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Abstract

Ultrasonically sculpted gradient-index optical waveg-

uides make it possible to non-invasively steer and confine

light inside scattering media. This confinement capability

has applications in tissue and brain imaging, where virtual

optical waveguides can be used on their own or cascaded

with physical optical elements. The level of light confine-

ment strongly depends on ultrasound parameters such as

modulation pattern, frequency, and amplitude, as well as

the material parameters of the scattering medium such as

the refractive index, scattering coefficient, and phase func-

tion. We provide a characterization of these dependencies

for a radially symmetric virtual optical waveguide. To this

end, we develop a physically-accurate simulator, and use it

to quantify how different ultrasound and material parame-

ters affect light confinement. We explain our observations

through a qualitative analysis of the behavior of multiply-

scattered light. We use the results of this analysis to demon-

strate that, by properly designing ultrasound parameters,

we can achieve a fourfold improvement in light confine-

ment compared to previous virtual optical waveguide de-

signs. We additionally show that virtual optical waveguides

can achieve up to 50% light throughput enhancement com-

pared to an ideal external lens, in a medium that mimics

the scattering properties of human bladder, and at an op-

tical thickness of one transport mean free path. Lastly, we

show experimental results that corroborate the simulation

predictions. In particular, we demonstrate for the first time

that virtual optical waveguides effectively recycle scattered

light in turbid media, and can achieve a 15% light through-

put enhancement at five transport mean free paths.

*Joint first authors

1. Introduction

Chamanzar et al. [1] recently demonstrated that ultra-

sound waves can be used to form virtual optical waveg-

uides in situ in transparent or scattering compressible me-

dia, such as water or tissue. These virtual optical waveg-

uides are sculpted non-invasively in a target medium, with-

out inserting a physical optical waveguide or lens. In

particular, as ultrasonic pressure waves are applied to the

medium, they modulate its local refractive index, creating

continuously-varying refractive index profiles analogous to

those in gradient-index (GRIN) optical waveguides. De-

pending on the sculpted profile, the resulting virtual optical

waveguides can steer light to produce focused spots [1] and

complex spatio-temporal patterns [2] inside the medium, or

relay images through the medium [3].

Virtual optical waveguides can be implemented using ul-

trasonic waves from phased arrays [1], transient ultrasonic

waves [4], and laser-induced nonlinear acoustic waves [5].

These implementations can be useful in a variety of ap-

plications that require in situ light steering. For exam-

ple, virtual optical waveguides can potentially be used in

biomedical applications, to enable light delivery and con-

finement through absorptive and scattering biological tissue

for optogenetic stimulation of cells, fluorescence imaging,

calcium imaging, photodynamic and photothermal ther-

apy [6, 7, 8, 9, 10, 11]. More generally, virtual optical

waveguides can improve the performance and flexibility of

the methods and processes for light manipulation in clear

and turbid compressible media [12].

Motivated by this strong potential for applications, our

goal in this paper is to systematically analyze and char-

acterize the effectiveness of virtual optical waveguides for

steering light inside transparent and scattering media. To

this end, we emphasize a specific use case of virtual optical

waveguides, namely, confining light inside a medium from

the beam incident to it. Within this context, we set out to

answer three related questions: First, how is the ability to

confine light affected by ultrasonic parameters (e.g., ampli-

1



tude, frequency) and optical properties of the medium (e.g.,

scattering coefficient). Second, how does the ability to fo-

cus light differ between transparent media—where there is

only ballistic light—and turbid media—where there is both

ballistic and scattered light. Third, how does confining light

inside the medium using virtual optical waveguides com-

pare to focusing light using an external lens. We investigate

these questions for both media relevant for biological appli-

cations (i.e., tissue), and more general media that may be

relevant for other applications.

Answering these questions by relying exclusively on lab

experiments would be impossible, because of both the im-

practically large number of required experiments and the

complete lack of physical hardware for certain types of

measurements (e.g., separately measuring ballistic and scat-

tered light in a turbid medium). Instead, we adopt a hy-

brid approach. First, we develop a simulator of light trav-

eling inside turbid and transparent media with sculpted vir-

tual optical waveguides (Section 3). Our simulator accounts

for both the multiple scattering and continuous refraction

effects that light undergoes under these conditions, by us-

ing Monte Carlo rendering techniques to solve the refrac-

tive radiative transfer equation (RRTE) [13]. Additionally,

our specialized simulator is two orders of magnitude faster

than previous general-purpose simulators of the RRTE [14],

without sacrificing accuracy. Second, we use our simulator

to thoroughly quantify the light confining performance of

virtual optical waveguides, and compare it with focusing us-

ing external lenses. We perform simulations in both tissue-

like media under ultrasonic settings satisfying safety con-

straints (Section 5) and other transparent and turbid media

under unconstrained ultrasonic settings (Section 4). Third,

we validate our simulation-based analysis, by performing

real experiments, and comparing their results with predic-

tions from our simulator (Section 6).

We summarize the findings of our simulations and exper-

iments as follows: There are multiple configurations of ul-

trasonic amplitude (refractive index contrast) and frequency

parameters that focus an incident beam to a point inside a

medium. These configurations perform differently in terms

of light throughput, that is, the amount of light they suc-

cessfully guide to a small area around the focus point. Addi-

tionally, the configurations maximizing light throughput are

different for transparent and turbid media, demonstrating

the need to consider both ballistic and multiply-scattered

light when designing virtual optical waveguides. In particu-

lar, virtual optical waveguides carefully designed for turbid

media can achieve better light throughput than ideal exter-

nal lenses with similar focusing properties, because of the

former’s ability to recycle and guide scattered light. Over-

all, our simulations demonstrate virtual optical waveguide

designs that improve light throughput by 300% compared

to previous designs [1], and 50% compared to an ideal ex-
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Figure 1: Physics of ultrasonically sculpted virtual opti-

cal waveguide: (a) Ultrasound generates a local standing

wave within the cavity of a cylindrical transducer immersed

in water. (b) Pressure modulates the medium and sculpts

a refractive index profile. (c) The refractive index behaves

like a GRIN waveguide, confining and focusing an input

beam of light within the cavity of the transducer.

ternal lens, at focusing depth of one transport mean free

path (TMFP) in media with optical properties similar to

human bladder. We also demonstrate experimentally vir-

tual optical waveguide designs that improve light through-

put by 15% compared to an external lens, at focusing depth

of 2.5TMFP.

2. Background

Chamanzar et al. [1] demonstrated that ultrasound can

be used to sculpt a gradient-index (GRIN) virtual optical

waveguide into transparent and scattering media. They per-

formed proof-of-concept demonstrations by using a cylin-

drical ultrasonic transducer to induce standing pressure

waves into the medium (Figure 1(a)) that modulate its lo-

cal density and, as a result, refractive index according to the

Lorentz-Lorenz relationship [15] (Figure 1(b)).

Figure 1 shows the pressure pattern and resulting refrac-

tive index profile within the cylindrical geometry. The ra-

dial profile of the refractive index can be described as [16, 2]

n (r, φ, t) = no +∆nJ0 (krr) sin (2πft) , (1)

where: r and φ are radial and azimuthal coordinates; t is

time; no is the background refractive index of the medium;

∆n is the refractive index contrast, equal to the difference

between the maximum amplitude of the refractive index and

no, which is approximately proportional to ultrasonic am-

plitude; J0 is the 0th-order Bessel function of the first kind;

kr = 2πf/Vus is the radial component of the ultrasonic

wavevector; f is the ultrasonic frequency; and Vus is the ve-

locity of ultrasound in the medium.

The sculpted GRIN optical waveguide confines and fo-

cuses light within the high refractive index region (Fig-

ure 1(c)), similar to a conventional GRIN waveguide that

focuses ballistic light. In this paper, we are looking to quan-
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titatively and qualitatively characterize this ability of virtual

optical waveguides to focus light inside media. With the

analogy with a GRIN waveguide in mind, we quantify the

confinement ability of a virtual optical waveguide by con-

sidering its light throughput, which is defined as the light

flux reaching a target area around a specified focus point in-

side the medium. We will be using light throughput as the

performance metric to compare how sculpting a virtual opti-

cal waveguide improves light confinement within the target

medium relative to the light throughput in an unmodulated

medium, and also in comparison with alternative focusing

techniques such as using an external lens.

We are particularly interested in light throughput com-

parisons in turbid media, which scatter (potentially multi-

ple times) some of the light traveling through them. Ex-

ternal lenses can focus ballistic (i.e., unscattered) light, but

have no control over the scattered light, which will deviate

from its original trajectory and thus not arrive at the tar-

get area. By contrast, the in situ virtual optical waveguides

can gradually reroute scattered light towards the target area

of interest. As a result, some portion of the scattered light

that would be otherwise dispersed in the medium is “recy-

cled” and guided towards the target area, resulting in in-

creased light throughput. This increased light throughput is

important for light-based bio-applications, including photo-

dynamic or photothermal therapy, and optogenetic stimula-

tion [6, 7, 8, 9, 10, 11], where increasing light throughput at

a certain region can be more important than achieving high

spatial resolution (e.g., for single-cell-resolution imaging).

In the rest of the paper, we analyze how the light through-

put of a virtual optical waveguide varies as a function of

two sets of parameters. The first is the ultrasound param-

eters that control the sculpted refractive index profile of

the virtual optical waveguide. These include the ultrasonic

frequency, ultrasonic amplitude (which determines the re-

fractive index contrast ∆n), and the extent of the interac-

tion region between ultrasound and medium (which deter-

mines the length of the virtual optical waveguide). For any

given values of these parameters, we additionally consider

how light throughput depends on the medium, and in par-

ticular, its optical (base refractive index, scattering, absorp-

tion, anisotropy factor) and mechanical (viscosity, acoustic

impedance, acoustic velocity) properties.

The need to consider both ultrasonic and medium param-

eters in conjunction creates a very high-dimensional param-

eter space that is impractical to characterize using only lab

experiments. There is no closed-form expression for com-

puting light throughput analytically in turbid media, which

makes analysis and design even more complex. We dis-

cuss a rigorous numerical analysis using a computationally-

efficient and physically-accurate simulator, based on Monte

Carlo rendering, of light propagation in turbid media mod-

ulated by ultrasound. Before we discuss the findings of our

analysis, we describe our simulator in the next section.

3. Monte Carlo rendering simulator

Our simulator uses Monte Carlo rendering to produce

estimates of radiometric measurements accurate under the

assumptions of geometric optics. To achieve physical accu-

racy, our simulator accounts for two effects.

The first effect is the bending of light rays traveling

through a medium with continuously-varying refractive in-

dex. A light ray starting at position x inside the medium

with direction ω will evolve, in the absence of scattering,

according to Hamilton’s equations [17]:

dv

ds
= ∇n (x),

dx

ds
=

v

n (x)
, (2)

where ds is the infinitesimal arc length along the ray, n (x)
is the refractive index at location x (given by Equation (1)),

and v ≡ n (x)ω is the velocity of light. Hamilton’s equa-

tions can be evaluated numerically using symplectic inte-

gration techniques such as the leapfrog integrator [18].

The second effect is the scattering of light traveling

through a turbid medium. For media such as tissue, the ra-

diance L (x,ω) at location x inside the medium towards

direction ω will satisfy, in the absence of continuous refrac-

tion, the radiative transfer equation (RTE) [19]:

ω∇L (x,ω) = −σtL (x,ω)

+ aσt

∫

S2

fs (ω · ω′)L (x,ω′) dσ (ω′) , (3)

where S
2, dσ (ω′) are the unit sphere and associated area

measure, respectively, and σt, a, fs are the extinction co-

efficient, albedo, and phase function, respectively, of the

medium. We note that it is common to describe the opti-

cal density of the medium using its mean free path (MFP)

MFP ≡ 1/σt, and the optical depth of the medium as a multi-

ple of the MFP. The RTE can be simulated accurately using

Monte Carlo volumetric rendering techniques [20].

In media where there is both continuous refraction

and scattering, Equations (2) and (3) can be combined

into the refractive radiative transfer equation (RRTE) [13].

Pediredla et al. [14] developed the first unbiased Monte

Carlo technique for simulating the RRTE, which they

have shown can accurately reproduce experimental mea-

surements from turbid media with sculpted virtual opti-

cal waveguides. Their simulator emphasizes generality,

supporting arbitrary scenes. Unfortunately, this generality

comes at the cost of reduced computational efficiency: They

report that simulating a single virtual optical waveguide ex-

periment can take up to 260 hours. This makes using their

simulator for our analysis, which requires simulating hun-

dreds of such experiments, impractical. We overcome this
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Figure 2: Monte Carlo rendering algorithm: We use a

variant of particle tracing with next-event estimation to sim-

ulate light propagation in turbid media with ultrasonically

sculpted virtual optical waveguides.

obstacle by developing a simulator tailored to the configu-

ration of Figure 1, which is two orders of magnitude faster

than the general-purpose simulator of Pediredla et al. [14].

Below we describe our simulator, starting from the case of

temporally-constant refractive index values, then continu-

ing with the temporally-varying case.

Temporally-constant refractive index. Our simulator uses

a Monte Carlo rendering algorithm, visualized in Figure 2,

that is a variant of volumetric particle tracing [21]. The

Monte Carlo rendering algorithm estimates the total flux

incident on the target area by aggregating radiance contri-

butions from multiple stochastically-generated light paths

that start at the incident beam and end at the target area.

When generating a light path, our algorithm first initial-

izes it to start at a randomly sampled location on the in-

cident beam and to have the beam direction. The algo-

rithm then traces the path by alternating between non-linear

ray tracing—integrating Hamilton’s equations (2), to prop-

agate the path for some randomly-sampled distance—and

volume events—randomly either terminating due to absorp-

tion, or changing its direction of propagation due to scatter-

ing. The algorithm continues the tracing procedure until

the path reaches the target area, leaves the medium, or is

absorbed. The algorithm samples random propagation dis-

tances, absorption events, and scattering directions based

on the extinction coefficient, albedo, and phase function,

respectively, of the turbid medium; and uses the refractive

Algorithm 1: Monte Carlo rendering algorithm.

Input: no, ∆n, f , VUS, kr = 2πf/VUS,

beam shape, target plane, nRays, σt, a, fs
Output: Target plane measurement: Image

for i=1:nRays do

t ∼ U[0,1/f ] ;

ray(pos, dir) ∼ beam shape ;

while ray is valid do

/* Next event estimate with

angular heurisic */

θ, prob ∼ ImpSample(target plane.center -

ray.pos);

rayTmp, distTrav = EikonalPropagationTill-

TargetPlaneOrMediumBoundary(ray, θ);

if rayTmp reached TargetPlane then

Image(rayTmp.pos) =
beam.power

nRays
.

fs(θ)
distTrav2

.
cos(rayTmp.dir,TargetPlane.normal)

prob
;

end

/* ray propagation */

if rand < 1− a then

ray absorbed ;

break ;

end

d = σt log(rand) ;

ray = EikonalPropagation(ray, d) ;

θ ∼ fs ;

ray = scatter(ray, θ) ;

end

end

index of the virtual optical waveguide for propagation. The

final flux estimate includes contributions from both ballis-

tic and scattered light paths that are guided by the virtual

optical waveguide between scattering events.

The above particle tracing procedure, though physically

accurate, can be very inefficient, because most traced light

paths will not reach the target area. To mitigate this prob-

lem, we modify our algorithm to use a form of next-event

estimation [21]: At each volume event, our algorithm sam-

ples a direction pointing from the current point towards the

target area, then uses non-linear ray tracing to propagate a

sub-path. Even though this next-event estimation procedure

does not guarantee that the sub-path will reach the target

area, it greatly increases the probability of forming paths

that contribute to the flux estimate. Empirically, we found

that combining our particle tracing and next-event estima-

tion procedures accelerates convergence by orders of mag-

nitude compared to using just particle tracing, without in-

troducing any bias. Using this combination, our specialized

simulator is also two orders of magnitude faster than the
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general-purpose simulator of Pediredla et al. [14] when ap-

plied to the scene of Figure 1.

Temporally-varying refractive index. The algorithm we

described above assumes that the refractive index of the

medium, though spatially-varying, is constant over time.

However, the ultrasonically sculpted refractive index of

Equation (1) varies over time as a sinusoid, at the same

frequency as the ultrasonic waves. We note that the tem-

poral dynamics of ultrasound and light differ by several or-

ders of magnitude. Given this, we can model the effects of

the dynamic changes of refractive index by averaging flux

estimates from multiple runs of our algorithm, with each

run using temporally-constant refractive index values cor-

responding to a specific value of t. Equivalently, we modify

our algorithm so that, for each path it generates, it first ran-

domly samples a value of t, then traces the path using the

refractive index values for that t from Equation (1).

This modification concludes our algorithm, which we

summarize in Algorithm 1. We emphasize that our algo-

rithm accounts for both ballistic and scattered light, unlike

previous simulators that can model only ballistic light [22].

As we show in Section 4, this capability is critical for ac-

curate analysis of light throughput in turbid media. For re-

producibility, we provide our implementation and the vir-

tual optical waveguide configurations we simulate as sup-

plementary material [23].

Figure 3 visualizes irradiance (flux density) values at all

points at the target area at the output of a virtual optical

waveguide, rendered using our simulator. We can use our

simulator to simulate both transparent (first column) and

turbid (second column) media, without (first row) and with

(second row) ultrasonic modulation. From the second row,

we observe that the virtual optical waveguide can focus light

in both transparent and turbid media. In Figure 3(d), the

halo around the focus point is due to scattered light that is

“recycled” and guided close to the region surrounding the

focus point. This recycled scattered light can help increase

light throughput in applications requiring focusing of light

through turbid media. In the next section, we use our sim-

ulator to quantify and analyze the effect of ultrasonic and

medium parameters on light throughput.

4. Characterization of the design space

We now proceed to use our simulator to understand

the effect of ultrasonic parameters and medium proper-

ties on light throughput. To this end, we perform simu-

lations for different values of ultrasonic amplitude, ultra-

sonic frequency, and medium optical density. We addition-

ally vary the size of the target region, using disks of radius

r = 50µm and r = 100µm. We list all the parameters

of the simulated system in Table 1. We choose these pa-

rameters based on practical considerations, matching the

waveguide length and the medium used by Chamanzar et
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Figure 3: (simulation) Sample renderings: We show

sample renderings for (a) ultrasound off and transparent

medium (b) ultrasound off and turbid medium (c) ultra-

sound on and transparent medium (d) ultrasound on and tur-

bid medium. With ultrasound, we observe that both ballistic

and scattered light is guided towards the center.

Table 1: Parameters used for characterization

type parameter value

setup

beam diameter 500µm
beam intensity 75000 a.u.
target region radius (r) variable

waveguide length (L) 30mm

ultrasonic

amplitude (∆n) variable

frequency (f ) variable

speed (Vus) 1500m/s

medium

base refractive index (n0) 1.3333

albedo (a) 0.99

extinction coefficient (σt) variable

phase function anisotropy (g) 0.9

al. [1]. We perform simulations in both transparent and tur-

bid media, to highlight the qualitatively different effect of

ultrasonic parameters on light throughput for the two cases.

4.1. Simulations in transparent media

Figure 4(a,b) shows light throughput simulations for a

transparent medium (i.e., optical thickness 0MFP), for tar-

get regions of radii of r = 50µm (Figure 4(a)) and 100µm
(Figure 4(b)). We plot light throughput as a function of the

refractive index contrast ∆n (horizontal axis), which is pro-

portional to the ultrasonic amplitude, and the ultrasonic fre-

quency f (vertical axis).
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Figure 4: (simulation) Ray diagrams are enough to un-

derstand the behavior of light in a transparent medium:

In the absence of scattering, the behavior of virtual op-

tical waveguides can be entirely described by ray dia-

grams. From (a, b), we can observe that the locus of high-

intensity frequency-amplitude combinations are approxi-

mately on a hyperbola, and decreasing the radius of the

integration patch makes the hyperbolas thinner. The high-

intensity frequency-amplitude combinations are focal com-

binations where the photons are focused on the target plane

(c, e). If the photons are defocused, the intensity will be

low (d). Within a given focal locus, high-frequency con-

figurations (f) will lead to higher aberrations than high-

amplitude configurations (g). Higher-order focal loci will

cause higher aberrations (h), and hence ray diagrams sug-

gest that we need to operate at first focus.

In both cases, we observe that light throughput takes

large values along hyperbolic-like contours. To understand

this behavior, in Figure 4(c-h), we use ray tracing diagrams
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Figure 5: (simulation) Effect of varying ultrasonic am-

plitude vs. frequency at different scattering levels: We

can observe that the loci of high light-throughput frequency-

amplitude pairs are approximately on a set of hyperbolas.

Each of these hyperbolas corresponds to a focal point of

the acousto-optic system. As the amount of scattering in-

creases, the maximum light throughput decreases (from the

colorbars), and the optimal frequency-amplitude pairs oc-

cur at higher-order focal loci. Note that the beam strength

is set to 7.5 × 104 a.u. consistently in the paper, and the

peak power for even 0MFP is less than 7.5× 104 a.u. due

to Fresnel reflection at the boundaries.

to visualize the light trajectories through the virtual opti-

cal waveguide for a few different ∆n-f configurations from

Figure 4(a,b). We first observe that configurations with high

throughput (c, e, f, g, h) produce virtual optical waveguides

that focus all light on the target region. By contrast, con-

figurations with low throughput (d) produce virtual optical

waveguides that are out of focus on the target region, and

thus lose a lot of light. We refer to configurations of this

kind as focal configurations.

When we compare high throughput configurations from

different contours (i.e., c versus e, f, g, and h), we observe

that each contour corresponds to virtual optical waveguides

that have different numbers of intermediate focus points be-

fore focusing on the target region. This corresponds to the

beating effect of GRIN waveguides. We use the term kth-

order focal locus to refer to the contour of focal configura-

tions where the target region is the kth focus point.

To understand the hyperbolic shape of focal loci, we note
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Figure 6: (simulation) Scattering event analysis demonstrates that higher-order focal locus better guides scattered

photons: (a) frequency-amplitude map for a 5 MFP sample with three frequency-amplitude configurations highlighted at

(i) low-order focus, (ii) intermediate-order focus, and (iii) higher-order focus. (b) We decompose all photons at these three

configurations based on the number of scattering events and show simulated images for zero, two, four, and six scattering

events. 0 scattering events shows ballistic photons only, and we observe that lower order focuses ballistic photons better,

whereas higher-order focuses suffers from aberrations. As the number of scattering events increases, the photons are less

confined as visible from both the spatial spread of the intensity image and the color bar. Compared to the lower order focus,

the higher-order focus better confines the scattered photons, and hence, higher-order focus better guides scattered photons.

first from Hamilton’s equations (2) that the bending of light

rays in the virtual optical waveguide is determined by the

spatial gradient ∇n (x) of the waveguide’s refractive index.

From Equation (1), this gradient equals:

∂n (r, φ, t)

∂r
= kr∆nJ ′

0 (krr) sin (2πft) , (4)

We observe that the refractive index gradient changes ap-

proximately proportionally to ultrasonic amplitude (through

∆n) and ultrasonic frequency (through kr). Therefore, to

maintain a refractive index gradient that results in focusing,

an increase in the ultrasonic amplitude needs to be counter-

acted by an approximately inversely-proportional decrease

in ultrasonic frequency, and vice versa. Consequently, the

focal loci have approximately hyperbolic shape.

To understand light throughput behavior within each fo-

cal locus, from the ray diagrams in Figure 4(f, g), we ob-

serve that focusing aberrations are more prominent at higher

frequencies than at higher amplitudes within a given focal

locus. If the target region is not large enough to capture all

the aberrated rays, the light throughput will be smaller at

high frequencies than at high amplitudes. We indeed ob-

serve this behavior in Figure 4(a) (target region of radius

r = 50µm). By contrast, this behavior is less pronounced

for larger target regions that capture the aberrated rays, as

we see in Figure 4(b) (target region of radius r = 100µm).

Lastly, to understand light throughput behavior across

focal loci of different orders, we observe from the ray dia-

grams in Figure 4(c, e, h) that aberrations increase as focus

order increases. Consequently, and similarly to the previ-

ous paragraph, when the target region is not large enough to

capture the aberrated rays, increasing focus order will de-

crease light throughput (Figure 4(a,b)).

We can summarize the findings of this section as follows:

In transparent media, the focusing analysis for only ballistic

light suggests that we can maximize light throughput using

virtual optical waveguides corresponding to 1st-order focus

and high ultrasonic amplitude-low ultrasonic frequency.

4.2. Simulations in turbid media

In Figure 5, we show frequency-amplitude plots analo-

gous to the ones in the previous section, but for turbid media

of different optical densities. We report optical density indi-

rectly, as the optical depth (in mean free paths) of a virtual

optical waveguide of fixed geometric length L = 30mm.

By increasing the medium’s extinction coefficient σt, we

increase optical density, and thus optical depth. For all sim-

ulations in this section, we set the albedo of the medium as

a = 0.99, and its phase function fs as a Henyey-Greenstein

phase function [24] of anisotropy factor g = 0.9.
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Figure 7: (simulation) Scattered photon trajectories

demonstrate that higher-order focus better guides scat-

tered photons: We plot a few scattered photon trajectories

(black dashed lines) for (a) first focus and (b) second focus.

The distribution of the position of the scattered photons de-

pends on the medium’s scattering length, and the distribu-

tion of the scattering directions depends on the phase func-

tion. This illustration shows a few scattered photon trajecto-

ries sampled randomly, as showing all possible trajectories

will make the image cluttered. The trajectories of the first

focus photons appear to be straight due to the small refrac-

tive index gradient. The scattered photons are better guided

to the target plane with the second focus compared to the

first focus suggesting that higher-order focus better guide

scattered photons.

We observe that, when optical density increases, the ul-

trasonic frequency-amplitude configurations that produce

high light throughput correspond to higher-order focal loci.

This is contrary to the case of transparent media (i.e., optical

thickness 0MFP). To understand the reason for this differ-

ence, in Figure 6, we visualize irradiance values at the target

area, separately for ballistic light and light that has scattered

different numbers of times. We compare these visualiza-

tions for focal configurations of first, fourth, and seventh

order. The virtual optical waveguide for the first-order focal

configuration focuses ballistic light more effectively than

waveguides for higher-order focal configurations. However,

as the number of scattering events increases, the virtual op-

tical waveguides for higher-order focal configurations guide

scattered light better than the ones for lower-order focal

configurations. We note here that this type of analysis is en-

abled by our simulator and is not possible using traditional

analytical or experimental analysis.

Based on the analysis of Figure 6, we can explain the

change in light throughput behavior between transparent

and turbid media as being due to the trade-off between

aberrated ballistic light and guided scattered light. As we

explained in the case of transparent media, the larger fre-

quency and amplitude values of higher-order focal loci in-

crease aberrations; as a result, some ballistic light rays do

not reach the target region, decreasing light throughput. On

the other hand, higher-order focal loci also increase guided

scattered light, improving light throughput. Therefore, in

the case of turbid media, the optimal ultrasonic frequency-

amplitude pairs strike a balance between reducing aberrated

ballistic light and increasing guided scattered light.

To provide intuition as to why higher-order focal loci in-

crease guided scattered light, we show in Figure 7 a few

single-scattered light rays, overlaid on ballistic ray dia-

grams for first-order and second-order focal configurations.

We note that, due to the stochastic nature of light rays in tur-

bid media, it is impossible to show all scattered rays. The

virtual optical waveguide formed by the second-order focal

configuration better guides the scattered rays towards the

target region, compared to the one formed by the first-order

focal configuration. This is due to the fact that as the refrac-

tive index gradient for the second-order focal configuration

is higher, scattered light rays bend more, making it easier to

mitigate scattering away from the ballistic ray.

We conclude that, through an analysis that accounts

for both ballistic and scattered light, we can design ul-

trasonic frequency-amplitude configurations that maximize

light throughput in turbid media, by optimally balancing the

trade-off between reducing aberrated ballistic light and in-

creasing guided scattered light. By contrast, using an anal-

ysis that accounts for only ballistic light, we can arrive at

sub-optimal ultrasonic configurations. For example, in Fig-

ure 6, using the configuration (i) suggested by simulating

only ballistic light leads to a 300% light throughput reduc-

tion compared to the optimal configuration (iii).

5. Design for biological applications

When designing a virtual optical waveguide for biolog-

ical applications, it is necessary to take into account not

just maximization of light throughput, but also safety lim-

its on the ultrasonic parameters to prevent damage to tis-

sue [25, 26]. In this section, we focus our analysis on only

ultrasonic configurations that satisfy these limits.

In particular, the mechanical index (MI) indicates the

mechanical effects of ultrasound on biological tissue. Large

values of MI indicate a higher chance of cavitation and con-

sequent tissue damage. The MI is a function of ultrasonic

8
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Figure 8: (simulation) Safety of US parameters in

bio-applications: A frequency-amplitude map, calculated

using a range of frequencies commonly used in bio-

applications, is overlapped with the MI=1.9 curve (in red),

determining three sets of safe parameters to generate a vir-

tual optical waveguide in human bladder tissue.

peak negative pressure and frequency:

MI =
Pr√
f
, (5)

where Pr is the derated peak rarefaction pressure, expressed

in MPa. The Food and Drug Administration (FDA) requires

MI ≤ 1.9 for diagnostic applications of ultrasound, to pre-

vent mechanical damage to tissue [26].

We use our simulator to analyze light throughput in

human tissue of virtual optical waveguides, produced by

ultrasonic frequency-amplitude configurations that comply

with the MI safety limit. We focus our analysis on hu-

man bladder, where light-based methods are used to treat

cancer [27, 28, 29]. Light delivered externally through the

bladder wall scatters after propagating for only a few mil-

limeters. For our analysis, we assume bladder wall thick-

ness L = 2.67mm, light wavelength 980 nm, and target

region radius r = 50µm. These values are representative

of diagnostic applications (e.g., optical coherence tomogra-

phy), and therapeutic intervention applications (e.g., photo-

dynamic therapy). For the optical properties of tissue at this

wavelength, we use σt = 3.75mm−1, a = 0.992, and g =
0.9; these values are in agreement with measurements previ-

ously reported in the literature [30]. We simulate ultrasonic

frequencies up to 40MHz, which is the range commonly

employed in ultrasonic diagnostic applications. Higher ul-

trasonic frequencies are possible, but the acoustic propaga-

tion loss would be high (∼ 0.3 − 0.6 dB · cm−1 ·MHz−1

for human tissue), limiting the maximum penetration of ul-

trasonic waves into the target medium [31, 32].

5.1. Reducing the computational cost

Analyzing the light throughput of virtual optical waveg-

uides in human bladder requires performing simulations for

multiple ultrasonic frequency-amplitude configurations, as

in Section 4. However, as the optical thickness of bladder

tissue at 980 nm is as high as ∼ 10MFP, running multiple

simulations for this setting is computationally prohibitive.

We leverage our observations from Section 4 to constrain

the parameter space we need to explore, and thus greatly

reduce the computational cost. In particular, we first note

that, to achieve high light throughput, we only need to sim-

ulate focal ultrasonic configurations for a medium of the

same physical thickness as the bladder. We show the corre-

sponding focal loci in Figure 8, together with the curve for

MI = 1.9 obtained using Equation (5).

Second, we note that, within each focal locus, virtual op-

tical waveguides for higher ultrasonic frequency have lower

light throughput than those for lower ultrasonic frequency,

due to increased aberrations. Therefore, at each focal lo-

cus, we need to consider only the configuration with the

largest ultrasonic frequency that does not violate the MI

safety limit. This reduces the frequency-amplitude configu-

rations we need to simulate to just three, shown on Figure 8.

5.2. Comparison with an ideal external lens

We simulate the light throughput for these three config-

urations, and compare it against the light throughput when

using an ideal external lens for focusing. By an ideal lens,

we refer to an aberration-free lens that is not diffraction-

limited (all light focuses at a single point), and does not

attenuate light (not absorptive). Even though such a lens

does not exist in reality, we use it to compare the perfor-

mance of virtual optical waveguides against the most favor-

able scenario for external optics, and show that virtual opti-

cal waveguides offer advantages even against this scenario.

Intuitively, we expect virtual optical waveguides to im-

prove light throughput relative to external lenses. This is

because, as we showed in Section 4.2, virtual optical waveg-

uides can not only focus ballistic light, but also recycle and

guide scattered light. By contrast, external lenses can only

focus ballistic light from outside the tissue, and have no

control over light that scatters after penetrating the tissue.

As not all recycled light will arrive at exactly the focus

point, the light throughput enhancement will depend on the

size of the target region.

To quantify light throughput enhancement, we perform

simulations for different concentric circular target regions

of increasing radii. Then, for each focusing technique, we

first quantify the loss of light due to scattering in the tur-

bid medium. For this, compute the insertion loss, equal to

the relative light flux reaching the target region in a turbid
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Figure 9: (simulation) Relative light throughput enhancement vs. ideal lens: (a) Insertion gain versus target radius for

each of the three sets of frequency-amplitude parameters. The gain is calculated versus an external ideal lens and corresponds

to a light throughput enhancement of up to 50%. 2D intensity distribution of light confined through the human bladder sample

by (b) the lens and (c) the highest frequency virtual optical waveguide.

medium versus a transparent medium. In dB, this becomes:

insertion loss (r) ≡ −10 log

(

Fs (r)

Ft (r)

)

, (6)

where: Ft (r) is the total light flux reaching the target region

of radius r when the medium is transparent (with no absorp-

tion and scattering); and Fs (r) is defined similarly for the

turbid medium. We assume that the transparent medium has

the refractive index of water, mimicking the average bulk

refractive properties of real tissue.

We then compare the performance of virtual optical

waveguides and an ideal external lens by comparing their

insertion losses: As a smaller insertion loss is better, we

can compute the insertion gain achieved by using a virtual

optical waveguide instead of an external lens (in dB) as:

insertion gain (r) ≡insertion losslens (r)

−insertion lossUS (r) . (7)

The insertion gain is directly related to the relative light

throughput enhancement defined as:

enhancement (r) =

FUS
s (r)

FUS
t (r)

− F lens
s (r)

F lens
t (r)

F lens
s (r)

F lens
t (r)

× 100%. (8)

In the above, “US” and “lens” represent the virtual optical

waveguide and ideal lens cases, respectively.

In Figure 9(a), we show the insertion gain and rela-

tive light throughput enhancement for the three ultrasonic

frequency-amplitude configurations of Section 5.1. We ob-

serve that, for target regions of small radii, the external lens

and virtual optical waveguide have similar performance;

this is because the light reaching the target region is mainly

ballistic light. However, when the target region radius in-

creases, the performance improvement from using a virtual

optical waveguide becomes significant, as more and more

recycled scattered light contributes to the flux at the target

region. We note, in particular, that using a virtual optical

waveguide can result in relative light throughput enhance-

ment as high as 50% for a target region of radius r = 12µm
at the highest ultrasonic frequency (f = 30.52MHz). The

effect of light recycling is also visible in Figure 9(b-c),

where we compare irradiance values at the target region

when using an external lens versus a virtual optical waveg-

uide. In the latter case, the aberrated ballistic focus is sur-

rounded by a faint circular region due to recycled scattered

light. This region is absent in the case of the ideal external

lens, where scattered light is not recycled.

6. Experimental results

So far, we have studied the effects of different ultrasound

parameters on the performance of the virtual optical waveg-

uidesin scattering media with our novel simulation tool. In

particular, we have shown that the light throughput can be

significantly enhanced when delivering light into scattering

media using these virtual optical waveguides.

In this section, we discuss experimental results to

demonstrate the enhanced light throughput in scattering

media using the virtual optical waveguidessculpted into

scattering media using ultrasonic waves launched into the

medium by a cylindrical transducer operating at a frequency

of ∼ 7.8MHz. Practical considerations and the availability

of piezoelectric cylindrical transducers have determined the

choice of ultrasound frequency. In the future, one can use

other shapes and types of transducers that operate at higher

frequencies.
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the customized setup used in experiments. (b) Schematic

ray path at 7.5V (first focus). (c) Schematic ray path at

33V (second focus).

In our experiments, we compared the light throughput

enhancement achieved by the virtual optical waveguide to

the light delivered to the target region of interest by an ex-

ternal lens with matching spot size. The matching spot size

ensures that the performance of the external lens and the vir-

tual optical waveguide are similar for ballistic light. Our ex-

perimental results indeed confirm that the light throughput

is significantly enhanced by the virtual optical waveguide,

corroborating that some of the otherwise scattered and lost

light is recycled and guided towards the target region of in-

terest, as predicted by our simulation results in Section 5.

6.1. Experiments in a transparent medium and
comparison with simulations

We have designed and built a custom experimental setup

(Figure 10(a)) in which we immersed a piezoelectric cylin-

drical transducer (Boston Piezo-Optics Inc.) in a transpar-

ent acrylic tank filled with deionized (DI) water. A colli-

mated laser light (OBIS LX 640 nm, Coherent Inc.) with

a diameter of 370 µm passes through a 200µm pinhole

(P200D, Thorlabs, Inc.) and passes from the bottom of

the tank, propagating through the center of the transducer’s

cavity. The imaging system consists of a monochrome

CCD camera (CS505MU, Thorlabs, Inc.), a zoom lens

(VZM 600i, Edmund Optics Inc.), and an optical window

(WG11050-A, Thorlabs, Inc.). We immersed the optical

window inside the DI water. The focal plane of the imag-

ing system coincides with the top surface of the transducer.

We have driven the transducer at 7.8MHz (corresponding

to its resonance frequency in water). To focus the light at

the target region of interest, we have driven the ultrasonic

transducer at an input electric potential of 7.5V for first fo-

cus and 33V for second focus (Figure 10(b,c)). We have

modulated the input laser ON-OFF at the frequency of ul-

trasound with a duty cycle of 10%, synchronized with the

peak of ultrasound.

We first compare the experimental results and simula-

tions in a transparent medium (DI water), as shown in Fig-

ure 11. We visually observe a good match between experi-

mental results (Figure 11(a)) and simulations (Figure 11(b))

at the first focal locus by comparing the spatial distribution

of irradiance. We plot the radial cross-sections of the exper-

imental and simulation results in Figure 11(c). We observe

a reasonably good match between the simulation and exper-

imental results. We can also observe a match between ex-

periments and simulations for the second focus images (Fig-

ure 11(d,e)) and their cross-sectional profiles (Figure 11(f)).

One difference is the mismatch in the intensity around

the center (inset-1 of Figure 11(f)). We should note that the

intensity profile predicted by the simulator is symmetric, as

expected in theory, while the experimental data is slightly

asymmetric. Intrinsic limitations of experimental condi-

tions cause this mismatch. For example, the electric wires

soldered on the transducer walls most likely contribute to

altering the perfect cylindrical symmetry of the cavity.

Another difference is the intensity ripples introduced by

diffraction effects (inset-2 of Figure 11(f)), not modeled by

the simulator. Diffraction causes intensity ripples due to

constructive and destructive interference, while the simu-

lated image shows the averaged version of such intensity

ripples. As the light throughput refers to the flux integrated,

the effect of these diffraction ripples averages out and do

not affect our conclusions.

6.2. Experiments in scattering media

Next, we performed experiments to demonstrate that

ultrasonically sculpted waveguides can recycle and guide

scattered light in scattering media. We used the first focus

generated by the transducer since it is more stable than the

second focus. In these experiments, we confined a beam

of light through 11mm of scattering medium using a vir-

tual waveguide, as represented in Fig 11(a-b). We placed

an optical lens (AC127-019-A-ML, Thorlabs, Inc.) with a

focal length of 19mm in the air outside the tank. The ex-

ternal lens was chosen to focus light at the same target loca-

tion (11mm into the medium) with a comparable spot size

(FWHM = 18µm).

We use the insertion loss (6) and enhancement (8) de-

fined in Section 5 to quantify the relative improvement of

the light throughput. Since the experimental conditions are

kept the same for both transparent and scattering media, we

expect that the difference in insertion loss is caused by the

difference in the portion of scattered light reaching the tar-
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Figure 11: Comparison between real data and simulated data: (a) Experimental data and (b) simulated data for the first

focus; (c) the cross-sectional intensity profiles show a good match. (d) Experimental data and (e) simulated data for the

second focus; (f) the cross-sectional intensity profiles show some minor mismatches. We exaggerated the mismatches in

inset-1 and inset-2 to highlight the differences. In inset-1, the mismatch is due to the transducer (hardware). Ideally, the

profile would be symmetrical. However, due to the electrical connectors, at high ultrasonic amplitude and frequency, the

experimental data shows a slight asymmetry. Note that the mismatch is not large, except for the shift in the real data. In

inset-2, the mismatch occurs due to unmodeled diffraction in the simulator.

get plane. The increase in the number of scattered light for

virtual optical waveguide is a result of the recycled scattered

light.

We performed multiple experiments in transparent DI

water and scattering media composed of different concen-

trations of intralipid 20% emulsion (I141, Sigma-Aldrich,

USA) mixed in water. Using these different concentra-

tions, we could perform experiments to compare the per-

formance of the virtual optical waveguide and the ex-

ternal lens at different optical thicknesses, ranging from

0.5TMFP to 2.5TMFP with a step size of 0.5TMFP.

The anisotropy factor for most biological tissue is around

0.9, so the maximum measured optical thickness would cor-

respond to around 25MFPs, which is approximately equal

to 1.25mm if the medium is skin tissue [33] and 1.875mm
if the medium is a brain tissue sample [34]. These val-

ues indicate the optical thickness of the medium inside the

transducer cavity, for a physical thickness of 11mm, cor-

responding to the length of the transducer. In these experi-

ments, there was also a 10mm gap between the transducer

and optical windows of the imaging system. Therefore, the

light travels through an additional scattering medium be-

fore reaching the top imaging microscope. Considering this

additional gap, the optical thickness range of the medium

would range from 0.95TMFP to 4.77TMFP.

For each optical thickness, we repeated the experiment

using three different batches of the scattering medium. For

each batch, we captured the data three times to consider

possible variabilities introduced by non-ideal experimental

conditions, such as fluctuations in the laser power, oscilla-

tions in the signal driving the transducer, and potential mi-

croscopic bubbles or debris fluctuating within the field of

view of the camera. We averaged the results for the experi-

ments for each batch.

We have plotted the insertion gain in Figure 12, where

we can observe a significant enhancement of light through-

put up to 15%. We also observe an increasing trend in-

dicating that the insertion gain increases with the optical

thickness of the medium. We have anticipated this trend

as scattered light increases with the optical thickness of
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Figure 12: (real data) Experimental demonstration of

light recycling: Insertion gain, defined as the difference

between the insertion loss for the ultrasonically sculpted

waveguide and external lens, and relative enhancement for

scattering media with different optical thicknesses. The

blue circles represent the experimental data, while the red

line shows the average gain and standard error at each opti-

cal thickness.

the medium, and as a consequence, the effect of light re-

cycling becomes more prominent. We also anticipate that

this trend will not be monotonic but reaches a plateau and

starts decreasing for larger optical thicknesses, where the

effect of scattering becomes dominated. The virtual waveg-

uide cannot effectively guide and recycle light in-between

successive scattering events. We could observe this ex-

pected outcome by the diminishing enhancement between

2− 2.5TMFP in Figure 12.

7. Discussion

We presented a rigorous analysis of the effect of ultra-

sonic parameters and optical properties on the light through-

put achieved by using ultrasonically sculpted virtual opti-

cal waveguides to focus light inside a transparent or turbid

medium. To perform our analysis, we developed a simula-

tor for light propagation inside media with a sculpted virtual

optical waveguide. Our simulator is physically accurate, ac-

counting for both continuous refraction and scattering ef-

fects, and computationally efficient.

We used our simulator to thoroughly evaluate how light

throughput varies as a function of ultrasonic parameters, in

both transparent and scattering media. We performed addi-

tional simulations to compare using virtual optical waveg-

uide versus an ideal external lens to focus light inside media

with optical parameters mimicking those of human bladder

tissue, taking into account constraints on ultrasonic param-

eters due to tissue safety limits. Our simulation-based anal-

ysis shows that the ultrasonic parameters maximizing light

throughput can be very different in transparent versus turbid

media, and that using a well-designed virtual optical waveg-

uide can improve relative light throughput in human blad-

der tissue by up to 50%, compared to using an ideal external

lens. These findings highlight the ability of virtual optical

waveguides to both focus ballistic light and recycle scat-

tered light. They also demonstrate the importance of accu-

rately simulating both scattering and continuous refraction

for analyzing virtual optical waveguides.

We validated the accuracy of our simulation-based anal-

ysis, by comparing simulation results with experiment mea-

surements of light throughput in turbid media. Our exper-

iments demonstrated for the first time that virtual optical

waveguide effectively recycle scattered light, and can im-

prove relative light throughput compared to an external lens

by up to 15% at a focusing depth of 5TMFP.

Our analysis shows that using higher ultrasonic frequen-

cies to sculpt virtual optical waveguides can lead to sig-

nificant improvements in light throughput in turbid media,

without violating tissue safety limits. However, achieving

this improved performance in practice is currently difficult,

because of the lack of commercial ultrasonic transducers

that can operate at frequencies above ∼ 8MHz. There-

fore, our analysis highlights the importance of developing

ultrasonic transducer hardware that can operate at higher

frequencies. We note that a drawback of using higher ul-

trasonic frequencies is the increased ultrasound propaga-

tion loss. However, most biological tissues exhibit tolera-

ble propagation losses at ultrasonic frequencies as high as

40MHz, which can be used to significantly enhance light

throughput in biological applications.

Even though we focused on cylindrical transducers, with

Bessel-shaped pressure profiles, our simulation algorithm

and implementation can be used to analyze and design vir-

tual waveguides using other ultrasonic patterns, for example

generated by traveling-wave or focused ultrasound trans-

ducers. Additionally, we analyzed virtual optical waveguide

performance in only transmissive configurations, where the

incident beam and the target region are at opposite sides of

a medium. In the future, it would be interesting to use our

algorithm to perform a similar analysis in reflective config-

urations, where the incident beam and the target region are

at the same side of the medium.
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