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Abstract 

The acousto-optics (AO) technique can provide a good contrast with high penetration 

depth (upto 5 cm) and can be potentially utilized in real time monitoring of the focused 

ultrasound (FUS) therapies. This work presents the AO simulation study on interaction 

of light and FUS in single-layer brain (SLB) medium and four-layer brain (FLB) medium. 

FUS pressure distribution at 0.5 MHz and 0.9 MHz frequency was simulated on k-Wave 

toolbox and the AO Monte Carlo (MC) algorithm was developed on MATLAB to 

simulate the AO effect in both mediums. The result for the SLB for both ultrasound (US) 

frequencies suggest that the modulation depth (MD) is high in the region of US focus 

with a magnitude of 2%-3% and <1% at 0.5 MHz and 0.9 MHz, respectively. Moreover, 

the MD decreases to 5 orders of magnitude at the source region. In the FLB, the MD 

decreased to 4-4.5 orders at the source and was present in the skull and US focus region 

with a magnitude of <1% at both US frequencies. These results suggest that AO can be 

utilized in sensing FUS effects to brain tissue and the AO signal-to-noise ratio (SNR) 

depends not only on the MD but also on the level of light intensity interacting with the 

US pressure. 
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Abbreviations 

MRI     Magnetic resonance imaging 

CT                Computer tomography 

PET                Positron emission tomography 

SPECT   Single-photon emission computed tomography 

BBB     Blood brain barrier 

PA    Photoacoustics 

AD     Alzheimer disease 

ALS     Amyotrophic lateral sclerosis 

PD                Parkinson’s disease 

OCT    Optical coherence tomography 

DOT    Diffuse optical tomography 

CCD    Charged coupled devices 

HIFU               High intensity focused ultrasound 

DCS    Diffuse correlation spectroscopy 

FUS               Focused ultrasound therapy 

LIFU    Low intensity focused ultrasound, 

CNS    Central nervous system 

CSF    Cerebro-spinal fluid 

UCA    Ultrasound contrast agent 

MC    Monte Carlo 

AO    Acousto-optics 

TRUME   Time-reversed ultrasound microbubble encoded 

TRUE    Time-reversed ultrasound encoded 

ARF    Acoustic radiation force 

RTE    Radiative transport equation 

PRC    Photorefractive crystal 

MCX    Monte Carlo Xtreme 

UFP    Ultrasound field perturbation 

PMT    Photo-multiplier tube 

MARD   Mean absolute relative difference 
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PAT              Photoacoustic tomography 

PML                         Perfectly matched layer 

MD              Modulation depth 

MHz              Mega hertz 

kHz              Kilo hertz 

MPa              Mega Pascal 

PCS              Pressure contrast signal 

US              Ultrasound 

GPU              Graphics processing unit 

SNR              Signal-to-noise ratio 

SLB                                        Single-layer brain 

FLB              Four-layer brain 
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List of Symbols 

s    Step size 

L    Thickness 

va    Speed of US 

ρ     Acoustic density 

p    Acoustic pressure 

ρ0    Equilibrium density 

α    Absorption coefficient 

α0    Power law prefactor 

ω    Angular frequency 

Y    Power law exponent 

c0    Isentropic sound speed 

ltr     Transport mean free path 

u    Acoustic particle velocity 

μ     US attenuation coefficient 

L    Linear integro-differential operator f 

d    Acoustic particle displacement 

 Ωx̂,  Ωŷ,   Ωẑ   Direction cosine of photon 

  Ωx̂
′
,   Ωŷ

′
,   Ωẑ

′
  Updated direction cosine 

ϕ
d,j

(r, t)   Phase due to scatterer displacement 

ω0    Optical angular frequency 

ζ    Random number 

n    Refractive index 

τ    Lag time 

Φ    Local initial phase 

μs    Scattering coefficient 

g    Anisotropy coefficient 

η    Elasto-optic coefficient 

μt    Interaction coefficient 

θ    Polar deflection angle 

n0    Initial refractive index 
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ka    Wave number of ultrasound 

ωa    Acoustic angular frequency 

φ     Azimuthal deflection angle 

Ω̂sc    Scattered photon direction 

∆n    Change in the refractive index 

Ω̂inc    Incident direction of photon 

R(ϕi)    Fresnel reflection coefficient 

μa    Absorption coefficient 

|ϕus|    Magnitude of phase shift 

∠ϕus    Angle of phase shift 

E∗(𝐫, t − τ)   Conjugate of the electric field 

G(τ)    Autocorrelation function 

∆x, ∆y, and ∆z   Spacing between grid points 

Es(r, t)    Electric field of a single path 

As(r)    Amplitude of the electric field 

ϕm,s    Phase due to random fluctuation 

J0    Bessel function of first kind of order zero 

Jm    Bessel function of first kind of order m 

ϕ
n,i

(r, t)   Phase due to refractive index change 

ϕus(t)    Total ultrasound induced phase modulation 

  Ωâ               Direction of ultrasound propagation 

M0,n    Unmodulated light (M0,n) of the power spectrum 

M1,n    Modulated light (M0,n) of the power spectrum 
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1 Introduction 

There are various non-invasive imaging techniques in biomedicine like Magnetic 

resonance imaging (MRI), Computer tomography (CT), Positron emission tomography 

(PET), Single-photon emission computed tomography (SPECT) and US which are useful 

in diagnosing the altered functions of the human body. However, they are cumbersome 

and use ionizing radiation and lack contrast. On the other hand, optical imaging is non-

ionizing in nature and can provide physiological information of tissues. Moreover, optical 

properties of biological tissues are related to the molecular constituents of tissues in 

visible and near-infrared range. The absorption coefficient of the tissues depends on the 

wavelength of light which helps in spectroscopic and functional imaging of tissues. 

However, the limiting factor of high-resolution imaging is the strong absorption and 

scattering of light in biological tissue which restricts deep penetration of light. Few optical 

imaging techniques are used in tissue imaging, such as, optical coherence tomography 

(OCT) that detects the ballistic photons at an imaging depth of ~1- 2 mm and diffuse 

optical tomography (DOT) that can reach a higher depth of up to 5 cm but provides poor 

resolution of image due to low number of detected photons [1], [2]. To overcome all these 

problems another branch of optical imaging i.e., hybrid imaging techniques are currently 

being developed. One of them is the photoacoustics (PA) that uses short light pulses to 

irradiate the tissue and the PA waves are excited due to thermoelastic expansion. These 

PA waves are detected by the wideband US transducer and are used to reconstruct the 

optical absorption distribution [3]. The other is acousto-optics (AO) that combines the 

advantage of optical imaging (i.e. its contrast) with the US which has high penetration 

depth, low scattering and good spatial resolution. AO was first theorized by Brillouin and 

later Debye et. al. and Lucas et. al. independently proved the phenomenon experimentally 

[4]. Raman and Nath gave the analytical model of AO effect -also called Raman-Nath 

diffraction- in homogeneous non-absorbing and non-scattering medium [5]. But the 

application of AO in biological imaging was first demonstrated by Marks et. al. where 

they demonstrated the possibility of imaging a homogenous turbid media by detecting US 

modulated light using a single pin photodiode detector [6]. Later, Wang et. al. obtained 

2D images of object in phantom of turbid media using AO [7] and Luez and Maret gave 

an analytical model of AO effect and tested their theory [8]. Leveque et. al. developed a 
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parallel detection technique for AO signals using CCD camera and obtained 1D images 

of buried objects in biological tissues [1]. In all above models, US is focused to the sample 

and light is incident on the focal region of the US, causing modulation of light and the 

detection of modulated photons provide the information of optical properties of the 

sample with US resolution. The analytical model of AO effect was developed by Wang 

for the homogeneous scattering medium and later he also provided the Monte Carlo (MC) 

simulation of his theoretical model [9], [10].  The analytical models containing AO 

modulation using continuous and pulsed US were developed for anisotropically scattering 

media [11], [12]. Till now, there are number of developments which took place in the AO 

field like high intensity focused ultrasound (HIFU) real time monitoring [13], AO along 

with photoacoustic tomography (PAT) was used for fluence correction and artifact 

reduction and also obtained oxygenation in blood samples [14], a technique called AO 

ptychography developed recently which allows optical diffraction-limited imaging [15], 

in one of the techniques speckle decorrelation was used to image beyond the acoustic 

diffraction limit using AO [16], AO is utilized for deep tissue gated microscopy [17]. 

Recently, AO imaging through human skull has been made feasible [18]. AO has also 

been combined with diffuse correlation spectroscopy (DCS) to estimate the perfusion at 

different depths in tissue [19]. Moreover, AO is also used in imaging and sensing blood 

flow deep inside a highly scattering medium [20]. Also, there has been a wide 

development of AO detectors including CCD cameras, Fabry-Perot interferometers, 

photorefractive crystals, heterodyne digital holography, and spectral hole burning for 

efficiently detecting the minute modulated signal [14]. 

The objective of the thesis is to study through modelling and simulation the AO effect in 

presence of focused ultrasound (FUS) in the FLB medium. The thesis flow is as follows: 

The first chapter is about the introduction of FUS and AO and some current studies on 

AO in biomedicine. The second chapter deals with the background of the US therapy and 

AO effect with their uses in general. Next, we will talk about the ultrasound and optics 

simulation and how they are combined into one as acousto-optics Monte Carlo (AO-MC) 

model in chapter three. The results followed by discussion is given in chapter four and 

five, respectively. Chapter six deals with conclusion and future work.
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2  Background 

2.1    Focused Ultrasound Therapy 

2.1.1 Introduction to US and its role in medical therapy 

Since the advent of ultrasound (US) usage in medicine in 1960s [21], it has played a vital 

role in facilitating sonographers in diagnosis of anomalies inside our body. Due to its 

advantage of non-ionizing and harmless nature, there has been a constant development of 

US and it is still one of the most active research areas for the last 30 years. The 

miniaturization of electronic components made way for development of different types 

of ultrasound transducers and good as well as fast imaging systems. Today, US research 

is going on in numerous areas like Doppler US, elastography, super resolution imaging, 

2D array transducers, echo cardiography, hybrid imaging techniques, etc. [22]. 

Along with the development of US imaging there was also a parallel and constant 

development of therapeutic US in medicine since 1927 and recent development of 

transducers (phased array transducers) has accelerated the development in this area. It 

was found that using US frequency range from 20 kHz to 10 MHz induces changes in 

biological tissues and can alter the mechanisms of cells, microbes, etc. At these 

frequencies the therapeutic US can be classified into two types: low intensity (0.125-3 

W/cm2) and high intensity (>= 5 W/cm2) [23]. The lower intensities are used to stimulate 

the transport of drugs in the membrane, induce physiological response to injury, or to 

trigger neuromodulation whereas, high intensity US is used for tumour ablation, 

lithotripsy or sonoporation. 

 

2.1.2 Effect of US on tissue 

There are two kinds of mechanism involved with the use of therapeutic US, they are the 

thermal and non-thermal effects. However, there is no fine line to separate these two 

effects and they can occur simultaneously. 

 

2.1.2.1 Thermal effect 

The incident US wave in tissue experiences attenuation and the subsequent transmission 

waves has a reduced energy which can be related as, I(z) = I0*exp(-μz), here, I(z) is the 
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reduced intensity, I0 is the incident intensity, z is the depth and μ is the attenuation 

coefficient. The heating of tissue is due to absorption of US waves. The rate at which the 

temperature rises is given by, Q = 
μ∗I

ρ∗C
  where, μ is the intensity attenuation coefficient, ρ 

is the density of the tissue and C is the specific heat capacity of tissue. This relation holds 

on an assumption that all the attenuated energy is due to the absorption of the US waves. 

It is to be noted that 60-80% of total attenuation is due to absorption. The thermal effects 

of US are utilized in various therapies including physiotherapy, increasing cellular 

enzymatic activity, blood flow, permeability, and elasticity of cellular membrane. When 

temperature induced is very high it can be beneficial in high intensity focused ultrasound 

(HIFU) tumour ablation related therapies [24], [25]. 

 

2.1.2.2  Non-thermal effects 

The non-thermal effects of US are considered beneficial in the therapeutic usage and can 

induce temperature up to 1 ℃. The non-thermal mechanisms are divided in two 

categories: 

i) Non-inertial Cavitation: The acoustic cavitation mechanism is induced when 

moderate or ow alternating pressure in US causes gas bubbles (present inside 

the tissue) to oscillate around its equilibrium position with the pressure 

without collapsing. This form of cavitation is known as stable cavitation and 

when generated causes current flow in surrounding fluid (known as 

microstreaming) and causes mechanical stress in cells which in turn induces 

biological response. 

 

ii) Inertial Cavitation: If pressure amplitudes are increased it causes non-linear 

oscillations which results in collapse of gas bubbles. This kind of cavitation is 

also known as unstable cavitation and produces shock waves in surrounding 

liquid due to bubble’s violent collapse. Moreover, the violent collapse causes 

adiabatic process of gas inside the bubble which increases the temperature and 

pressure significantly leading to production of free radicals and light emission 

(sonoluminescence). In solid surfaces (like stone, metal, cell wall) the pitting 

of the surface is seen due to high-speed liquid microjet formation by the 
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inertial cavitation effect. This mechanism helps in disintegrating kidney stones 

during lithotripsy [25], [26]. 

 

2.1.3 Types of Ultrasound Therapies and their medical application 

The categorization of US therapies is based on the acoustic intensities used. Based on the 

criteria there are two kinds of ultrasound therapies namely HIFU and low intensity 

focused ultrasound (LIFU). 

 

2.1.3.1 HIFU 

The HIFU technique uses continuous US at 0.5 – 3.5 MHz frequency range for     short 

time usually in seconds. Unlike the conventional US imaging, HIFU utilized high range 

of amplitudes and intensities typically in the range of 10 – 30 MPa and 1 – 10000 W/cm2 

respectively. HIFU is generally used for ablation by precisely focusing the US beams 

deep inside the tissue, this focusing causes acoustic energy deposition at a specific point 

resulting in temperature rise of over 60 – 80 ℃ in few seconds causing tissue necrosis, 

protein denaturation, tumour cell killing at that focal spot. Also, along with the thermal 

effect, high temperature induces inertial cavitation which further damages the targeted 

tissue through apoptosis. Furthermore, histotripsy is one area where non-inertial 

cavitation is used for rapid mechanical ablation with high energy of ultrashort US pulses. 

US beam is delivered by concave transducers or phased array transducers and the focal 

point is determined by the mechanical movement of the transducer with electronic 

steering of US beam is used for fine control of the focal spot location [27]. 

 

Monitoring of HIFU 

The real time monitoring during HIFU for safety and guidance is done by: 

i) MRI: It provides accurate planning of the target tissue due to its high 

anatomical resolution and sensitivity for tumour detection. The MR guided 

US therapy is currently used in research and clinical studies. Also, with MR 

thermometry it is possible to get real time temperature at the focal site during 

sonication. However, MRI is expensive, bulky and its temporal and spatial 

effects can lead to underestimation of temperature [27]. 

ii) US: The US technique is currently in research phase. US monitoring of HIFU 

is usually more convenient than MRI because it provides acoustic window for 
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verifying the efficacy of HIFU in real time. But the inability to evaluate intra- 

procedural therapeutic boundaries is the limitation of US monitoring [27]. 

iii) Photoacoustic Imaging: It is a hybrid imaging technique which is in the 

development phase and has a potential to evaluate real time monitoring of 

HIFU. It can measure the extent of ablation by providing the information 

about the oxygenated and deoxygenated state blood vessels around the 

induced lesion. Multispectral Photoacoustic can provide the differences 

between the spectrum of treated and untreated lesions [28], [29]. The 

photoacoustic imaging system for HIFU is currently in research phase. 

iv) Acousto-optics: It is another hybrid imaging technique which can provides a 

real time monitoring of HIFU. It has the potential to quantify the optical 

properties of tissues which can give the information about the extent of 

damage caused in real time setting [30]. The AO HIFU system is currently in 

research phase. 

 

Limitation and problems associated with HIFU 

 

HIFU is sensitive to patient movement, near field heating and has a long treatment time. 

There have been reported cases of burns and second degree burns in treatment of renal 

calculi by shock wave lithotripsy. Also, there are side effects like pain, nausea, and 

wounds. There were cases of undesirable tissue injury, unwanted burns due to no real 

time monitoring of extent of ablation. HIFU can rarely cause impotency and incontinence 

during prostate cancer treatment. Also, there are cases of fistula formation and rib necrosis 

associated with HIFU treatment of hepatic and pancreatic cancer treatment [27]. 

 

2.1.3.2 LIFU 

It is a non-ablative US therapy which utilizes pulsed US at an intensity level less than 3 

W/cm2 having a duty cycle of 20% or 50%. The Figure 1 shows the LIFU technique being 

used for brain therapy. There is low thermal effect as compared to HIFU and the vibration 

due to LIFU causes stable cavitation and the formation of acoustic streaming facilitates 

the displacement of small molecules and ions resulting in disruption of membrane 

permeability diffusion rates [31]. The applications of the LIFU are - 

i) Blood Brain Barrier (BBB) disruption and targeted drug delivery 
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The mechanism: It is the cellular boundary between the blood and the central 

nervous system (CNS). It is composed of capillary endothelial cells which are 

tightly fused by tight junctions. The BBB acts as a filter which obstruct the 

diffusion of microscopic objects like bacteria, large molecules, etc into the 

cerebral spinal fluid (CSF) while it allows diffusion of small hydrophobic 

molecules. This selective nature of BBB poses a challenge to deliver 98 % of 

therapeutic drugs (which are useful in treatment of brain related ailments) cannot 

pass into CSF or parenchyma of brain. In 2001 [32] showed that using LIFU with 

intravenously administered microbubbles can cause reversible BBB opening 

without tissue damage. 

For the BBB related FUS therapy, commercially available ultrasound contrast 

agent (UCA) is injected to patient, these UCA contains high concentration of 

microbubbles. These microbubbles (1 -10 um) have gas inside the albumin or lipid 

shell. When short burst of FUS beam is incident on these microbubbles they tend 

to undergo stable cavitation. Additionally, it is observed that these oscillation 

produces microstreaming and which in turn causes shear stress on the endothelial 

cell walls, creating opening of BBB. This mechanism causes non-invasive and 

safe permeation of large molecules into the CSF [31]. 

The ability of FUS mediated microbubble opening of BBB has opened a new 

direction from drug delivery into the brain (especially chemotherapeutics) to viral 

vector-based gene therapy (ex adeno-associated virus (AAV)). In a recent study it 

is shown that the FUS - BBB with microbubbles can be used in Parkinson’s 

disease dementia [33], [34]. 

 

Tissue effects due to FUS induced BBB disruption 

• FUS and microbubble parameters influence the magnitude of BBB permeability 

and the extent of tissue damage [34] 

• There are changes in vascular permeability, but more studies are needed due to 

the complexity involved in the mechanism and some cases of inflammation were 

reported [35]. 
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ii) Neuromodulation 

The mechanism: It has been long noted that sound pressure can affect brain 

tissue through mechanical displacement, heating, and cavitation. However, 

there are several mechanisms in which FUS affects electrical activity of the 

brain. One of the mechanisms stated that the alteration of electrical activity is 

due to mechanical forces exerted by the US pressure on mechano-sensitive ion 

channels. Also, later it was empirically seen that when the mechano-sensitive 

ion channels were removed there was no response to FUS on neural activity. 

Furthermore, there is another complex mechanism which posits that the FUS 

causes formation of bilayer sonophores (a bi-layer phospholipid membrane). 

These layers could generate capacitive displacement currents which can affect 

activity of brain. However, there is a need of physiological proof for these 

mechanism as well as the underlying cause of FUS induced neuromodulation 

which is still an open question [36], [37]. 

 

2.1.4 Applications of US therapy 

US stimulation onto peripheral nerve can produce muscular contraction by modulating 

action potential. Additionally, transient reversible effects from tens of millisecond to 90 

min exposure to FUS cause different kinds of neuromodulation, like fast-acting effects 

causes activation of voltage-gated sodium and calcium channels whereas, ultrasound 

waves can cause displacements of 1 to 3 microns in-vivo in primate brains which can alter 

Figure 1 The low intensity FUS for brain US therapy [72].  
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membrane properties and can further cause neuromodulation. There is also evidence that 

FUS pulse can cause auditory activation. Moreover, FUS-induced can inhibit and enhance 

neural activity in superficial and deep brain regions. In healthy individuals it was shown 

that sonication of visual cortex can evoke phosphenes. There is a clinical prototype 

Neurolith which is a transcranial pulse stimulation system used for neuromodulation and 

has an optical tracking system for navigation [34], [37]. 

 

2.1.5 Uses of FUS in neurodegenerative diseases 

i) Alzheimer disease (AD) 

It is characterized by progressive cognitive decline resulting from widespread 

neurodegeneration. One of the pathological hallmarks of AD is the 

accumulation of beta amyloids in the brain. Numerous studies have shown that 

FUS mediated drug delivery by inducing BBB opening has enhanced the 

pathological clearance of proteins and reduction of amyloid plaque load in the 

brain. Furthermore, recent study has demonstrated the safety and feasibility of 

transient BBB opening within the hippocampus in people with early AD and 

the next phase of trial will combine the FUS-BBB opening with therapeutic 

agents to directly target the AD pathology [34]. 

 

ii) Amyotrophic lateral sclerosis (ALS) 

Patients suffering from ALS experiences loss of muscle activity due to lower 

and upper motor neuron degeneration. There are various evidence that using 

FUS-BBB opening to deliver growth factors, or genes, or cell therapies 

targeting primary motor cortex can be an effective treatment of ALS. 

Recently, using FUS-BBB open-label study on four patients having ALS were 

tested and the outcome of the study showed that there no acceleration of 

disease progression seen [38]. 

 

iii) Parkinson’s Disease (PD) 

The parieto-occipito-temporal junction is a prominent site for cortical 

pathology in PD which is linked with the main cause of cognitive impairment. 

The BBB restricts many drugs from gaining access to this site in brain. 
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However, FUS-BBB in combination of injected microbubbles can temporally 

open BBB which can effectively provide drugs to the targeted brain regions. 

Recently, phase I trials reported safe, feasible, and reversible FUS-BBB 

opening and mild cognitive improvement with no side effects was observed 

after the treatment [38], [39]. 

 

iv) Neuro-oncology 

Glioblastoma is the most fatal of all cancers and no increase in life expectancy 

has been reported since the adoption of treatment protocol in 2005. One of the 

major issues in this cancer is the drug’s inability to penetrate the BBB and 

immunosuppressive glioblastoma microenvironment enables tumour cells to 

evade immune system. These problems can be dealt by using FUS-BBB 

opening which could detect tumour cells and can trigger antitumour immune 

response. Furthermore, FUS-BBB opening can also be beneficial in gaining 

insights into the function and structure of human glymphatic system, which is 

a microscopic waste clearance system of brain like the lymphatic system of 

body [39], [40]. 

2.2 The Acousto-optics effect 

A transmitted light from a tissue sample when detected forms a speckle pattern due to the 

interference of light having different phase differences. However, when US is introduced 

in the medium, the frequency of light gets modulated or “tagged” as it passes 

through US focused region as shown in Figure 2. This modulation of light causes blurry 

and varying speckle pattern due to time varying US and the detected speckle’s frequency 

spectrum contain n orders of sidebands where the zeroth order is the untagged light. 

Also, the detected signal is very minute in comparison to untagged light [1]. The tagging 

of light in the medium can be categorized into three possible mechanisms: The first is the 

displacement or oscillations of scatters by the US waves, scatterers oscillating at US 

amplitude causes variation in optical path and that in-turn causes phase variation in light.  

In the tissue where light is multiply scattered, this mechanism causes accumulation of 

phase variations and consequently, the intensity of speckles varies with the US frequency. 

The first mechanism is only valid when the mean free path is much greater than the 

acoustic wavelength. In addition to the first mechanism, the second mechanism describes 
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the phase variation due to the change in refractive index between the scattering events. 

And the third mechanism is due to change in optical properties– the absorption 

coefficient, the scattering coefficient, and the index of refraction - of the medium due to 

the ultrasound perturbation. It is noted that the first two mechanisms require a coherent 

light source while the third mechanism doesn’t however the US modulated signal of 

incoherent light is very weak and so the third mechanism is neglected in modelling of AO 

effect [41]. Recently, when the pulsed US is used and if the particles move with the 

background fluid in the medium then the first two mechanisms are not independent, and 

this can affect the extent of light modulation and tagging efficiency. In other words, the 

two US modulation mechanisms counteract each other with the background movement 

of particles [42], [43]. 

 

2.2.1 Modelling and simulation studies 

To gain more insight into the tagging mechanism, light modulation in tissues can be 

accurately studied by employing MC. The AO MC model simulates US tagging of 

Figure 2 The complete mechanism of AO generation and the detected speckle pattern [2]. 

Reprinted by permission from the Royal Society (U.K.). 
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photons inside the medi  um and was first developed by Wang for homogeneous media 

and was later verified by the analytical model [10]. Moreover, AO MC model for 

inhomogeneous and multiply scattered light was developed [11]. The time required to 

simulate large number of photons is quite long so to deal with this problem AO MC model 

was developed for GPU processors by Leung and Powell [44]. Their GPU model matched 

well by the analytical model and was faster than the CPU version.  Adam et. al. introduced 

AO modeling for HIFU monitoring in which they used MC to determine design 

parameters of HIFU AO guided system [45]. Furthermore, Honeystt et. al. incorporated 

MC model for simulating AO with microbubbles [46]. There is also other MC model to 

study the perfusion effect on US modulated light, improving US focus inside the turbid 

media [4]. Recently, a COMSOL model to simulate AO in double-layered tissue was 

developed [42].  The authors showed that the AO signal is like US wave and has periodic 

variation as the US frequency changes. Moreover, the AO signal is affected by the optical 

properties of the double-layer medium. However, the modulation depth only depends on 

the optical properties of the tissue at the US focal zone.  

 

2.2.2 Review on research techniques of AO 

The US modulated signal is very weak compared to the background DC signal, so the 

goal of different detection techniques is to improve the AO signal by tweaking different 

US side techniques for better resolution. On the other hand, the development of optical 

side techniques is done to enhance the SNR of detected AO signal. The different methods 

for the two sides are [4]. 

 

2.2.2.1 Ultrasound techniques 

i) Dual-frequency ultrasound 

This technique is employed in different ways such as by using a confocal      

two-region US transducer, delaying two US pulses of different frequencies, or 

using two transducers. By using a single transducer two foci were created and 

fluorescence images were captured using digital optical phase conjugation 

focusing methods. It was seen that using multiple US foci one can achieve fast 

AO imaging that is an important challenge to overcome because the 

decorrelation time of tissue is about 1ms. In another study, Young’s Modulus 
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of the medium was found by forming beat frequency using two US 

frequencies. By changing the frequencies, they found the resonance of the 

region which is related to the Young’s Modulus of the material. Moreover, the 

modulation SNR at resonance frequency was higher than the non-resonance 

frequencies. Furthermore, the nonzero average phase variations at different 

beat US modulation frequencies can be used to determine localized index of 

refraction within the medium. Using two different transducers (shown in 

Figure 3 (a)) a beat frequency could also be achieved and by using this the 

light was modulated at the beat frequency of US where the two foci 

intersected. This method improved the axial resolution by 2.4 times to 1.1 mm 

[4]. 

 

ii) Pressure Contrast 

Using US signal at 0.3 and 1.5 MPa pressures emitted 96 𝜇m apart and a PRC 

detection system, Lai et. al. found that by varying the pressure amplitude 

different optical output intensities are produced. The ratio of intensities that 

they formulated as pressure contrast signal (PCS) was independent of the 

characteristics of the detection system and the amount of modulation light 

detected. Moreover, PCS can be related to the mean free path of the light and 

therefore it could provide the scattering coefficient of the media [4]. 

 

iii) Second-harmonic generation 

The US second harmonic in AO imaging was employed by creating a US pulse 

sequence followed by its inversion. This sequence was repeated at a phase 

shift of 𝜋/2. The phase-modulated speckle pattern was acquired by applying 

optical pulses in the medium. A sufficient axial and lateral resolution 

improvement was seen due to ultrasound pulses. Furthermore, a second 

harmonic lock-in technique was developed which improved the lateral 

resolution, but the SNR deteriorated and further development of multipixel 

lock-in parallel speckle detection technique optimized the SNR [4]. 

 

iv) Planar ultrasound 
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US plane waves are used to modulate light and acquire AO signal which is 

then used for implementing filtered back-projection to get the reconstructed 

image.  This method achieved high imaging speed, but the reconstructed 

image was distorted in the lateral resolution which was further corrected by 

using a second transducer perpendicular to the first [4]. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

v) HIFU monitoring 

HIFU is used for tumor ablation (shown in Figure 3 (b)) and treatment but due 

to the heterogeneous nature of tissues it is difficult to estimate HIFU 

intensities. Therefore, AO imaging could be used for real-time monitoring of 

the US-induced tumor ablation. Li et. al. used AO imaging with PRC-based 

detection and the US to modulate the light signal and provide the lesion 

formation. They found out that as HIFU was applied the AO signals decreased 

and the change in normalized signal was proportional to the lesion size 

regardless of the US exposure parameter [4]. 

 

vi) Microbubble usage in AO 

(a) (b) 

(c) (d) 

Figure 3 (a) Two transducer US configuration, (b) HIFU setup, (c) Microbubble 

based AO setup, and (d) Shear wave US [4].  Reprinted by permission from Springer 

Nature.  
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They are commonly used to improve contrast and in AO they are used to 

enhance the spatial resolution that is done by destroying the microbubble by  

US that creates a different optical field compared to the unmodulated signal 

(shown in Figure 3 (c)). The difference between the two signals was phase 

conjugated back into the sample. Using a single microbubble, they achieved a 

2 𝜇m resolution and with many microbubbles, the resolution reached half the 

size of the US focus. This technique was called time-reversed ultrasound 

microbubble encoded (TRUME) optical focusing. The peak-intensity to 

background ratio of TRUME was about 510 which was much higher than 

time-reversed ultrasound encoded (TRUE) optical focusing system (~2). 

Contrast in AO imaging was improved by combining microbubble and laser 

speckle contrast detection setup and the difference between the two images 

was obtained and phase conjugated back into the sample. With a single 

microbubble ~2 𝜇m resolution was obtained. Moreover, when many 

microbubbles were used the resolution improved to half the size of US focus 

[4], [47]. 

 

vii) Acoustic radiation force-based AO 

ARF is the unidirectional force that is generated within the medium exposed 

by US. This generated force causes greater tissue displacement in a few 

micrometres compared to nanometre displacement by US- and this increases 

modulation depth of light waves as shown in Figure 3 (d). ARF causes shear 

waves that move perpendicular to US propagation. Liu et. al. minimized the 

effect of shear waves by reducing the exposure time of the detector and 

improving the contrast and spatial resolution. Furthermore, using ARF with 

AO can also be used to estimate the elasticity and viscosity of the material 

deep inside the tissue (1.2 cm).  Liu et. al. also developed models to track shear 

wave propagation with laser speckle contrast analysis. They found out that as 

the shear wave passes through the optical focus more light is modulated in that 

region and also observed the increase in contrast as the shear wave amplitude 

increased. Later, Cheng et. al. build ARF system and created a combined 

shear-wave laser speckle contrast analysis (SW-LASCA) and ARF-assisted 
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US-modulated optical tomography system. With this system they were able to 

measure absorption information at centimeter depths and measure the 

elasticity of tissue phantoms [4]. 

 

viii) Coded ultrasound transmission 

A coded sequence of coded-transmission ultrasound (CT-US) pulse is 

transmitted into the image object. As the coded pulse change, the modulated 

signal also changes and thus gives a set of multiplexed measurements. This 

provides the details of individual contributions from each region in the image 

medium. The authors used 79 cycles of CTUS which resulted in four-fold 

increase of SNR in contrast to single-cycle AO imaging [48]. 

 

ix) Ultrasound field-perturbation (UFP) optical focusing 

In a TRUE optical focusing system a first-order US-modulated light is phase 

inverted to focus back into the medium whereas, in UFP, zeroth-order light 

that is not US modulated but in contact of US field the light has field 

perturbation which can be leveraged to guide light in the scattering medium. 

The UFP method works by detecting and time-reversing the differential field 

of the frequency-unshifted photons when the US is alternatively ON and OFF, 

and thereafter focusing this differential signal back where the field 

perturbation occurs inside the scattering medium. This technique was 

demonstrated to be superior to conventional TRUE optical focusing. 

Furthermore, this technique could also be developed into single-shot or 

double-shot realization which is desirable for the implementation of high-

speed wavefront shaping [49]. 

 

2.2.2.2 Detector technology for tagged photons 

i) Point detectors 

The first detection technique (shown in Figure 4 (a)) for US modulated light 

was done by using point detectors such as photodiodes and photo-multiplier 

tubes (PMTs). These detectors only detect intensity modulation of a single 

speckle. The advantage of point detectors is that they are very fast, easy and 
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have low cost, and detects speckle before it decorrelates (<0.5 ms). The 

disadvantage of point detectors is the poor SNR due to extremely weak 

intensity of single speckle [2]. 

 

ii) Parallel detectors 

In these detectors, a CCD or CMOS camera is used to simultaneously detect 

N speckles grains. This detection technique improves SNR by sqrt(N) without 

compromising modulation depth. However, due to limitations in the 

acquisition speed of cameras prevent them from directly recording the AO 

modulations. To circumvent this problem the speckle pattern is imaged at four 

different acquisitions with phase delays of 0°, 90°, 180°, and 270° are 

acquired, and by computing linear combinations of the four images, the 

amplitude and phase can be found at each pixel location. But the time required 

to get four images is very large in comparison to tissue decorrelation time and 

so, this detection method is normally post-processed and not demonstrated in 

real-time. The detectors were utilized in measuring speckle contrast and one 

of the methods compared the speckle pattern with and without US 

perturbation. Moreover, speckle patterns were used to analyse the interactions  

 

 

 

 

 

 

 

 

 

 

 

 

 

(a) (b) 

(c) 
(d) 

Figure (4) (a) Point detector, (b) HDH detector, (c) PRC detector, and (d) SRH 

detector [4]. Reprinted by permission from Springer Nature. 
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of high-intensity nanosecond laser pulses with tissue phantoms, and 

theoretically, the fraction of tagged light could be calculated from the speckle 

patterns and from speckle contrast images. The parallel speckle detection is 

an efficient technique, but this detection method is sensitive to speckle 

decorrelation time which lowers the SNR [4]. 

 

iii) Heterodyne digital holography (HDH) 

To solve the problem of parallel detectors, interferometric techniques were 

developed for AO. In heterodyne digital holography Figure 4 (b) a source laser 

is made to split into two i.e., one beam travels to the sample while the other 

acts as a reference beam (local oscillator). The reference beam is either made 

frequency shifted by AO modulators to match the frequency of modulated 

photons or has the same frequency as the input signal. If the reference and the 

modulated signal have similar frequency, then they will form low beat 

frequency and this interference between the beams is easily detected. But the 

interference with the unmodulated beam results in a high-frequency beat 

signal that can be averaged out during the camera exposure time. The strength 

of the detected signal depends on the reference and transmitted signal [41]. 

The sensitivity of this technique is limited to the shot noise of the reference 

light and limitations to the acquisition time of the camera.  The development 

of the Fourier transform acousto-optic imaging (FT-AOI) system with 

interferometric detection has the SNR significantly. Recently, off-axis 

holographic detection-based FT-AOI system was developed which used plane 

US waves with long-duration pulses to perform in-depth imaging inside 

multiple scattering sample [50]. 

 

iv) Photo-refractive crystals (PRC) 

The PRC has a refractive index that depends on the light intensity and when 

the reference and the modulated beam interfere in the PRC there is a slight 

change of refractive index which causes diffraction (photorefractive effect) of 

the reference beam inside the crystal as shown in Figure 4 (c). The reference 

beam after diffraction has the same wavefront and direction as the signal beam 
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and this is commonly known as two-wave mixing. The photorefractive effect 

selects optical frequencies from signal which are very close to the reference 

beam. The PRC can also be used in a four-wave mixing technique which can 

focus light deep into the tissue (phase conjugation). Various methods of phase 

conjugation using PRC are developed. 

The advantage of this technique is the large etendue and SNR compared to the 

most CCDs detection scheme and high imaging depth. The disadvantages of 

this detection can be high background light due to scattering of a strong 

reference signal and the response time (~ 100 ms) is too slow for in-vivo 

application. There has been the development of various photorefractive 

crystals have taken place to increase the imaging speed. For example, GaAs 

at 1064 nm has 0.3 to 100 ms response time, 1% tellurium-doped tin 

thiohypodiphosphate (Sn6P2S6:Te) crystals has a response time of < 10 ms, a 

neodymium-doped vandate (ND:YVO4) PRC has 50 𝜇s response time. 

Changes in speckle pattern slower than this response time are not recorded, 

making the detection insensitive for slow speckle decorrelation. The imaging 

depth of 9.4 cm in phantoms was demonstrated by Lai et. al. with optical 

inclusion at the half-way depth. They used the transmission setup with 

Bi12SiO20 (BSO) PRC that has a response time of 150 ms at 532 nm. 

Furthermore, PRC based detection system is used for TRUE optical focusing 

setups, and to improve the spatial resolution of the TRUE system, time-

reversal of variance encoded (TROVE) was developed. Also, another method 

iterative TRUE (i-TRUE) light focusing was developed and it increased the 

spatial resolution to ~2 and ~3 fold in the axial and lateral direction, 

respectively [4], [41]. 

 

v) Spectral hole burning 

SHB crystal is a rare earth ion-doped optical absorber and has a two-level 

atomic energy level structure in which specific atoms have different transition 

wavelength. When the high-powered AO modulated laser beam is incident on 

cryogenically cooled SHB crystal then the crystal burns and only the ions 

which are sensitive for this specific frequency are excited from the ground 
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state. This causes the crystal to transmit the frequency transparently whereas 

absorbing the frequency of untagged photons (shown in Figure 4 (d)). The 

major advantage of this technique is high imaging depth which can be 

achieved with better SNR. The major disadvantage of this technique is the 

cryogenic cooling (~4 K) of the crystal. Using SHB with a PR:YSO crystal 

and slow light Zhang et. al. saw 9 cm into the tissue. They reported 30 dB 

suppression of untagged background [4], [41]. 

 

2.2.3 Applications of AO 
 

2.2.3.1 Image Reconstruction using AO 

AO tomography can provide the absorption and scattering mapping of the tissue. 

Some of the groups have developed algorithms to map these parameters. Powell 

et. al [3] used a modified forward diffusion model with a linear reconstruction 

algorithm to obtain the absorption coefficient. Also, they developed a non-linear 

reconstruction model to get both scattering and absorption coefficients for 2D 

images. They also developed an adjoint-assisted gradient-based image 

reconstruction method to obtain both the coefficients in 2D and 3D. Bal et. al. 

developed an inverse problem diffusion equation-based reconstruction algorithm 

to obtain absorption and diffusion coefficient from incoherent measurement of 

modulated light. Furthermore, they developed solution to the hybrid inverse 

source problem and reconstruction algorithm to obtain density of luminescent 

source in bioluminescence acousto-optic tomography. Ammari et. al. [4] 

constructed non-linear coupled system -using spherical Radon transform 

inversion and the diffusion model- and solved iteratively to reconstruct the 

absorption coefficient. Huyung et. al. [4] reconstructed pulsed AO signals along 

the US axis using maximum likelihood algorithm. By using coupled system 

equation of diffusion approximation and autocorrelation function Allmaras et al. 

[4] developed an iteration-based reconstruction algorithm and achieved good 

stability and  resolution in absorption coefficient mapping. Also, Bratchernia et. 

al. [4] modified diffusion approximation and only considered variation in 

absorption in their model-based inversion reconstruction method. They were able 

to determine the location and absorption of embedded absorbers in the phantom.  
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Verma et. al. [4] moved a step further by developing a reconstruction algorithm 

to obtain Young’s Modulus of the tissue. Their method used diffusion 

approximation for forward model and solved the inverse problem using the Gauss-

Newton method. Backprojection algorithm like CT, X-ray was also developed in 

AO tomography by Wang et. al. [4]. Chung et al. obtained the scattering and 

absorption coefficient by reconstruction with Lipschitz stability by means of 

algebraic inversion formulas [51]. Also, in another work they reconstructed 

absorption coefficient from the boundary measurement of a single illumination 

[52]. Recently, Chung et al. analysed the Knudsen (Kn) number’s role on stability 

in AO image reconstruction. They discovered that when Kn decreases to zero, 

photon scatter more frequently and causes information loss which results in bad 

reconstruction. To diminish this problem, they posited that the laser beam must 

be highly concentrated [53]. 

 

2.2.3.2  AO with Photoacoustic tomography (AO-PAT) 

PAT and AO have both complemented each other. In one of the studies, PAT-

guided ultrasound wavefront shaping was done to improve AO imaging. On the 

other hand, AO imaging was utilized to reduce fluence variations in PAT signals. 

Furthermore, PAT and AO were combined to measure oxygenation in blood 

samples [19]. 

 

2.2.3.3  Blood Glucose detection by AO 

In this study, the ultrasound optical sensing system (UOS) for non-invasive 

glucose measurement that uses a 1645 nm laser light and a single element focused 

transducer with 1 MHz central frequency was presented. The transmittance and 

absorbance relative to 500-1900 nm wavelength were measured in a vessel-

mimicking phantom for different concentrations of glucose solution. Due to 

higher modulation depth in comparison to the continuous US, the burst mode US 

was used in this study. In phantom experiments, the measurements were done at 

the depth of 10 mm depth and the accuracy of the predicted glucose concentration 

from the US modulated signal was 26.6% mean absolute relative difference 
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(MARD) which is considered as good in comparison to FDA guidance for the 

MARD of a glucose meter is within 20% [54]. 

 

2.2.3.4 AO with Diffuse correlation spectroscopy 

AO-DCS combines the sensitivity of DCS to blood flow with ultrasound 

resolution. This technique could improve the spatial resolution of the optical 

signal based on the knowledge of US insonified area. This technique is useful in 

quantifying relative flow differences at different depths in tissue and 

quantification of fluid flow in a capillary tube embedded in a scattering phantom 

in the transmission geometry [19]. 

 

2.2.4 AO Commercial devices 
 

2.2.4.1 c-Flow 

This device is developed by Ornim Medical Ltd and is FDA and CE approved. 

Non-invasive AO monitoring of cerebral oxygen saturation is possible with this 

device. It consists of AO monitor that emits coherent, near-infrared light, at three 

wavelengths between 780-830 nm through an optical fiber and collects the 

backscattered light through an optical fiber to the avalanche photodiode. 

Ultrasound having a central frequency of 1 MHz was applied on the head and it 

penetrated the skull with relatively low attenuation. The cross-correlation of the 

detected signals is analysed, and their spatial decay enables the extraction of the 

effective attenuation coefficient of the tissue, at selective depths. The extraction 

of wavelength-specific absorption by oxygenated and deoxygenated haemoglobin 

is possible and on further analysis, the regional oxygen saturation of blood in the 

microvasculature of the brain can be obtained. This device can measure 1 cm deep 

below the skin and provides applicability of using AO signal to measure cerebral 

oxygen saturation in traumatic brain injury patients at risk of cerebral ischemia. 

Furthermore, the device also provides cerebral blood flow information and 

monitors tissue microcirculation [4], [55]. 
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3 Methods and Materials 

The AO phenomenon consists of two parts: the acoustics and the optics, and to perform 

modelling and simulation we need to consider these two effects separately. In this section 

we will develop the FUS simulation model to simulate US in human brain and the MC 

model for light propagation. Moreover, we will then develop a single AO MC model to 

simulate the whole AO effect in brain tissue. 

3.1 Focused-Ultrasound Modelling 

The FUS modelling and simulation is done using open-source k-Wave MATLAB toolbox 

[56]. The k-Wave toolbox is especially designed for the time-domain simulation of US 

waves in 1D, 2D, and 3D and has a variety of functions to simulate the linear US, non-

linear US, PAT reconstruction, and FUS heating. In k-Wave the propagation of US wave 

in a heterogeneous medium can be described by the system of coupled first-order partial 

differential equations given as, 

∂𝐮

∂t
 =  −

1

ρ0
∇p ,          (1) 

           
∂p

∂t
 =  −ρ0∇ ∙ 𝐮 − 𝐮 ∙ ∇ρ0 ,                                               (2) 

                                               p =  c0
2(ρ + 𝐝 ∙ ∇ρ0 − Lρ) ,         (3) 

The above equations are momentum conservation, mass conservation, and pressure-

density relation, respectively. The terms u is the acoustic particle velocity, p is the 

acoustic pressure, ρ is the acoustic density, ρ0 is equilibrium density, c0 is the isentropic 

sound speed, d is the acoustic particle displacement, and L is a linear integro-differential 

operator that accounts dispersion and acoustic absorption in the medium which follows 

frequency power law 𝛼 =  𝛼0𝜔𝑦 where, 𝛼 is the absorption coefficient, 𝛼0 is power law 

prefactor and 𝜔 is the angular frequency, and y is the power law exponent. In most soft 

biological tissues y is ≈ 1. In k-Wave, the above partial differential equation is solved 

using discrete k-space pseudospectral method (k-space method) where spatial gradients 

are calculated using Fourier-collocation method and conventional finite difference 

method is used to calculate temporal gradients. However, the grid-based technique used 

to solve the collocation method does not accurately represent the US source distribution 

(especially when the source is curved) as the source grids points do not coincide with it. 
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This causes staircasing error near the source surface and results in erroneous acoustic 

field distribution which provides inaccurate results in the case of FUS therapy. To avoid 

this grid-based error we used the kWaveArray class [57] which applies the discrete, band-

limiting convolution operator to the continuous distribution of source and can accurately 

describe the acoustic pressure distribution in therapeutic US settings. It supports arbitrary 

shaped sources which are not constrained to the grid points and can be placed anywhere 

inside the computational grid. 

3.2 Numerical Implementation of FUS in k-Wave 

The FUS implementation in k-Wave was done using single element bowel-shaped 

focused transducer with 50 mm diameter and a focal length of 40 mm. We considered 

two central frequencies 0.5 MHz and 0.9 MHz of the custom build transducer (f-number 

= 0.9) to simulate the pressure distribution in SLB medium and FLB medium that consists 

 

 

 

 

 

 

 

 

 

 

 

 

of scalp, skull, CSF, and brain. Our aim through US simulations was to investigate the 

focal pressure, the displacement of focus point in presence of skull, and US heating at the 

focal point. In our all simulations, the focal pressure was about 0.5 MPa as several studies 

Figure 5 The computational domain of the simulation. 
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[58] has shown that a pressure of 0.2-0.7 MPa is optimal for BBB opening. The 

computational grid size was taken as 124 x 124 x 164 with ∆x, ∆y, and  ∆z all equal to 

0.5 mm and width of the perfectly matched layer (PML) was twenty grid points. Inside 

the computational domain as shown in Figure 5, FLB medium is modelled as concentric 

semicircles and the background medium is water. The distance between the transducer 

and the brain is 28 mm while the centre of the FLB medium is 13 mm away from the 

midpoint of the computational domain. The ultrasound focus was positioned at 10 mm 

from the CSF layer and the background temperature was about 22 ℃. Furthermore, the 

exposure time for the ultrasound was 2379 steps with a temporal resolution (∆t) of 18.5 

ns and for the stability the Courant–Friedrichs–Lewy (CFL) number (
va∆t

∆x
) was 0.1 where 

va is the speed of US in the skull medium. Figure 6 shows excellent fit between the  

 

 

 

transducer field in the axial direction simulated in k-Wave and O’Neill’s analytical model 

[59]. 

3.3 The Monte Carlo Light Propagation Model 

The flow of optical energy in turbid media can be described by radiative transport 

equation (RTE) which is based on energy conservation law [60]. The solution to RTE 

exists for simple geometries and is given by applying diffusion approximation which 

Table 1.   US Parameters 

 va ρ α0 y L 

Water 1500 1000 0.002 1.1  

Scalp 1537 1116 0.85 1.1 3 

Skull 2652 1796 4.11 1.1 7 

CSF 1500 1000 0.002 1.1 3 

Brain 1500 1000 0.10 1.1 25 

va= ultrasound velocity (m/sec) 

ρ = density (kg/m3) 

α0= power law prefactor (dB/(MHz)y cm) 

y = power law exponent 

L = thickness (mm) 
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Figure 6 The pressure field in axial direction 

from k-Wave (blue) and O’Neil’s Model 

(red).  
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assumes that photons are diffusing in the medium after they have travelled the distance 

known as transport mean free path (ltr = ( 1/𝜇𝑠
′ ) [61]. However, the diffusion 

approximation is valid only for distances greater than one transport mean free path and 

for mediums with low absorption coefficient. Another approach to solve the RTE 

equation is through MC method which is a stochastic method. The MC method is a tool 

to solve problems using random numbers and are very useful where analytical solution is 

very difficult to get. In tissue medium the MC method simulates the “random walk” 

photons make while propagating through the tissue, which is calculated by statistically 

sampling the probability distributions to get step size and scattering direction [62]. 

Moreover, after enough photons the MC method gives accurate solution to RTE. 

However, a large amount of computation time is required to get the accuracy and that is 

why several parallelization algorithms are developed to simulate hundreds or thousands 

of photons simultaneously. The MCX is one of the open-source algorithms that is based 

on GPU computing and can simulate billions of photons simultaneously [63]. The events 

a photon experiences while travelling in the tissue medium is shown in the flowchart 

Figure 7 and below is the detailed explanation of the MC flowchart. Initially the photon 

is launched from a unity pencil beam that has a specific location (x, y, z) and a direction 

( Ωx̂,  Ωŷ,   Ωẑ). Each photon moving out from the source has a unity weight (energy) and 

the specular reflection coefficient is calculated at this point if there is a refractive-index- 

mismatched interface between the tissue and the ambient medium. As some of the 

photons reflected due to specular reflection some weight of the photon is reduced as W = 

W – Rsp , where W is weight of the photon and Rsp is the specular reflection coefficient. 

Once the photon is launched, the step (s) photon will take to move forward is calculated 

from a randomly chosen value from exponential distribution, and is calculated by [62]: 

 

s =  −
ln ζ

μt
 ,           (4) 

where 𝜁 is the random number distributed between 0 and 1, 𝜇𝑡 is the interaction coefficient 

defined as μt = μs + μa, where μs is the scattering coefficient and μa is the absorption 

coefficient. The photon’s movement that is its x, y, and z positions are updated in 

cartesian coordinate system. Then we will test if this step size (s) is less than the distance 

between current photon position and boundary of the medium. 
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 Figure 7 Flowchart of a single photon in a Monte Carlo light transport model. The red 

boxes indicate the random number generation from a probability distribution.   
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If this is false, then move the photon and calculate the amount of weight ∆w to be dropped 

at this location [62]: 

 

∆w = W ∗ 
μa

μt
 ,          (5)  

 

the current photon’s weight is decreased as W = W - ∆w and the ∆w is added to the current 

voxel of the tissue medium. Moreover, after dropping the weight the photon will 

experience scattering and its direction is updated. In MC direction vector is represented 

in spherical coordinate system (r, θ, φ). The cosine of the polar deflection angle, cos θ, 

is calculated using Henyey-Greenstein phase function [62], 

 

cos θ =  {
 

1

2g
[1 + g2 − (

1−g2

1−g+2gζ
)

2

]       if g ≠  0

2ζ − 1                                        if g = 0.
                   (6) 

 

In the above equation g is the anisotropy and has values range from -1 to 1 representing 

complete backward scattering and complete forward scattering, respectively. The 

azimuthal deflection angle (φ), is a uniformly distributed over 0 to 2π, given as, 

  

φ = 2πζ                                 (7) 

 

Once the deflection angles are in hand we can calculate the updated direction of the 

photons as, 

 

  Ωx̂
′
 = 

 sin θ(  Ωx̂  Ωẑ  cos  φ −   Ωŷ  sin  φ )

√1−  Ωẑ
2

 

 +   Ωx̂ cos θ, 

  Ωŷ
′
 = 

 sin θ(  Ωŷ  Ωẑ  cos  φ +   Ωx̂  sin  φ )

√1−  Ωẑ
2

 

 +   Ωŷ cos θ,                   (8) 

  Ωẑ
′
 = − √1 −   Ωẑ

2
 sin θ cos  φ  +   Ωẑ cos θ. 

 

In Equation 8 the (  Ωx̂
′
,   Ωŷ

′
,   Ωẑ

′
) is the updated direction of the photon. 
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However, if the step size is greater than the distance between current photon position and 

the boundary. Then the photon is moved to the boundary and Fresnel reflection coefficient 

R(ϕi) is calculated [62], 

 

R(ϕi) =  
1

2
[

sin2(ϕi− ϕt)

sin2(ϕi+ ϕt)
+ 

tan2(ϕi− ϕt)

tan2(ϕi+ ϕt)
],                                           (9) 

 

where ϕi = cos−1(| Ωẑ|) is the angle of incidence on the boundary and ϕt is the angle of 

transmission which is calculated by Snell’s law. After calculating R(ϕi), a random 

number is generated to determine whether the photon is internally reflected or transmitted 

if ζ ≤  R(ϕi) then the photon is internally reflected and, in this condition, the  Ωẑ 

direction of the photon is changed. If ζ > R(ϕi) then the photon transmits in the next 

medium or exits outside the tissue medium. If the exiting photon is incident upon a 

detector, its final weight, and partial path length in each tissue medium are saved. 

Furthermore, the photon once exited will be dead and a new photon will be simulated. 

This recursive process will complete only after all the photons are simulated. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 𝜇a 𝜇s g n 

Scalp 0.037 9.5 0.8 1.37 

Skull 0.028 27 0.9 1.43 

CSF 0.004 0.016 0.9 1.33 

Brain 0.035 8.5 0.9 1.37 

n = refractive index 

(a) (b) 

(c) 

Table 2. Optical properties  
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 Figure 8 (a) The validation of our MC model with MCX and Diffusion approximation, (b) 

Photon trajectories in semi-infinite SLB medium, and (c) Photon trajectories in FLB medium 

and the color bar shows frequent paths photons take while traversing to the detectors. 
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In our study I developed the MC program on MATLAB using the same principles 

described above. Like the US simulation, the photons were simulated in two semi-infinite 

mediums, one representing the SLB and other is a FLB medium. The Table 2 shows the 

optical properties of the medium at 850 nm wavelength of light [64]. The internal 

reflection from the boundary was considered as all-or-none event, this means that no 

partial reflection or refraction was considered for a photon. The validation of our MC 

model (shown in Figure 8 (a)) was done with the diffusion approximation equation and 

MCX’s diffuse reflectance curve. 10 million photons were simulated in 60x60x60 grid 

points semi-infinite brain medium with ∆x, ∆y, and ∆z as 0.5 mm. The diffuse reflectance 

was calculated by placing 100 detectors (r = 0.05 mm) on the topmost layer of the 

medium.  All the applications of biomedical optics in the head where the light source is 

involved, the source and detectors are at the same side and the efficient placement of the 

detectors is the key. The source-detector separation determines the depth the photon will 

travel inside the medium before reaching the detector and increasing the source-detector 

separation we can probe deeper inside the tissue. The Figure 8 (b) and (c) shows the 

photon trajectories reaching the detectors D1, D2, D3 placed at 20 mm, 30 mm, and 40 

mm, respectively for both the mediums. We can observe that as the detector position is 

increasing the photons reaching the detectors D2 and D3 have travelled deep inside the 

tissue before reaching the detectors. 

3.4 The Acousto-Optics Modelling 

The AO effect modulates the phase of the light and as the light is detected it forms speckle 

patterns. The two mechanisms: refractive index change and scatterer displacement, 

contribute to the total phase change of a photon. This section introduces the AO equations 

relevant for the calculation of magnitude of the total phase change for each photon. While 

deriving the equation it was assumed that- the mean free path of a photon is much greater 

than the optical wavelength, the ultrasound induced displacement of scatterers is much 

less compared to the optical wavelength and ultrasound induced refractive index change 

is very small and is linearly proportional to pressure amplitude. The last two assumption 

place a limit to the US pressure to P0 ≤ 105 Pa in biological tissue for valid result [65], 

[66]. Moreover, we also assume that in biological tissues at length greater than ltr, the 
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monochromatic US field is uniform and we can locally approximate the US pressure as 

P(r,t) = P0cos(ωa t − 𝐤a ∙ 𝐫 +  ϕ), where 𝐤a= ka  Ωâ is the ultrasound wave vector and 

P0 is the pressure amplitude, 𝜔𝑎  is the acoustic angular frequency, ϕ is the local initial 

phase, and   Ωâ denote the direction unit vector of  US propagation. With locally available 

US pressure we can calculate the phase change experienced by the light. 

 

3.4.1 Phase change due to refractive index perturbation 

The propagating US pressure alters the refractive index of the medium. This change in 

the refractive index is given by [66], 

 

∆n(r,t) = n0 
𝜕n

𝜕p
 p(r,t),                                                      (9) 

 

where ∆n(r,t) = change in the refractive index, n0  = initial refractive index, η (elasto-optic 

coefficient) = ρ va
2 ∂n

∂p
 , ρ = density of the medium, va= speed of acoustic wave. The 

change of refractive index between the scatterers causes the phase change of photon as 

they scatter from one scatterer to another. Assuming the plane electromagnetic wave with 

k0 (optical wave number) propagating between two scatterers positioned at ri-1 and ri the 

phase change due to refractive index is given by, 

 

ϕ
n,i

(𝐫i−1, 𝐫i , t) = k0n0 
∂n

∂p
∫ p(𝐫, t)d𝐫

𝐫i

𝐫i−1
,      (10) 

 

3.4.2 Phase change due to displacement of scatterers 

The propagating US pressure also causes the displacement of scatterers (𝝔s) and as the 

photon interacts with the moving scatterer its path length changes at each scattering event. 

To avoid the complex interaction of light and background medium, we assume that the 

background medium movement is in phase with moving scatterer. The expression for 

displacement of scatterer is [67], 

 

              𝛠s(r, t) = 
Ω̂a 

ρ0va
∫ p(𝐫,  t) dt,                                                    (11) 



40 

 

where ρ0 is the density of the medium, va is the speed of US in the medium, and  Ωâ is 

the propagation direction of US. Given Equation 11 we can calculate the phase variation 

due to ith scattering event, 

ϕ
d,j

(r, t) = 
k0n0

ρva
 Ω̂a ∙ (Ω̂inc - Ω̂sc) ∫ p(t) dt,                                         (12) 

 

here in Equation 12, Ω̂inc is the incident direction of photon, Ω̂sc is the scattered photon 

direction. We have from Equation 10 and 12 the individual phase modulation expressions 

from both the mechanisms. Now the ultrasound induced total phase modulation of photon 

over a single optical path is given by [44], 

 

  ϕus(t) =∑  ϕn,i(ri-1
, r

i
, t)N

i=1  + ∑ ϕd,j(rj
, t)N−1

j=1 ,                                      (13) 

 

where N and (N-1) are the number of free paths and scattering events, respectively. Note 

that the scatterer displacement and refractive index change are time dependent quantities 

because they are proportional to US pressure. Therefore, we can express the total phase 

shift as [68], 

ϕus(t) = Re{| ϕus|(exp(-i[ωat + φus])},                                    (14) 

 

where |ϕus| is the magnitude of the total phase when it is expressed in complex 

exponential and φus is the phase angle of ϕus.  Thus, the optical wave propagating along 

the optical path s can be written as the electric field wave, 

 

Es(r, t) = As(r)exp(-i[ω0t + ϕm,s(r, t) + ϕus,s(r, t)]),                           (15) 

 

where As(r) is the amplitude, ω0 is optical frequency, ϕm,s is some random phase due to 

multiple scattering process for this wave, and ϕus,s is the total AO phase shift in this 

optical path. The intensity received at the detector will be a randomly fluctuating variable 

over time and using the Siegert relationship we can get the temporal field autocorrelation 

function. Moreover, applying the Wiener-Khinchin theorem we can investigate the power 

spectrum of unmodulated and modulated light by calculating the Fourier transform of the 

temporal field autocorrelation function, G(τ) [44], 
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G(τ) =  |∫ E(𝐫, t)
+∞

−∞
E∗(𝐫, t − τ) dt|.                                       (16) 

 

When evaluating the Equation 16 for all the optical path, the autocorrelation function will 

be,  

Gs(τ) = ∑ ∫ Es(𝐫, t)
+∞

−∞
Es

∗(𝐫, t − τ) dts ,                (17) 

 

Neglecting the random phase term ϕm,s and we assume that the system is ergodic and 

wide-sense stationary, using Equation 15 we can expand the exponential cosine function 

in Equation 17 to a series of Bessel functions using Jacobi-Angers identity and the final 

expression is given as [56], 

 

                          Gs(τ)  =  As
2[J0

2 (|ϕus|)  + ∑ 2Jm
2 (|ϕus|)∞

m=1  cos(mωaτ)],                    (18) 

 

where J0 and Jm are the Bessel function of first kind of order zero and m, respectively. 

Equation 18 is a power spectrum of the zeroth harmonic which is also called DC 

(unmodulated) component of light at 𝜔0 and is proportional to J0
2(|ϕus|). Moreover, the 

power spectrum of higher harmonics (modulated light) is at multiples of acoustic 

frequency (𝜔0 + 𝜔a) and its mth side band is proportional to 2Jm
2 (|ϕus|). 

3.5 Numerical Implementation of AO in Monte Carlo 

In this section we will implement the AO equations in our MC model which will be called 

as AO-MC. The flowchart of AO-MC model is shown in Figure 9, the algorithm for 

calculating the phase shift of a single photon is very similar to the one used in [10]. The 

AO modulation process is simulated by considering the local pressure amplitude, the local 

acoustic phase at that point, and the direction of the acoustic wave. In the first step of AO-

MC we will load the pressure amplitude, phase, and direction matrix. Each voxel of the 

MC computational domain contains four quantities namely, [P0  Ωx̂, P0  Ωŷ, P0  Ωẑ, ϕa], 

where  Ωx̂ is the direction of the acoustic wave in x-direction. 

From the AO theory we can approximate the local pressure in each voxel as [65], 

 

p(t) = p0 cos(ωat + ϕa).                  (19) 
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The simulation of photon propagation in AO-MC is like the MC method but with a slight 

modification to accumulate the phase shift photon experiences along its path. When the 

photon moves to a new distance by taking ith step size in tissue layer T, then the phase 

shift due to refractive index change is accumulated in the current voxel as, 

 

∆ϕn,i,T(t) = 
k0n0si,Tη

ρTva,T
2  p(t),                   (20) 

 

where T is for tissue layer, si,T is the ith step size in tissue T, ρT and va,T is the density and 

US speed of the current tissue layer, respectively. Moreover, by replacing the value of 

p(t) in Equation 20, we get [65], [67], 

 

∆ϕn,i,T(t) = pn,cos,i,T cos(𝜔𝑎 𝑡) + pn,sin,i,T sin(𝜔𝑎 𝑡),                            (21) 

 

here in Equation 20: 

pn,cos,i,T =  
k0n0si,T η

ρTva,T
2  p0 cos(ϕa), 

pn,sin,i,T =  −
k0n0si,T η

ρTva,T
2  p0 sin(ϕa).                  (22) 

Similarly, at the jth scattering event the phase change due to scatterer displacement is 

accumulated as [65], [67], 

 

∆ϕd,j,T(t) = 
k0n0

kaρTva,T
2   Ω̂a ∙ (Ω̂inc - Ω̂sc) ∫ p(t) dt,                                    (23) 

 

By putting the p(t) in Equation 20, we arrive the final expression as: 

 

∆ϕd,j,T(t) = pd,cos,j,T cos(ωa t) + pd,sin,j,T sin(ωa t),                         (24) 

where, 

pd,cos,j,T =  
k0n0

kaρTva,T
2   Ω̂a ∙ (Ω̂inc - Ω̂sc) p0 sin(ϕa), 

pd,sin,j,T =  
k0n0

kaρTva,T
2   Ω̂a ∙ (Ω̂inc - Ω̂sc) p0 cos(ϕa).                                  (25) 

From Equation 21 and 23, we can calculate the total ultrasound induced phase shift, ϕus(t) 

as, 
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            ϕus(t) = [∑ ∑ pn,cos,i,T
n
i=1

m
T=1 + ∑ ∑ pd,cos,j,T

n
j=1

m
T=1 ] cos(ωa t) 

+ [∑ ∑ pn,sin,i,T
n
i=1

m
T=1 + ∑ ∑ pd,cos,j,T

n
j=1

m
T=1 ] sin(ωa t),     (26) 

 

and from Equation 14 and 26, the magnitude |ϕus| is calculated as, 

 

|ϕus|  = √A2 + B2 + C2 + D2        (27) 

where, 

 

A = ∑ ∑ pn,cos,i,T
n
i=1

m
T=1 ,           C = ∑ ∑ pn,sin,i,T

n
i=1

m
T=1  

B = ∑ ∑ pd,cos,j,T
n
j=1

m
T=1 ,           D = ∑ ∑ pd,sin,j,T

n
j=1

m
T=1 . 

The phase angle can also be calculated by 

 

∠ϕus = tan−1 (
−C−D

A+B
),                   (28) 

 

At each scattering event the |ϕus| is calculated and the unmodulated AO fluence is then 

accumulated in the nth voxel as M0,n =  J0
2(|ϕus|)

∆w

μa,T
 and assuming the contribution of 

higher order terms to be negligible the amount of modulated AO fluence is accumulated 

in the nth voxel will then be M1,n = 2J1
2(|ϕus|)

∆w

μa,T
 , where ∆w is the current weight of the 

photon and μa,T is the absorption coefficient of current tissue layer where the photon is 

currently residing. At the end of the simulation the modulation depth (MD) distribution 

is calculated as [65], 

 

 MD = 
M0,𝑛

M1,𝑛
 .                 (29) 
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 Figure 9 Flowchart of single photon AO-MC model. The red boxes indicate the random 

number generation from a probability distribution.   
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3.6 AO-MC simulation procedure 

In our AO-MC simulation we simulated the AO effect by the method provided in [65], 

[67].  The computational grid size was made of 110 points in all directions with a spacing 

of 0.5 mm and the US transducer was placed at 26 mm in x and y direction. Furthermore, 

the simulated pressure magnitude, phase, and the average speed 3D matrices data from k-

Wave was loaded to the computational domain of AO-MC. The average particle velocity 

in each direction x, y, and z was used to calculate the direction of the pressure in each 

voxel. US pressure was normalized to 10 kPa as to fulfil the assumptions made while 

deriving the AO theory and four simulations were done for 0.5 MHz and 0.9 MHz US 

frequencies in both the mediums i.e., SLB and FLB medium. Moreover, a total of 100 

million photons were simulated and at each scattering event the unmodulated and 

modulated power spectrum is accumulated to the current voxel of the photon’s location. 

Finally, the total distribution of modulated and unmodulated power spectrum was used in 

Equation 29 to calculate the MD distribution inside the medium.  

All AO-MC codes used for generating results of this thesis can be downloaded from 

Github (https://github.com/dpksonker). 
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4 Results 

4.1 US simulation 

The US simulation results are presented in Figure 10, different configuration of the 

frequency and pressure amplitude of the transducer was used to get the desired focal 

pressure of about 0.5 MPa which is the marked pressure for BBB opening. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

The Mechanical Index (MI) at 0.5 MHz is 0.7 and at 0.9 MHz it is 0.52, both are well 

below the maximum FDA approved limit [69], i.e., 1.9. Moreover, the temperature 

increase was 0.002 ℃ at the focus point. Figure 10 (a) and (b) show the pressure profile 

in SLB medium for 0.5 MHz and 0.9 MHz, respectively. The inverse relationship between 

US frequency and focal volume is clearly visible. In SLB, at 0.5 MHz the -3 dB focal 

(a) (b) 

(c) (d) 

Figure 10 Results from US simulation at different configurations of the medium and 

frequency: (a) and (b) represent the distribution of pressure in SLB medium at 0.5 MHz 

and 0.9 MHz and the color bar shows the pressure at focus; (c) and (d) represent the 

distribution of pressure in FLB medium. 
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length was 16 mm and width were about 3 mm and at 0.9 MHz the -3 dB focal length and 

width were about 10 mm and 1.5 mm, respectively. We considered the focal point to be 

at maximum pressure and therefore in simulations the focal depth was about 46 mm from 

the centre of the transducer. When the FLB medium (having water as the background 

medium) was placed in the medium, see Figure 10 (c) and (d), the focus was spatially 

displaced by 0.25 mm and 0.34 mm, respectively towards the transducer. Furthermore, 

when the skull was introduced in the medium the focal length elongated 4 mm in axial 

direction and decreased by 0.2 mm in lateral direction for 0.5 MHz. Similarly, for 0.9 

MHz the axial elongation was about 0.80 mm and in the lateral direction, it decreased by 

0.3 mm. The US transmission coefficient for 0.5 MHz and 0.9 MHz was about 60% and 

54%, respectively. Formation of standing waves is visible with US interference pattern 

before Figure 10 (c) and in the skull Figure 10 (d). 

4.2 AO-MC simulation 

Figure 11 provides the results of the AO-MC simulation in both the mediums. The first 

column represents the simulation result from 0.5 MHz US in SLB medium and the second 

column shows the result for 0.5 MHz US in the FLB medium. The computational domain 

in each simulation was 50 mm in each direction. Figure 11 (a) and (b) shows the acoustic 

pressure distribution in SLB and FLB medium, respectively. The centre of the focus point 

was placed around 20 mm and 28 mm in the z direction for both the mediums. Figure 11 

(c) and (d) represents the AO fluence distribution of unmodulated light (M0,n) of the 

power spectrum in SLB and FLB medium, respectively. The source was placed at 10 mm 

in the x and y direction and the unmodulated light is strong near the source. Also, the 

extent of unmodulated light near the source is more in SLB than in FLB medium. The 

AO fluence distribution of the modulated light of the power spectrum is shown in Figure 

11 (e) and (f) for both the mediums. We only considered the first harmonic (M1,n) of the 

power spectrum because the contribution from higher order harmonics will be negligible. 

In the SLB medium, the distribution of the modulated light covers a large area i.e., from 

near the source to the ultrasound focus area. The area near and at the focus contains high 

pressure magnitude and so the light will get modulated here strongly however Figure 11 

(e) shows high modulation of light near the source also. In the FLB (Figure 11 (f)) the 

area near the source has high modulation of light due to the presence of scalp and skull 

as the absorption and reflection of ultrasound from the scalp and skull is large and so most  
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(a) (b) 

(d) (c) 

(e) (f) 

(g) (h) 

Figure 11 The first column is about the SLB medium and the second column is FLB medium. 

(a) and (b) is the pressure distribution from a 0.5 MHz FUS transducer. (c) and (d) presents the 

unmodulated AO fluence distribution where due to homogeneous medium the extent of 

distribution is more in SLB medium than in FLB medium. (e) and (f) is the modulated AO 

fluence distribution in SLB and FLB medium, respectively. The modulated light distribution 

depends on the amount of light intensity interacts the US pressure inside the medium and in FLB 

less number of photons travelled to the brain medium and so the modulated light at the US focus 

is less compared to the SLB medium. (g) and (h) presents the MD distribution and FLB medium 

the MD is present at the scalp, skull, and the brain whereas in SLB medium MD is only at the 

US focus region. 
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of the light gets modulated from this region before reaching the US focus part. The 

modulated light magnitude is less than unity near the focus which is very small compared  

to the parts near the source. Figure 11 (g) and (h) is the MD distribution which was 

calculated using Equation 29. In the SLB medium the MD is somewhat maximum at the 

focus region and is about 2 % - 3 %. Moreover, the value of MD is five orders of 

magnitudes lower near the source (x = 10 mm) compared to the US focus region. In the 

FLB medium the MD is higher at the focus but also it is prominent in the scalp and the 

scull region too. The magnitude of MD at the focus region is around 1% in the FLB 

medium, and this magnitude decreases 4-4.5 orders of magnitude near the source region. 

Figure 12 (a) and (b) are the US pressure distribution at 0.9 MHz US in SLB and FLB 

medium, respectively. Here also the focus was placed at 20 mm and 28 mm in z direction 

for both mediums. The Figure 12 (c) and (d) are the AO fluence distributions of M0,n of 

the power spectrum in SLB and FLB medium, respectively. Here also the unmodulated 

AO fluence is higher near the source for both the cases. Furthermore, the modulated AO 

fluence (M1,n) of the spectrum is also higher at the focus and near the source in the SLB 

medium but in the FLB medium this is not the case. Here the modulated AO fluence is 

higher near the source and very small at the focus. In Figure 12 (e) and (f) the MD 

distribution is shown, here in Figure 12 (g) the MD is higher at the region of US focus 

and significantly lower near the source region. The magnitude of MD at the US focus is 

< 1% and near the source MD decreases to 5 orders of magnitude. In Figure 12 (h) the 

MD distribution is very small at the focus region, and it is also present in the scalp and 

skull. The magnitude of the MD is < 1% near the focus region and this decreases to 4.5 

orders of magnitude near the light source region. 
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Figure 12 The first column is about the SLB medium, and the second column is FLB medium. 

(a) and (b) is the pressure distribution from a 0.9 MHz FUS transducer. (c) and (d) presents the 

unmodulated AO fluence distribution where due to homogeneous medium the extent of 

distribution is more in SLB medium than in FLB medium. (e) and (f) is the modulated AO 

fluence distribution in SLB and FLB medium, respectively. The modulated light distribution 

depends on the amount of light intensity interacts the US pressure inside the medium and in FLB 

less number of photons travelled to the brain medium and so the modulated light at the US focus 

is less compared to the SLB medium. (g) and (h) presents the MD distribution and FLB medium 

the MD is present at the scalp, skull, and the brain whereas in SLB medium MD is only at the 

US focus region. 

(a) (b) 

(d) (c) 

(e) (f) 

(g) (h) 
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5 Discussion 

The low-intensity US therapy is the future of targeted drug delivery to the brain, 

neuroscience studies like neuromodulation, and cancer therapy. However, the lack of real 

time monitoring is a concern for US therapy. On the other hand, hybrid imaging technique 

like AO could provide a good contrast at a high penetration depth. This characteristic of 

AO makes it one of the techniques that could be used for monitoring US therapy. To this 

end, the thesis presents the first modelling and simulation study of FUS and AO in a FLB 

medium. The simulation was performed in two steps i.e., first, the acoustic pressure waves 

from a FUS transducer was simulated on k-Wave MATLAB toolbox and after that, AO-

MC model was developed to simulate the ultrasound induced phase shift of light. In all 

simulations 100 million photons were simulated and the total computation time for AO-

MC model was 38 hours. 

The US pressure distribution was simulated for FLB medium and SLB medium. The SLB 

medium was considered as to compare our AO-MC simulation result with FLB medium. 

The desired pressure at the focus point was 0.5 MPa for all the US simulations. Moreover, 

at 0.5 MHz the ultrasound transmission was 60% while it was 54% for 0.9 MHz. This 

shows that for brain therapy the lower frequency US is better in passing across the skull. 

The US focus elongation is higher in the case of 0.5 MHz and lower at 0.9 MHz. This 

could be due to skull induced phase change of US waves and the phase change is less for 

0.5 MHz than the 0.9 MHz [70]. The k-Wave simulated pressure amplitude, phase, and 

the direction was loaded in the MC-AO model. The AO-MC model presents the AO 

fluence distribution of unmodulated and modulated light. The unmodulated light power 

spectrum is the DC light which has not interacted the US pressure and at both frequencies 

this distribution is in the region of the light source. In the SLB medium the extent of 

unmodulated AO fluence distribution is more than the FLB medium because of the 

inhomogeneity between the two mediums. Furthermore, in the SLB medium, the 

modulated light distribution for both the frequencies is near the light source and at the US 

focus region because more amount of light interacted with US focus region. However, 

the focus region in the FLB medium is located at a depth of 28 mm and due to that, a 

smaller number of photons are interacting the US focus region. Near the source the 

modulated light is high because the photon’s probability of interaction with US pressure 

is high near the source. The MD distribution shows the amount of modulated (tagged) 
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light with respect to DC light. We found out that the MD for 0.5 MHz and 0.9 MHz in 

SLB medium is very low at places near the light source as the intensity of unmodulated 

light is very high at these points. As we move near the US focus in SLB medium the 

modulation depth increases more for 0.5 MHz because of the increase in probability of 

interaction with US compared to 0.9 MHz focal region. Furthermore, in the FLB medium 

the MD is low near the focus point compared to the SLB medium. This clearly shows that 

the signal-to-noise ratio of the measurement depends on the amount of light intensity 

available and the modulation depth at that region. 

 

5.1 Limitations of this study and future work 
 

The method and derivation used in the AO theory has several limitations and what we 

intend to do in our future studies are explained below: 

i) In k-Wave simulation the different layers of a human head were modeled as 

concentric semicircles, but the scalp is not uniform and in future, we would 

work on developing the k-Wave simulations using real human head CT 

images. 

ii) The AO model requires the voxel size to be less than the wavelength of the 

US. In our case i.e., for 0.5 mm voxel size, this condition is fulfilled but for 

more accurate model we would require a grid voxel size of 0.1 mm. 

iii) While deriving the AO equations we considered that the displacement of 

scatterers follows the displacement of background medium. However, in 

future simulations we will try to include the dynamics of the background 

medium and study its effect on AO phase shifts in photons. 

iv) The ultrasound phase modulations are very small and to avoid breaking this 

assumption, the peak pressure amplitude for all our simulations was 

normalized to 10 kPa. 

v) The accumulation of phase shifts is stored by the method presented in [10] but 

in our AO-MC the pressure distribution varies at each point of the 

computational domain, and this causes errors in the phase accumulation. 

vi) In our future studies we will develop the voxel-based AO-MC on parallel 

computation or GPU. Each voxel then would contain the optical, acoustic 

properties, the pressure magnitude, phase, and direction. Moreover, the 
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photon’s all events are then calculated inside a single voxel and if it crosses 

the boundary of the voxel then it will experience new optical or acoustic 

properties or pressure magnitude, phase properties. This kind of modelling of 

AO-MC will provide a better accumulation of phase and hence more accurate 

distribution of MD. 
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6 Conclusions and Future work 

In conclusion, AO effect was studied for US brain therapy by modelling and simulation. 

First, the US pressure distribution in SLB medium and FLB medium was studied using 

the k-Wave MATLAB toolbox. We found out that at 0.5 MHz more transmission of US 

through the skull takes place compared to 0.9 MHz. Second, AO-MC model was 

developed in MATLAB and the simulated pressure magnitude along with phase and 

direction matrices was loaded to this model. At each step size and scattering event, the 

phase shift due to scatterer displacement and refractive index change is accumulated to 

the current voxel. For both US frequencies, results in SLB medium shows the strong 

unmodulated light near the source regions and in FLB medium similar phenomenon was 

seen but the extent of the distribution is small. For the case of modulated light for both 

the frequencies in SLB medium the distribution is near the source and around the focus 

region and for the FLB medium near the source region has a strong modulated light 

distribution than the US focus region. Furthermore, in SLB medium at both US 

frequencies, the MD distribution is more at the region of US focus, but this MD decreases 

drastically as we move towards the light source region. In FLB medium the MD at the 

focus region for both the frequencies is small compared to SLB which shows that the 

signal-to-noise ratio (SNR) depends not only on MD but also on light intensity present in 

that region. This result is important for future simulations where we can find optimized 

position by placing US transducer at different angles to get high SNR of AO modulated 

light.  
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