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We have modified the existing convolution method of the Monte Carlo simulation for finite photon beams
with both translational and rotational invariance. The modified convolution method was applied to si-
mulate the optical fluence distribution in tissue in dark-field confocal photoacoustic microscopy. We stu-
died the influence of the size of the dark field and the illumination incident angle on the depth position of
the effective optical focus (the region with the highest fluence) and the fluence ratio (the ratio of the
optical fluence at the effective optical focus inside the tissue to the optical fluence on the tissue surface
along the ultrasonic axis). Within the reach of diffuse photons, the depth position of the effective optical
focus increases with the size of the dark field and is much less sensitive to the incident angle. The findings
show that, while the fluence at the effective optical focus decreases, the fluence ratio increases with the
size of the dark field. The incident angle has a weaker influence on the fluence ratio than the size of the
dark field does. An incident angle between 30 and 50 degrees gives the highest fluence at the effective
optical focus. © 2009 Optical Society of America

OCIS codes: 170.3660, 120.3890.

1. Introduction

Photoacoustic (PA) imaging [1,2] is a novel imaging
modality that has been applied to in vivo imaging of
tissue anatomy, tumors, burns, hemodynamic
changes, and gene expression. Among all the existing
PA imaging technologies, functional photoacoustic
microscopy (PAM) has shown great potential in ima-
ging subcutaneous structure and functions [3–7].
PAM employs a dark-field illumination where

the weakly focused excitation laser beam has a
ring-shaped cross section. This design avoids the re-
verberations caused by the overly strong PA signals
generated from the skin surface and enables the
weaker PA signals generated from deep structures

to be detected. A high-sensitivity focused ultrasonic
transducer with a large numerical aperture is em-
ployed to achieve high spatial resolution in deep
tissue. In addition, the optical focus and the ultraso-
nic focus are designed to spatially overlap with each
other in order to improve the signal-to-noise ratio
(SNR) in the final image by illuminating a relatively
confined region at each transducer location. At
50MHz ultrasonic center frequency, maximum ima-
ging depth of more than 3mmand an axial resolution
of 15 μm have been demonstrated. Therefore PAM is
considered a high-resolution imaging modality to-
gether with confocal microscopy, two-photon micro-
scopy, and optical coherence tomography, as they
can achieve a depth-to-resolution ratio greater than
100. However, PAM offers deep penetration and
optical absorption based imaging contrast that are
not available from the other modalities.
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In developing and optimizing PAM, two issues
must be considered carefully to achieve a good SNR
and to avoid reverberation. The first issue is overlap-
ping the focus of the ultrasonic transducer with the
weakly focused laser beam. In an optically clear med-
ium, spatial overlapping can be performed by mea-
suring an optical absorbing object in water. The
relative positions of the ultrasonic focus and geome-
trical optical focus are adjusted until the maximum
PA signal is acquired from the object. For more de-
tailed descriptions, please refer to [7]. However, in
an optically turbid medium such as biological tissue,
the highest optical fluence region may differ from the
geometrical optical focus due to multiple scattering.
It has been previously shown that optical focusing is
very inefficient beyond one transport mean free path
in a turbid medium [8]. In that case, the ultrasonic
focus should ideally overlap with the region where
the optical fluence is the highest (referred to as the
“effective optical focus”) rather than the geometrical
optical focus.
The second issue is maximizing the ratio between

the optical fluence at the effective optical focus inside
the tissue and the optical fluence on the tissue sur-
face along the axis of the ultrasonic detection. Here,
we define such a ratio as the “fluence ratio.” A high
fluence ratio helps to avoid reverberation and reduce
the unwanted PA signals generated from the tissue
surface. As PAM employs dark-field illumination, the
fluence ratio is already maximized in optically clear
media because there is no optical fluence on the sam-
ple surface within the dark region directly below the
ultrasonic detector [7]. However, because biological
tissue has high optical scattering within the optical
spectral range (500–700nm) for PAM, the optical flu-
ence on the tissue surface in the dark field cannot be
ignored.
Simulation of light transport in dark-field confocal

PAM is essential to understanding these two issues.
The Monte Carlo (MC) method [9–12] and its exten-
sions, such as convolution [13] and scaling [14], pro-
vide flexible tools to model light transport in turbid
media in various optical imaging modalities [15–18].
The convolution method greatly reduces the compu-
tational load by decomposing a finite-size light illu-
mination beam into pencil beams and utilizing the
translational-invariance property of the impulse re-
sponse (Green’s function). As a result, only one actual
MC simulation is necessary to acquire the overall re-
sponse; however, in PAM the light incident direction
rotates cylindrically with respect to the norm of the
skin surface (in a spherical coordinate, a pencil beam
maintains its zenith angle while varying its azi-
muthal angle). Although we can still decompose
the finite light illumination beam into pencil beams,
the impulse response for a specific pencil beam can-
not be applied directly to other pencil beams in the
same way as used in the existing MC convolution
method. As a result, a modification is required.
Several MC studies has been reported to under-

stand the effects of the optical scattering, optical ab-

sorption, and surface roughness on the fluence
distribution in a turbid medium for a solid cone fo-
cusing beam [8,19,20]. All the incident photon
packages were tracked, and these methods can be ex-
tended to incident beams with an arbitrary shape
rather than a circular shape. However, the number
of photon packages required to be tracked and thus
the computation load is high, especially when the
size of the beam increases. Under certain regula-
tions, a convolution based method will significantly
reduce the computational load and is unlikely to
be affected much by the size of the focusing beam.

In this work we modified the existing MC convolu-
tion method to be suitable for finite illumination
beams with an identical incident angle and rota-
tional incident directions. The incident angle φ of a
pencil beam was defined as the angle between the
beam and the normal vector of the tissue surface
(zenith angle) [Fig. 1(a)]. Besides the time invar-
iance, the impulse response for a pencil beam was
considered to be both translational and rotational in-
variant. The modified convolution method was then
applied to simulate the light transport in dark-field
confocal PAM. The influences of the illumination pat-
terns on the above two key issues were studied.

2. Methods

A. Impulse Responses for a Pencil Beam

Let us assume that the Green’s function of an
oblique-incident pencil beam (PBi) at the origin is

Fig. 1. Geometries of pencil beams: (a) rotation of a pencil beam;
(b) rotation and translation of a pencil beam. PBi, incident pencil
beam; PBr, pencil beam after rotation by θ0 from PBi; PBrs, pencil
beam after translation by r0 from PBr.
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denoted as Gpðr; θ; zÞ in a cylindrical coordinate
system and Gdðx; y; zÞ in a Cartesian coordinate sys-
tem. Without losing generality, the tissue surface is
along the x − y plane and PBi is within the x − z
plane, as shown in Fig. 1(a). The relationship be-
tween the two expressions of the Green’s function are

Gdðx; y; zÞ ¼ Gpð
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
x2 þ y2

q
; arctan 2ðx; yÞ; zÞ;

Gpðr; θ; zÞ ¼ Gdð cos θ; r sin θ; zÞ; ð1Þ

where r ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
x2 þ y2

p
, cos θ ¼ x=

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
x2 þ y2

p
, sin θ ¼ y=ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

x2 þ y2
p

, and arctan 2ðx; yÞ ¼ arctanðy=xÞ þ ð1−
sgnðxÞÞsgnðyÞðπ=2Þ. Here, arctan 2ðx; yÞ denotes the
arctangent of y=x, taking into account which quad-
rant the point ðx; yÞ is in, and sgnðÞ is the sign func-
tion. For the sake of conciseness, expressions in both
cylindrical and Cartesian coordinates are used in the
remaining derivations.
To acquire the Green’s function for a new pencil

beam (PBr) that is rotated from PBi by an angle θ0
around the z axis [Fig. 1(a)], we can assume that
the Green’s function is rotational invariant as long
as the incident angle is constant. Therefore the
Green’s function for PBr can be written as

Gpðr; θ; z : θ0Þ ¼ Gpðr; θ − θ0; zÞ
¼ Gdðr cosðθ − θ0Þ; r sinðθ − θ0Þ; zÞ
¼ Gdðx0; y0; zÞ; ð2Þ

where x0 ¼ r cosðθ − θ0Þ and y0 ¼ r sinðθ − θ0Þ.
In a more general situation, a new pencil beam

PBrs is further translated by a distance r0 along the
radius direction after being rotated by θ0 [Fig. 1(b)].
Under the constraint of a constant incident angle, we
also can assume the translational invariance of the
Green’s function as described in [13]. Therefore the
Green’s function for PBrs is given by

Gdðx; y; z : r0; θ0Þ ¼ Gdðx0; y0; z : r0Þ ¼ Gdðx0 − r0; y0; zÞ
¼ Gdðr cosðθ − θ0Þ − r0; r sinðθ − θ0Þ; zÞ:

ð3Þ

By combining Eq. (3) with Eq. (1), we have

Gpðr; θ; z : r0; θ0Þ ¼ Gp

� ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
r2 þ r02 − 2rr0 cosðθ − θ0Þ

q
;

arctan 2ðr cosðθ − θ0Þ − r0;

r sinðθ − θ0ÞÞ; z
�
: ð4Þ

Here, Gpðr; θ; z : r0; θ0Þ is the Green’s function for
the incident pencil beam PBrs at ðr0; θ0Þ.
B. Finite-Size Beam Illumination

Let us assume that a laser beam with a finite size
and an intensity profile sðx; yÞ or sðr; θÞ illuminates
an area S on the tissue surface. The overall response

Cpðr; θ; zÞ can be obtained by integrating Gpðr; θ;
z : r0; θ0Þ around the illumination area S, which is
given as

Cpðr; θ; zÞ ¼
ZZ
S

Gpðr; θ; z : r0; θ0Þsðr0; θ0ÞdS: ð5Þ

Figure 2(a) shows an illumination with only a
translational relationship between decomposed pen-
cil beams. Based on the shift invariance, we have

Gdðx; y; z : x0; y0Þ ¼ Gdðx − x0; y − y0; zÞ; ð6Þ

where x0 and y0 are arbitrary translational distances
along the x and y axes, respectively. The combination
of Eq. (6) with Eq. (1) gives

Gpðr; θ; z : r0; θ0Þ ¼ Gp

� ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
r2 þ r02 − 2rr0 cosðθ − θ0Þ

q
;

arctan 2ðr cos θ − r0 cos θ0; r sin θ − r0 sin θ0Þ; z
�
:

ð7Þ

The further combination of Eq. (7) with Eq. (5)
yields

Cpðr; θ; zÞ ¼
ZZ
S

Gpð
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
r2 þ r02 − 2rr0 cosðθ − θ0Þ

q
;

arctan 2ðr cos θ − r0 cos θ0;
r sin θ − r0 sin θ0Þ; zÞsðr0; θ0Þr0dθ0dr0: ð8Þ

If the finite-size beam is incident normally on the
x − y plane and Gp is cylindrically symmetric, Eq. (8)
can be simplified as

Cpðr; θ; zÞ ¼
ZZ
S

Gpð
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
r2 þ r02 − 2rr0 cosðθ − θ0Þ

q
; zÞ

× sðr0; θ0Þr0dθ0dr0; ð9Þ

which is the same as the convolution formula given
in [13].

Figure 2(b) shows the optical illumination in the
dark-field confocal PAM, where both the translation
and rotation of a pencil beam exist. The incident di-
rection changes within the illumination area S, but
the incident angles for all the decomposed pencil
beams are identical. By combining Eqs. (1), (4),
and (5), we have
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Cdðx; y; zÞ ¼
ZZ
S

Gd

�
xx0 þ yy0 − ðx02 þ y02Þffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

x02 þ y02
p ;

yx0 − xy0ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
x02 þ y02

p ; z

�

× sðx0; y0Þdx0dy0;

Cpðr; θ; zÞ ¼
ZZ
S

Gp

� ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
r2 þ r02 − 2rr0 cosðθ − θ0Þ

q
;

arctan 2ðr cosðθ − θ0Þ − r0; r sinðθ − θ0ÞÞ; z
�

× sðr0; θ0Þr0dθ0dr0: ð10Þ

Since the PAM illumination is cylindrically sym-
metrical, we have

Cpðr; zÞ ¼ Cdðr; 0; zÞ; ð11Þ

which means that only the response along the posi-
tive x axis needs to be integrated. Hence, Eq. (10) is
further simplified as

Cpðr; zÞ ¼
ZZ
S

Gdðr × cos θ0

− r0;−r sin θ0; zÞsðr0; θ0Þr0 dθ0 dr0: ð12Þ

Here, the Green’s function Gdðx; y; zÞ for the pencil
beam at the origin is presented in the Cartesian co-

ordinate system; the intensity profile sðr; θÞ of the
source beam and its overall response Cpðr; zÞ are pre-
sented in the cylindrical coordinate system. In our
simulation, the integration was carried out in cylind-
rical coordinates.

3. Results and Discussions

In this section, we present the simulation results for
the two issues in dark-field confocal PAM. A two-
layer skin model was used. The first layer was the
epidermis, and the second layer was the dermis.
The optical wavelength used in the simulation was
548nm, and the corresponding optical properties
are given in Table 1 [9]. Because water is usually
used as the acoustic coupling medium between the
tissue and the ultrasonic detector in PAM experi-
ments, the refractive indices for the top and bottom
ambient media were set to 1.33 in our simulation.
The thickness of the dermis for simulation purposes
was set relatively larger than the anatomical values.

The Green’s function for PBi [Fig. 1(a)] was ac-
quired from codes modified from the well known
Media Center Markup Language (MCML) program,
as detailed in [9]. The grid size along all axes was
0:005 cm in our simulation. The number of grid ele-
ments along the x, y, and z axes were 400, 200, and
200, respectively. Since the Green’s function for PBi
is symmetric with respect to the x − z plane, the
200 grid elements along the y axis only covered the
range from −0:01mm to 0:99 cm. The number of
photon packets traced was 30 million. In the numer-
ical solution for Eq. (8) and (12), a 2D linear interpo-
lation and an adaptive Simpson algorithm for
quadrature with an integration tolerance of 0.0001
were used.

Before we studied the PAM, we first checked the
consistency between our results and the results ac-
quired from the published CONV (convolution) pro-
gram [13] by simulating a normally incident circular
top-hat beam. The top-hat beam has an energy inten-
sity of 1mJ=cm2 at the illuminated surface and a ra-
dius of 2mm. The same Green’s function for a pencil
beam was used in both convolutions. The fluence
distributions acquired from the two different pro-
grams were completely identical, and the result from
our method is shown in Figs. 3(a) and 3(b).

Figures 3(a) and 3(b) show half of the fluence dis-
tribution and its contour view along a vertical (r − z)
cross section for the top-hat (bright-field) illumina-
tion acquired from our program. We can see that
the peak fluence lies near the skin surface at a depth
of 0:02 cm (around a transport mean free path), and it

Fig. 2. Schematic of the finite-size laser beams: (a) laser beam
with only parallel translation between decomposed pencil beams;
(b) dark-field illumination laser beam with both rotation and
translation between decomposed pencil beams.

Table 1. Optical Properties of the Two-Layer Tissue Model in the MC
Simulationa

Layer n μa½cm−1� μs½cm−1� g½−� Thickness (cm)

Epidermis 1.34 0.15 400 0.85 0.001
Dermis 1.4 0.7 200 0.76 2
aThe refractive indices for the top and bottom ambient media

are 1.33.
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decays exponentially along the z axis. This result in-
dicates that if bright-field illumination is used in
PAM, an overly strong PA signal generated from
the skin surface will lead to a strong reverberation
that overshadows PA signals generated from deeper
structures.
Figures 3(c) and 3(d) show the simulated result for

the fluence distribution in PAM based on the dark-
field illumination [Fig. 2(b)]. For a more detailed de-
scription of the geometry of the optical illumination
and ultrasonic detection, please refer to [7]. Here, the
incident angle was 45 degrees, the inner radius of the
illumination ring was 0:15 cm, and the outer radius
was 0:35 cm. The energy density of the laser was
1mJ=cm2, which was homogeneously distributed
within the illuminated area. Figures 3(c) and 3(d)
show that the fluence distribution follows a saddle-
like profile, where the fluence at the central region
is much lower than that within the illumination ring.
Unlike the bright-field illumination, where the flu-
ence peaks near the skin surface, the dark-field illu-
mination generates a depth distribution that peaks
around 0:1 cm below the skin surface along the z axis,
i.e., the effective optical focus is 0:1 cm below the skin
surface. As a result, the signal amplitude generated
from the skin surface is reduced. In comparison, the
geometrical optical focus for the optical illumination
was 0:15 cm in this situation.

For guidance in optimizing the optical illumination
in PAM, we studied the influence of (1) the incident
angle and (2) the inner diameter of the illumination
ring on the depth position of the effective optical
focus and the fluence ratio.

First, we demonstrated here that optical scatter-
ing seriously affects the depth position of the effec-
tive optical focus in deep tissue. Figure 4(a) shows
the depth-resolved dimensionless fluence distribu-
tion for an oblique-incident impulse pencil beamwith
a 45-degree incident angle. Such a one-dimensional
fluence distribution is similar to that for a normally
incident impulse pencil beam reported in a previous
study [9]. Figure 4(b) shows the contour view of the
fluence distribution along the x − y plane at a depth
z ¼ 0:2 cm, which is around ten times the transport
mean free path. Since the fluence distribution is
symmetric with respect to the x axis, we only show
the positive half along the y axis here. In Fig. 4(b),
the location of the peak fluence shifted from the ori-
gin along the x axis by a distance less than 0:04 cm.
In comparison, the geometric shift should be 0:2 cm
at the same depth in an optically clear medium.
These facts suggest that in PAM the positions of
the effective optical focus and the geometrical optical
focus will differ from each other conspicuously in
deep tissue.

Fig. 3. (Color online) Optical fluence distributions along the r − z plane for (a) bright-field and (b) dark-field optical illumination. (c),
(d) Contour plots of (a) and (b), respectively.
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In dark-field confocal PAM, the laser beam coming
out of the source fiber passes through a conical lens
to form a ring-shaped illumination pattern, which is
then weakly focused into the tissue [7]. During data

acquisition, the relative position between the conical
lens and the ultrasonic detector is fixed, but the dis-
tance between ultrasonic detector and skin surface is
adjustable to image the object of interest at a specific
depth with the highest SNR. This situation was si-
mulated by the obliquely and cylindrically sym-
metric incident finite beam with a varying inner
(dark-field) radius from 0 to 0:3 cm. The ring width
was kept constant at 0:15 cm, and the incident angle
was 45 degrees. Instead of keeping a constant total
energy of the finite beam, a constant energy intensity
of 1mJ=cm2 at the illuminated surface was assumed.
Considering that the total laser pulse energy can be
changed easily by adjusting the laser system and the
total pulse energy is limited only by safety regula-
tions (maximum permissible exposure on skin sur-
face should be less than 20mJ=cm2 in the visible
spectral region) [21], the assumption was reasonable
and would not affect the studies of the two issues.
Moreover, both the depth position of the effective op-
tical focus and the fluence ratio are actually indepen-
dent of the incident energy.

Figure 5 shows the simulation results based on the
varying inner diameter. Figure 5(a) gives the on-axis
fluence at the effective optical focus and on the skin
surface as a function of the inner radius. We can see
here that when the dark field enlarges, the local op-
tical fluence decreases both at the effective optical
focus and on the skin surface. This result indicates
that the detected PA signal amplitude decreases with
increasing dark field.

Fig. 4. (Color online) Fluence distribution for an obliquely inci-
dent pencil beam with a 45-degree incident angle: (a) depth-
resolved fluence distribution; fluence values on each plane that
is parallel to the x − y were summed; (b) fluence distribution along
the x − y plane at the depth z ¼ 0:2 cm.

Fig. 5. Simulation results with a constant incident angle: (a) changes of optical fluence at the effective optical focus and on the skin
surface as a function of the inner radius; (b) changes of the fluence ratio as a function of the inner radius; (c) changes of the depth position
of the effective optical focus as a function of the inner radius; (d) changes of optical fluence at the effective optical focus when the depth
position of the effective optical focus increases with the inner radius.
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Figure 5(b) gives the change of fluence ratio as a
function of the inner radius, and Fig. 5(c) shows
the depth position of the effective optical focus as
a function of the inner radius. Except for a small peak
around the 0:02 cm inner radius caused by ballistic
photons within a transport mean free path, the flu-
ence ratio increases with the inner radius. The depth
position of the effective optical focus also increases
with the inner radius. In Fig. 5(c), there are situa-
tions where the depth of the effective optical focus
does not change with the inner radius, which is pre-
sumably caused by the lack of resolution due to the
grid size.
Figure 5(d) presents the relationship between the

optical fluence at the effective optical focus and the
depth position of the effective optical focus when in-
creasing the dark field under a constant energy den-
sity on the skin surface. It shows that the local
optical fluence at the effective optical focus decreases
with the increase of the focus position. In fact, such a
decrease in fluence value limits the maximum
imaging depth of PAM, which is around
50–70mm (roughly ten times the optical penetration
depth) [22].
The above results suggest that increasing the dark

field helps to avoid reverberation and can deliver
more optical energy to deeper objects. It is important
to note that in the simulation, the depth location of
the geometrical optical focus ranges from 0.075 to
0:375 cm, which is almost twice as deep as the effec-
tive optical focus herein. Thus, aligning the geometri-
cal optical focus with the ultrasonic focus in an
optically clear medium does not guarantee that the
effective optical focus will accurately overlap with

the acoustic focus in tissue. Our simulation may help
to determine where the ultrasonic focus should be
placed to maximize SNR in tissue imaging.

Next, we studied the influence of the incident an-
gle on the fluence ratio and the depth of the effective
optical focus. This was simulated with an obliquely
and cylindrically symmetric incident finite beam
with a fixed 0:1 cm inner radius and a 0:25 cm outer
radius. The incident angle varied from 0 to 89 de-
grees. Again, a constant optical energy density of
1mJ=cm2 within the illuminated area was assumed.

Figure 6(a) presents the on-axis fluence values at
the effective optical focus and on the skin surface as a
function of the incident angle. Figures 6(b) and 6(c)
demonstrate the change of the fluence ratio and the
depth position of the effective optical focus as a func-
tion of the incident angle, respectively. Although a
maximum fluence is reached at the effective optical
focus at an incident angle of 35 degrees, angles be-
tween 30–50 degrees show almost the same fluence
level (�3%). Both the fluence ratio and the depth po-
sition of the effective focus decrease with an increas-
ing incident angle. At an incident angle of
∼5degrees, which is nearly normally incident, the
highest fluence ratio is reached. However, the fluence
ratio decreases less than 20% with the incident angle
increasing from 0 to 89 degrees. The depth position of
the effective optical focus also has a very small
change, from 0.07 to 0:05 cm.

4. Conclusions

We modified the convolution method of MC simula-
tion for finite-size photon beams with both transla-
tional and rotational invariances. The modified

Fig. 6. Simulation results as a function of the incident angle with a fixed size of the illumination ring: (a) changes of optical fluence at the
effective optical focus and on the skin surface; (b) changes of the fluence ratio; (c) changes of the depth position of the effective optical focus.
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MC simulation was consistent with the CONV in si-
mulating fluence distribution for a normally incident
top-hat beam illumination. We applied the modified
MC method to the dark-field confocal PAM to study
the fluence distribution in tissue and to provide gui-
dance for system optimization.
In simulating the fluence distribution, we found

(1) the fluence distribution in dark-field PAM
has a saddlelike shape, (2) the optical fluence is
significantly reduced on the skin surface that is
directly below the ultrasonic detector compared with
bright-field illumination, thereby reducing the
chances for reverberation, and (3) the depth position
of the effective optical focus differs from that of the
geometrical optical focus in deep tissue, indicating
that confocal alignment only in an optically clear
medium is not sufficient.
The influence of two parameters, the size of the

dark field (inner radius of the illumination ring)
and the illumination incident angle, on the fluence
ratio and the depth position of the effective optical
focus were studied. While the fluence value at the ef-
fective optical focus decreases, the fluence ratio in-
creases with the inner radius, suggesting that a
larger dark field leads to a higher imaging contrast.
The depth position of the effective optical focus in-
creases with the inner radius, suggesting that a lar-
ger dark field is required to image a deeper target.
The incident angle has a relatively weaker influence
on the fluence ratio. A smaller incident angle may
slightly improve the imaging quality. In terms of
the highest fluence at the effective optical focus,
an incident angle of 30–50 degrees is optimal. More-
over, the depth position of the effective optical focus
is insensitive to the incident angle.

This work was supported in part by The University
of Wisconsin-Milwaukee startup fund and by a grant
from The Lynde and Harry Bradley Foundation. We
also thank Dr. Konstantin Maslov and Dr. Gang Yao
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