in situ, we would anticipate
nonlinear distortion effects to result in spatial and temporal
changes to the acoustic field, although these should be modest
for the fundamental acoustic frequency, which is typically what
is detected in AO systems. Additionally, the acoustic attenuation
of tissue is temperature dependent. This temperature depend-
ence will result in a spatial distribution of acoustic attenuation,
which will reflect the thermal field. The angular spectrum
code employed here cannot capture inhomogeneities of this
sort. We recommend that models consider these effects in the
future to determine if they result in significant changes to the
AO signals.

5 Conclusions
In this study, a numerical model was developed to determine an
optimal design for an AO-guided HIFU system. The angular
spectrum method was used to model the acoustic field from
the HIFU source. The temperature field, due to the absorption
of ultrasound, was modeled using a finite-difference time-
domain solution to the Pennes bioheat equation. Changes in tis-
sue optical properties were calculated using a thermal dose
model derived from measurements of optical property changes.
Light propagation was modeled using an open-source GPU-
accelerated MC algorithm, modified to account for light-sound
interactions and to account for AO signal detection. Using the
model, it was shown that it is optimal to illuminate the tissue
with an optical wavelength exhibiting low absorption in tissue
at 90 deg relative to the HIFU propagation and to detect light in
transmission with a large aperture detector. The effects of tissue
thickness, lesion optical contrast, lesion position, and the pres-
ence or absence of neighboring lesions on the AO signal were
evaluated. Using information gathered during this study, it was
shown that the optimal strategy for treating large tissue volumes
is to create a lesion array beginning distal to the source and mov-
ing toward it.
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