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Abstract

Strokes are the second leading cause of death worldwide. Vulnerable carotid plaques are a

primary cause of stroke, with carotid Intraplaque Haemmorrghages being a key feature of

vulnerability. MR imaging, which is sensitive to the presence of endogenous Methemoglobin

(MetHb), is used to detect IPH. MRI is however expensive, and not readily available. We

propose the use of Photoacoustic Imaging (PAI) for the detection of IPH, with MetHb being

the primary PA imaging target. I examine the feasibility of this approach by performing

Monte Carlo studies of light propagation, energy deposition and PA generation in tissue-

mimicking models, as well as experimental PA measurements of MetHb in tissue-mimicking

phantoms. I show that is possible to achieve an SNR of ∼50dB at the average carotid

artery depth of ∼21mm, with the possibility of imaging up to ≥ 32mm in Type I skin using

commonly available hardware.
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Chapter 1

Introduction

1.1 Overview of Strokes

1.1.1 Health and Economic Impact of Strokes

After ischemic heart disease, cerbrovascular events (or strokes) are the leading cause of mor-

tality worldwide, accounting for approximately 7 million deaths or 12% of all deaths [1].

Strokes are also the second leading cause of disability worldwide [1,2]. Given the costs of

of healthcare services, treatment, medication and missed days of work, the annual economic

burden of strokes in the European Union, the USA and Canada is over $40, $60 and $3

billion, respectively [2-4].

Incidence rates of strokes are higher in adults over the age of 65, with men being at a

high risk relative to women [1]. With increasingly aging populations worldwide, the health

and economic burdens of strokes continue to rise [5]. The good news about strokes is that

survival chances are dramatically increased given early intervention. This creates a need for

developing a better understanding of early symptoms and readily accessible and affordable

means for preemptive detection of strokes.
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1.1.2 Strokes: Causes, Risk Factors, and Treatment

Strokes are of two types, ischemic and haemorrhagic[6]. Haemorrhagic types are less common

and occur when blood vessels in the brain rupture and bleed. Ischemic strokes on the other

hand account for over 87% of all strokes and occur when blood flow to the brain is obstructed

[6]. The primary underlying cause of obstructions is atherosclerosis caused by plaque and

fatty buildup in blood vessels [7]. This results in two types of obstruction events, thrombotic

and embolic [8]. Thrombotic events occur when a blood clot known as a thrombus forms in

an artery in the brain. The more common embolic events occur when a blood clot/debris

known as an emobolus forms away from the brain, and then travels to the brain causing an

obstruction [8]. One of the primary suspects of the latter type is carotid stenosis, brought by

atherosclerosis of the carotid artery [7]. As seen in Figure 1.1, the carotid artery starts from

below the neck a singular vessel known as the common cartoid artery, which then splits into

the internal and external carotid arteries at the bifurcation point. The carotid bifurcation

point is the most common site of carotid stenosis [9].

Figure 1.1: A 3D-constructed MR image using theRadiAnt DICOM viewer f, showing (A)-
Right side of the neck surface (B)- Mouth (C)- Common carotid artery (D)- Carotid bi-
furcation (E)- Internal carotid artery (F)- External Carotid artery. MR images used for
reconstruction are courtesy of Dr.General Leung.

Several modifiable and unmodifiable factors contribute to an increased risk of strokes. Given

the vascular roots of strokes, the common modifiable risk factors related to cardiovascular dis-

ease apply to strokes. These include, but are not limited to hypertension, smoking, diabetes,

high cholesterol imbalance, obesity and lack of physical activity [10]. Some unmodifiable risk
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factors include sex, age, and genetics; people suffering from sickle-cell anemia, a disease more

prevelant withing the black and Hispanic peoples, are at a higher risk of ischemic strokes[10].

Beside lifestyle changes, prevention and treatments of strokes involve either pharmaceutical

or surgical interventions. Pharmaceutical intervention makes use of blood-thinners such as

anticoagulants and antiplatelets to to reduce the risk of blood clots, as well as antihyperten-

sives to treat hypertension[11]. Surgical interventions include carotid endarterectomy, which

involves the surgical removal of a blood vessel blockage (plaque) from the carotid artery.

Another surgical measure uses angioplasty or stents, wherein a doctor forcefully opens a

blocked blood vessel by using balloon angioplasty and implantable steel screens called stents

[11]. The degree of stenosis and vulnerability of plaque dictate the severity of intervention

necessary.

Figure 1.2: A figure illustration of carotid endarterectomy. (A)- the carotid plaque being
removed from inside a branch of the carotid artery and (B)- marking the carotid bifurcation
point, a common site of carotid stenosis. Image modified from [11].
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1.1.3 Carotid Plaque Vulnerability

Carotid plaques are not uncommon in healthy persons. Carotid plaques are typically cate-

gorized as either stable or unstable (vulnerable) [12], with the former carrying a relatively

low risk factor for cerebrovascular events [12,13]. One telling sign of a patient’s vulnerabil-

ity to cerebrovascular events is the vulnerability of the carotid plaque. Stable plaques are

often asymptomatic and carry little risk [13,14]. Vulnerable plaques, on the other hand are

intimately linked to a higher risk of ischemic events[13]. Distinguishing stable from unstable

plaques is therefore important, as each requires different intervention.

1.1.3.1 The Process of Arteriosclerosis

Arteriosclerosis of the carotid starts with an accumulation of excess low-density lipids (LDLs)

in the arterial wall, forming the plaque’s lipid core [15]. The LDLs undergo oxidation, caus-

ing chemical alterations that trigger an inflammatory response [15]. This leads to an influx

of white blood cells (WBCs) [15]. The byproducts of inflammation lead to further growth

and progression of the plaque by forming a fibrous cap with microvasculature around the

lipid core. This leads to a thickening of the plaque, which narrows of the arterial lumen [15].

Further inflammatory substances can lead to weakening of fibrous cap, making it vulnerable

to rupture and possibly lead to intraplaque haemorrhaging (IPH) as well [15,16].

1.1.3.2 Stable vs. Unstable Plaques

Figures 1.3 and 1.4 illustrate the differences between a stable and vulnerable plaque,

and the progress from a normal artery to either a stable or unstable plaque. The typical

histological markers of plaque vulnerability include plaque inflammation with monocytes,

macrophage, and T-lymphocyte infiltration, a thin fibrous cap with large lipid core, endothe-

lial denudation with superficial lipid aggregation, fissured plaque,>90% stenosis, superficial
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calcification and intraplaque haemorrhage (IPH)[17,18]. While a stable and unstable plaque

share some features, they different in the severity and magnitude, as shown in Figure 1.3.

Compared to vulnerable plaques, stable plaques have smaller lipid cores, thicker fibrous caps,

lower WBC -or macrophage- content, less microvasculature, no IPH or rupture and macro-

instead of micro-calcification [19]. It is observed in Figure 1.4 that an unstable plaque can

stabilize following a rupture.

While vulnerable plaques might not necessarily exhibit all the features mentioned, some

features such as the IPH, are a uniquely independent risk factor.

1.1.4 IPH and Recurrent Strokes

IPH is caused by the rupturing of blood vessels invading atherosclerotic plaques. It is a

common feature of atherosclerotic plaques, and is considered one of the identifying features

of lesions preceding ischemic events [18,20-23]. Beside being a critical destabilizing factor in

carotid plaques, IPH-positive plaques carry strong predictive power for repeat strokes [21].

The presence of IPH strongly predicts repeated ischemic events for symptomatic ≥ 50%

carotid stenosis [22]. The risk difference between those with and without IPH for recurrent

stroke was shown to be +14.9%, +50.9%, and +66.8% at years 1, 3, and 5, respectively

[21]. Moreover, IPH is predictor of negative outcomes in post-operative patients, and is even

believed to be an important contributing factor in patients suffering from embolic strokes of

an undetermined source (ESUS) [20].

The strong association between IPH and recurrent ischemic events, makes it a strong inde-

pendent predictor of risk of recurrent ischemic events in symptomatic carotid patients. This

assists in better patient selection for invasive interventions, reducing the risk-benefit ratio.

With approximately one in four of all stroke cases being recurrent [21], a need rises for a

safe and accurate means of detecting IPH in carotid plaques.
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Figure 1.3: A side-by-side illustrative comparison between stable and vulnerable plaques.
Stable plaques share some features with vulnerable plaques, but differ in the severity. The
image was reproduced from [16].

1.1.5 Non-invasive Imaging of Vulnerable Plaques and IPH

The common non-invasive techniques used to image for and detect plaque vulnerability are

computed tomography (CT), ultrasound imaging (US), magnetic resonance imaging (MRI),

and positron emission tomography (PET) [17,25]. While US imaging is the most readily avail-

able low-risk tool, it lacks contrast to reliably detect individual plaque components[17,23].

On the other hand, CT scans are considered the best for identifying plaque calcification,

while PET scans are useful in assessing metabolic functions, given their use of radioiso-

tope tracers. PET cans do however suffer from limited spatial resolution resulting in poor

anatomic delineation. MRI holds the most potential, with good sensitivity and specificity

for most plaque features [17,25].

Pathology studies have been linking IPH to strokes for over 40 years. It is only in the past

15-20 years, however, that a method for noninvasviely detecting IPH was developed. MRI is

currently the only imaging modality capable of noninvasively detecting IPH [17,22,25]. Other
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Figure 1.4: The processes of plaque progression into a stable or vulnerable state. Vulnerable
plaques can stabilize following a rupture. Image modified from [26].

modalities lack the necessary contrast for discriminating IPH [17,24]. The contrast in MR

images of IPH (or MRIPH), as shown in Figure 1.5 is due to endogenous methaemoglobin

[27]. The presence of methaemoglobin can bey verified in plaque samples removed by en-

darterectomy, as shown in Figure 1.6.

1.1.6 An Alternative to MRI

The strong presence of endogenous MetHb in IPH suggests optically based approaches for

imaging, capitalizing on the distinct optical features of MetHb. MetHb has a unique absorp-

tion spectra in the visible (VIS) range as seen in Figure 1.7. Using purely optical imaging

however is not feasible given strong the tissue attenuation of light as carotid arteries are

typically over a centimeter deep under the skin. An imaging technique based on the same

optical contrast that manages to overcome the limit of purely optical techniques is Photoa-
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Figure 1.5: A T1-weighted axial MR image showing (Left)- near circumferential IPH.
(Right)- Normal Carotid Artery. Image courtesy of Dr. General Leung. Clotting of blood
leads to denaturation to the ferric form (MetHb), which leads to the shortening of T1 in
MRI imaging.

coustic Imaging (PAI). PAI has the potential to offer a less costly and more readily accessible

alternative to MRI for the imaging and detection of IPH.

Figure 1.6: Carotid plaque removed via carotid endarterectomy. Signs of hemorrhaging are
visible by the strong presence of metHaemoglobin (marked by arrow). Image courtesy of Dr.
General Leung.
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Figure 1.7: A semi-log plot of the Molar Extinction Spectra for the main blood Haemoglobin
types: oxyHaemoglobin (OxyHb), deoxyHaemoglobin (DeoxyHb) and metHaemoglobin
(MetHb). The distinct features of the spectra suggest the possibility use of optical-absorption
contrast for imaging IPH. The plotted spectra are based on the data obtained from [27,28].

1.2 Principles of Photoacoustic Imaging

1.2.1 Photoacoustic Effect

The Photoacoustic (PA) effect is the physical basis for photoacoustic imaging. It refers to

the mechanism by which acoustic waves are generated upon the absorption of EM energy in

a sample material. Ever since the discovery of the PA effect in 1880 by Alexander Graham

Bell [29] in 1880, PA applications have come a long way in the fields of physics, chemistry

and biology and medicine [31-33].

Photoacoustic signal generation can be described in three steps. First, a chromophore aborbs

EM radiation, such as light. The absorbed EM energy is then converted into heat, which

generates a temperature rise, typically in the milli-kelvin range. Finally, thermoelastic ex-

pansion takes place, which results in the emission of pressure (acoustic) waves. Figure 1.8

shows an illustrative schematic of the whole process.

In order for acoustic waves to be generated, the optical illumination must be time variant[30].

This is can be achieved by using either a pulsed laser or a intensity modulated continuous-
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wave laser. Pulsed excitations are more commonly used as they produce higher SNR than

continuous-wave excitations [31]. Following a short laser pulse excitation, the local fractional

volume expansion can be expressed as [31,32]:

dV

V
= −κp(~r) + βT (~r) (1.1)

where κ is the isothermal compressibility, β is the thermal coefficient of volume expansion,

and p(~r) and T (~r) are changes in pressure and temperature, respectively.

For effective PAT signal generation, the laser pulse duration is kept below the thermal

and stress confinement times [31,32]. The thermal confinement condition ensures that that

thermal diffusion during laser illumination can be neglected:

τ < τth =
d2
c

4DT

(1.2)

where τth is the thermal confinement threshold, dc is the dimension of the optical absorber,

and DT is the thermal diffusivity for soft tissue, which is approximately 0.14mm2/s.

The stress confinement condition ensures that the volume expansion of the absorber during

the illumination period can be neglected:

τ < τst =
dc

vs
(1.3)

where vs is the speed of sound within the optical absorber.

If both thermal and stress confinement conditions are satisfied, the absorbed energy creates

an initial photoacoustic pressure rise estimated by [31,32]:

p0 =
βT (~r)

κ
(1.4)
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The temperature rise T can be further expressed as a function of optical absorption:

T =
Ae

ρCV

(1.5)

with ρ the mass density, CV the specific heat capacity at constant volume, and e the specific

absorbed energy density (J/m3), which is a product of the absorption coefficient µa and the

local optical fluence F (~r).

Combining equations 1.4 and 1.5, we can write the initial photoacoustic pressure as [31,32]:

p0 =
βAe

ρCV κ
= ΓµaF (~r) (1.6)

where Γ = β
ρCV κ

denotes the Grueneisen parameter, a temperature-dependent physical char-

acteristic that characterizes the thermoelastic efficiency of materials.

Figure 1.8: A schematic illustrating the processes behind the Photoacoustic Effect. Modified
from [34].
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1.2.2 Why Photoacoustic Imaging?

Purely optical imaging modalities suffer from limited resolution and penetration depth due

to high optical attenuation in biological tissue, limiting its use to low-diffusion regimes of

superficial depths <1 mm [32-34]. The modalities however, offer the potential of enhanced

contrast due to the drastically different optical properties, particularly absorption, of dif-

ferent biological components. On the other hand, ultrasonic scattering is 2 to 3 orders of

magnitude smaller than optical scattering, allowing imaging at higher resolution for depths

beyond 1 mm [32-34]. Ultrasound imaging however does suffer from relatively poor contrast,

as it is dependent on the mechanical properties of tissue, making it unsuitable for detecting

subtle physiological or biochemical changes [32-34]. Photoacoustic imaging is based on both

modalities while overcoming their shortcomings. One can indeed think of Photoacoustic

Imaging as contrast-enhanced ultrasound imaging.

Similar to ultrasound imaging, the spatial resolution of PA imaging is limited by the band-

width of the PA waves generated. A PA signal with a frequency of 1 MHz, for instance, can

provide approximately a 1.5 mm spatial resolution, given that the average speed of sound

in soft tissues ≈ is 1500 m/s. Higher frequencies can provide higher better resolution, but

at the expense of higher acoustic attenuation. PA signals can be detected using regular

ultrasonic transducers, whether linear, curved or tomographic [31-33].

1.2.3 Light interactions in tissue

The ability of EM waves to penetrate tissue and deposit its energy is crucial in Photoacoustic

Imaging. This requires the characterization of optical properties of biological tissues. Given

the very high absorption of water in the Terahertz range, the faesbile window for PA falls

within the near-infrared and visible or NIR-VIS range of 400 nm to 1200 nm, otherwise

known as the optical window [31].
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Light undergoes one of four interactions in biological tissues: transmission, absorption, reflec-

tion or scattering. Transmission is the absence of interactions, or forward elastic scattering

of light wherein the light carries on the same path unattenuated. Reflection is defined as

either diffuse or specular (mirror-like), and is a consequence of a mismatch in the refractive

index of materials light travels through. Broadly speaking, reflection can be considered as a

type of scattering. Approximately 4% to 7% of incident light is reflected off the skin, with

less light being reflected at a lower incident angle [35]. Absorption and scattering are the

most dominant and photoacoustically relevant types of light interactions in biological tissue.

Absorption refers to the mechanism by which the energy of a photon is absorbed by matter.

Molecules that absorb light are called chromophores. The main absorbers in biological tissue

within the NIR-VIS range are water, haemoglobin, melanin and lipids [36]. Scattering refers

to the mechanisms by which light deviates from its straight path due to non-uniformities,

such as mismatch in refractive index, in matter. Mitchondria and collagen fibers in tissue

are two of the primary sources of light scattering in biological tissue [36].

1.2.4 Biomedical Applications of Photoacoustics

Given an appropriate ultrasound transducer bandwidth for detection, PAI enables the imag-

ing of a wide array of sizes, ranging from organelles to organs [37], and with proper choice of

single, or even multiple laser wavelengths, PA is capable of generating a wider array optical

contrast due to the changes in optical absorption of different biological components with

changing wavelengths.

One of the most common targets of PAI is Haemoglobin. This makes biological imaging

targets heavily dependent on haemoglobin, such as cancerous tumors, a common target on

PA imaging [38-40]. Hypoxic areas are one of the hallmarks features of tumors, as hypoxia is

an important factor of tumor growth and angiogenesis (growth of new blood vessels)[38-40].
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To sustain the growth of tumors, new oxygen and food must be supplied, forcing the forma-

tion of complex vascularization. The growth and malignancy of the tumor can be therefore

determined based on the microvasculature structure and the oxygen saturation of the tumor.

PAI can be used to do so given the unique optical signature of hemoglobin in the NIR region.

The use of PAI goes beyond just the detection of tumors, as it can also provide timely ev-

idence on the efficacy of treatments by detecting local post-treatment changes much earlier

and much shorter time scales than in other non-invasive modalities [41,42]. Other clinical

applications of PAI include the detection of red blood cell aggregation in diabetes, US-PA

dual detection of study of human inflammatory arthritis, and US-PA dual interventional

imaging of placentas for minimally invasive fetal surgeries [43-45].

PAI also demonstrates potential for imaging carotid arteries for detecting carotid artery dis-

ease. Using phantoms and in-vivo studies, Dima et al demonstrate the feasibility of detecting

carotid in clinically relevant depths using Multi-spectral PA tomography [45]. They conclude

that by using tomographic approaches with curved arrays, stronger SNR can be achieved as

compared to traditional linear-array US transducers. Jansen et al demonstrated the use of

intravascular PAI (IVPA) of carotid plaques using ex-vivo human specimens, while Wang

et al performed IVPA for imaging carotid plaques in-vivo in rabbits [47,48]. The above

attempts all focused primarily on detecting lipid-rich plaques as means for contrast. Alter-

natively, Arabul et al used ex-vivo PAI imaging of carotid endarterectomy plaque samples

to confirm the presence of IPH that was otherwise invisible using US imaging [49]. There

is no literature on the use of non-invasive use of PAI for detecting IPH, however. A more

comprehensive review of recent progress in the overall PAI of atherosclerosis and vulnerable

plaques is found in [50].

The two main obstacles limiting the wider usage of PAI, particularity for deeper tissue

imaging, is the attenuation of light and weak target chromophore absorption. Techniques
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Figure 1.9: TOP: A semi-log plot of the Molar Extinction Spectra for the main
blood Haemoglobin types: oxyHaemoglobin (OxyHb), deoxyHaemoglobin (DeoxyHb) and
metHaemoglobin (MetHb). The wavelength of interest is 630 nm, corresponding to the local
peak of MetHb, presenting the potential for maximum contrast. BOTTOM: A zoomed-in
linear plot of the absorption spectra at expected in-vivo concentrations.

such as tissue optical clearing (TOC) can potentially be used to improve the former, whereby

topical or superficially injected clearing agents are used to reduce the optical scattering of

top layer of skin [51]. Exogenous contrast agents such as gold nano-particles can be used to

artificially enhance target absorption, and in doing so, improve contrast [52].

1.3 Motivation, Hypothesis and Specific Aims

MRI is presently the only way to noninvasively image and detect carotid IPH. In addition to

being costly, access to MRI scanners can be limited in remote or rural areas which resources.

MRI scanners are not as widely available in smaller clinics as X-Ray or Ultrasound machines.
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This is particularly relevant given the higher of stroke in developing countries, where access

to advanced imaging machines is restricted [1].

The motivation behind this thesis is to investigate a readily accessible and economical method

of non-invasively imaging carotid IPHs: PAI can be incorporated onto US machines. Fuji-

films’s Vevo LAZR systems, for instance, operate as hybrid US/PAI systems. This gives PAI

systems the potential benefit of mobility and accessibility that current US systems enjoy.

The end goal is to eventually develop an accessible and more economical means of earlier

non-invasive detection of carotid IPH, which would help the patient and concerned physi-

cian(s) to take earlier preemptive measures against potential future stroke by detecting IPH

in carotid plaques. We see PAI of carotid IPH being a an important component in carotid

plaque imaging.

The imaging of carotid plaques in-vivo has been shown to be feasible [46-50]. However,

current attempts of carotid plaques are either invasive (e.g intravascular) and/or target lipid-

rich cores in carotid plaques instead of IPH for contrast in carotid plaque. There currently

is no literature on the non-invasive imaging of carotid IPH in-vivo. In this light, the the

hypothesis guiding this thesis is that PA techniques can be used for the non-invasive imaging

and detection of carotid IPH, and to that end, this thesis addresses three main specific aims:

1. Determine the relevant tissue types and associated optical absorption and scattering

of the human neck. This will guide towards the creation of a neck tissue model to be

used for theoretical (Monte Carlo) and experimental studies.

2. Conduct Monte Carlo simulation of light propagation, energy absorption and photoa-

coustic signal generation from MetHb in tissue mimicking models. This is carried out

with varying depths (or tissue thicknesses) to study the SNR with increasing depth.

3. Conduct experimental measurements of PA signals generated from MetHb in tissue-
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mimicking phantoms. This will be carried out using different MetHb concentrations

and tissue depths to study SNR with MetHb absorption and SNR with depth to esti-

mate the expected maximum imaging depth for carotid IPH detection.

1.4 Thesis Outline

This thesis is organized into five chapters. The first chapter starts with an introduction of

the health and economical impacts of strokes, types of strokes, vulnerable plaques, IPHs and

non-invasive techniques for imaging strokes and IPH. It also presents an overview of PAI,

the physics behind technique, limitations and and medical applications thereof. Chapter 2

describes the tools, methods and procedures followed in achieving the specific aims. Chapter

3 presents the results relevant to the specific aims, while Chapter 4 includes the discussion,

interpretation and relevance of results. Finally, Chapter 5 presents the thesis summary,

conclusions and future work.
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Chapter 2

Methods and Tools

This section describes the methods, procedures and resources used in : (1) determining the

neck tissue types and their relevant optical properties. (2) the Monte Carlo simulation of

optical prorogation in tissue models, (3) tissue phantom fabrication and measurement of

optical properties, and (4) experimental Photoacoustic measurements of tissue-mimicking

phantoms.

2.1 Determining Tissue Properties

2.1.1 Neck Tissues

In order to create accurate tissue models for theoretical and experimental studies, the phys-

ical and optical properties of the neck must be first established. MR images were used to

determine the average depth of the carotid bifurcation point. Published literature was used

to determine the thicknesses of relevant tissue types and their optical absorption and scat-

tering. The primary tissue types making up the human neck - to the carotid- are the skin

and sternocleidomastoid muscle. Skin is typically divided into its three constituents layers,

with the epidermis on the top, then the dermis and hypodermis. The hypodermis is often

treated separately and called subcutaneous tissue. Sixteen patients between the ages of 46
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and 115 years, with a median age of 65 years, had an MR image of the neck taken. The

axial plane at the bifurcation point, similar to Figure 2.1 was used to estimate the depth

of both the right and left carotid bifurcations. The depths ranged between 9mm and 31mm

averaging at (21.3 ± 5.4)mm. A table listing the depths as well as a sample of used MR

images of can be found in Appendix A.

Figure 2.1: Axial MR image of a patient’s neck at the carotid bifurcation point. The arrow
marks the depth of the carotid bifurcation point below the skin surface. Image courtesy of
Dr. General Leung

Epidermal and dermal thicknesses range from 60 to 100µm and 2 to 4mm, respectively

[49,50]. The thickness of the subcutaneous layer shows more variance from to person, espe-

cially between thin and obese patients. Based on the MR images studied, the subcutaneous

layer thickness ranged between between 5 and 20 mm. The muscle thickness ranged be-

tween 5 and 10 mm. While the skin is multi-layered, the dermal layer is combined with

the subcutaneous to create a singular “fat” layer; unless otherwise stated, all reference to

“fat” relating to phantom and tissue models implies a combination of both the dermis and

subcutaneous layers. The epidermal layer, typically less than a millimeter thick, and for the
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sake of phantom fabrication practicality, is ignored in the phantom making process. The

epidermis does have a disproportionately strong absorption, however, an will hence have

contribution is corrected for in the discussions chapter. Figure 2.2 shows the absorption

and reduced scattering spectra of fat and muscle tissues, as modified from [36,53,55,56]. All

tissue types are taken to have an anisotropy factor of g=0.9 [35,57].

A bi-layer rectangular cube tissue-mimicking model is proposed for both numerical and ex-

perimental measurements; a top layer defining the “fat” and a bottom layer defining the

muscle. A ∼ 3.1mm diameter vessel representing a carotid lumen is positioned at the center

below the muscle layer. Table 2.1 shows the dimensions and optical properties of the pro-

posed tissue models. The absorption of “fat” was determined by a weighed combination of

the dermal and fatty layer absorptions. Given the thicknesses of the “fat” layer of 5,10,15

and 20, the average fraction a dermis constitutes is ∼ 30%, giving it a weight of 0.3 and the

subcutaneous fatty tissue a weight of 0.7.

The tissue types discussed above describe the path up to the carotid artery wall. Given

that the plaque and IPH would be located on the lumen’s side of the wall, the carotid

wall contributes to the attenuation of light arriving at the IPH. For practicality, the wall

and epidermis are ignored in the simulation and the phantom fabrication processes. Their

properties and contribution are discussed in Chapter 4, however.

2.1.2 Plaque and IPH

The average thickness of high-risk carotid plaque is 2.7mm, with its components being WBCs

(macrophages), lipids, a fibrous cap, calcification (hydroxyapatite), IPH and microvascula-

ture [47,58-62]. The fibrous cap consists primarily connective tissue made up of elastin and

collagen, covering the lipid core from the blood flow in the carotid lumen above it.
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At 630 nm, the optical absorption coefficients of lipids, collagen, elastin and hydroxyapatite

are ∼ 0.008cm−1, ∼ 0.08cm−1, ∼ 0.25cm−1 and ∼ 0.01cm−1 respectively, with macrophages

having negligible absorption [47,59,60,62]. The microvasculature is assumed to carry pri-

marily oxygenated blood (OxyHb) which has an absorption coefficient of ∼ 3 − 4cm−1 at

630nm. The absorption of IPH is primarily due to MetHb, which is expected to be between

310cm−1 and 518cm−1.

Given the lower absorption of non-IPH plaque components at 630nm, the proposed model

for an plaque with IPH ignores non-IPH components and assumes a vessel filled entirely

with MetHb. Due to the strong absorption and optical attenuation of MetHb, it is expected

that most of the energy absorption, and consequently PA generation, would occur at the

boundary of the vessel, with weak to minimal contribution from regions deeper in the vessel.

As such, the optical effects of the blood in the lumen is ignored. This, however, does assume

that the plaque (and IPH) are located at the artery wall nearer to the light source rather

than the wall further away. If the latter was the case, the blood in the lumen would act as

an additional attenuator of light before reaching the IPH.

Fat Muscle
Thickness (mm) 5, 10, 15, 20 5, 10
Absorption coefficient (cm−1) 0.15 1.2
Reduced Scattering coefficient (cm−1) 10.0 8.0

Table 2.1: Dimensions and optical properties at 630 nm of the proposed tissue-mimicking
model(s).

21



Figure 2.2: TOP: The square data point represents the absorption coefficient of muscle
tissue [54]. The absorption spectra of the fatty tissue and dermal layers were plotted using
reference values in [35,52,54,55]. The black line defining the fat(subcutaneous layer + dermis)
is a weighted combination of the dermal (1/3) and fatty layers (2/3). The arrow marks the
target “fat” absorption spectra used for simulation and phantom fabrication. BOTTOM:
target reduced-scattering spectra for fat and muscle tissues [52,55].
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2.2 Monte Carlo Simulation

2.2.1 Simulation Parameters

The numerical simulation of PA imaging is divided into two parts. The first involves using

a Monte Carlo software package known as mcxyz.c software package developed by Steven

Jacques, Ting Li and Scott Prahl [63]. The software used Monte Carlo methods to simulate

light propagation and energy deposition in a 3D heterogeneous neck tissue model. The sec-

ond part uses a Matlab code developed by Steven Jacques which uses as input the MC results

of the first phase to calculate the photoacoustic signal generated [56]. All runs are carried

out by simulating a total of 150 millions 630nm photons. The simulations are run serially on

an Intel(R)Core(TM)i7-2600 CPU @ 3.40 Ghz. The size of the voxels used in the simulation

is 20µm3. The numbers of voxels in the [x,y] dimensions was [300,300] for all models, and be-

tween 800 voxels for the 5m5f tissue model, and 1750 for the 10m20f model. The simulation

times lasted between ∼100 hours for the 5m5f model, and ∼ 180 hours for the 10m20f model.

The user-defined µa values for the blood(metHb), muscle and fat layers are 100cm−1, 1.2cm−1

and 0.15cm−1, respectively. The µ′s values are 10cm−1 , 8cm−1 and 10cm−1 respectively. An

anisotropy factor of g = 0.9 is used for all tissue types. The top layer of air preceding the

skin was given negligible µa and µs of 10−3cm−1 and 1cm−1 respectively, and g = 1.0

2.2.2 Data acquisition and analysis

The mcxyz.c software generates a .bin file representing the light fluence and energy deposition

profiles generated within the defined tissue model. The energy deposition profile is then used

as input to calculate the PA signal in the tissue. A total of 8 tissue models are used for

muscle thickness of 5mm and 10mm coupled with a top fat layer with thicknesses of 5, 10,

15 and 20mm. The light fluence, energy absorption and simulated PA signal is generated
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for each for the purpose of establishing trend of peak PA amplitude vs. tissue thickness.

Figure 2.3: A image illustrating a sample neck tissue model used in the MC simu-
lations and experimental PA measurements. The red lines represent unscattered
paths of the incident light for illustration purposes. The image was generated
using the maketissue.m Matlab file downloaded from [63]

2.3 Experimental Photoacoustic Measurements

2.3.1 Tissue-mimicking phantoms

Phantoms are commonly used in medical imaging to aid in the the development, testing

and characterization of imaging systems or algorithms [64]. A tissue-mimicking phantom

emulates important geometrical and/or physical (optical, acoustic etc.) properties of biolog-
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ical tissue for the purpose of providing a relevant imaging environment. PA imaging relies

on both the acoustic and optical properties of matter. Compared to optical properties, the

acoustic properties of the tissues -for a given frequency- in the skin-to-carotid path are rela-

tively constant [64]. Optical attenuation represents the most significant barrier to adequate

SNR detection, and as such, only optical properties are explicitly considered during phantom

fabrication.

Hydrogels such as agarose and gelatin are commonly used as PA phantom materials [64].

Gelatin from porcine skin - strength 300 type A is chosen, mainly for its reasonable cost,

satisfactory temporal stability, and straightforward fabrication. For background tissue ab-

sorption, a stock solution of 1.14 mM Napthol Green B (NGB) dye is used. For tissue

scattering, 20% Intralipid (IL) emulsion is used; IL has negligible absorption ans strong

scattering at 630nm [65]. Formaldehyde is used as a stabilizing agent. All the materials

listed are from the Sigma-Aldrich brand [66].

2.3.1.1 Phantom Fabrication process

Ultrapure milli-Q water is heated up to 40 ◦C in a glass beaker. Gelatin powder is gradually

added at a 10% m/V (0.1 mg/ml) concentration, with constant stirring. An aluminum foil

or saran wrap is used, as shown in Figure 2.4 to cover the top of beaker to minimize evap-

oration loss. Once the gelatin completely dissolves, the required volume of the 10% gelatin

solution is transferred into a separate beaker, with the top covered at 38 ◦C. 1.14 mM NGB

and 20% IL are slowly added per the concentrations listed for the muscle layer in Table 2.2.

Care is taken during this process to minimize air bubble formation. With the beaker covered,

the Gelatin+NGB+IL solution is stirred vigorously at 6000-7000 rpm for 25-30 minutes at

38 ◦C. The solution is then placed in a 38 ◦C water bath, and degassed for 10 minutes to

remove trapped air bubbles. Any remaining surface air bubbles are removed using a pipette

or a thin napkin. Formaldehyde is then gradually added to the solution, gently stirred for

1 to 2 minutes at 38 ◦C, and finally poured into a phantom mould - or a small petri dish

25



for spectrophotometric measurements (Figure 2.7). The phantom solution is then allowed

to cool down and solidify at room temperature for 30 minutes. In the meanwhile, using a

clean beaker, the above steps are repeated for the skin/fat layer to be then poured on top

of the already solidified muscle layer. If the muscle layer has not yet properly solidified, it

is allowed to cool in the fridge for 5 minutes. This is to ensure the liquid skin/fat solution

does not mix with any unsolidified muscle tissue. Once the fat layer is poured, the top of

the phantom mould is covered with damp tissue, and tightly covered with a saran wrap to

conserve humidity and minimize dehydration. The phantom is then allowed to settle at room

temperature for 10 minutes before placing it in a refrigerator for 24-48 hours.

Figure 2.4: Image illustrating the setup for creating the base gelatin solution.

2.3.1.2 Validation of optical properties

Before a phantom is used for PA measurements, spectrophotometric measurements are taken

to measure its optical properties. Using a double beam integrating sphere (Shimadzu 3600
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Fat Muscle
1.14 mM NGB 0.35% 8.0%
20% Intralipid 10.0% 8.0%
Fomraldehyde 2.0% 2.0%

Table 2.2: Volume fractions defined as volume of ingredient Vi divided by the total volume
of solution VT : Vi

VT
% of the ingredients used to create the skin/fat and muscle layers in the

tissue-mimicking phantoms.

Figure 2.5: Left to Right: completed tissue-mimicking phantoms with 3.1mm-
diamter vessels at 25, 20 and 15 mm depths. All have 10mm thick muscle-
mimicking tissue (green) with 15, 10, and 5mm thick skin/fat-mimicking tissue
(white) on top. The middle vessel is typically used to inject the metHb; the other
two are for redundancy.

UV-VIS-NIR Spectrophotometer), diffuse reflectance (DR) and total transmittance (TT)

spectra measurements are taken of small phantom samples in the 400-800 nm range. The

phantom samples, as shown in Figure 2.5 were circularly-shaped, able to adhere to the walls

of integrating sphere while covering the entirety of the sample port seen in the schematic

Figure 2.6. This removed the need for using glass microscope slides to sandwich the samples

for measurements. Using the Beer-Lambert law and Inverse Adding Double (IAD) technique,

the measured DR and/or TT values were used to calculate absorption and reduced scattering

coefficients [67-69].

Fat (mm)
5 10 15 20

5 5m5f 1,2 5m10f 1,2 5m15f 1,2 5m20f 1,2

Muscle
10 10m5f 1,2 10m10f 1,2 10m15f 1 10m20f 1

Table 2.3: A list of the phantom/tissue models created for 1Monte Carlo and 2experimental
studies.
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The extinction coefficient µt = µa + µs simplifies to µa in a low-scattering regimezµs ∼ 0,

allowing the use Beer-Lambert law to calculate µa from the TT measurements [71,72]. The

phantom base, made from 10% gelatin, has negligible scattering. Given the negligible absorp-

tion of intralipid and formaldehyde at 630nm [73], the optical absorption of the phantoms was

hence approximated to that of the NGB dye in gelatin, i.e µt ≈ µa where µa:T issue ≈ µa:NGB

[71]. The TT spectra of gelatin mixed with NGB in a 1.0-cm path quartz cuvette is mea-

sured, and the optical absorption coefficient is then calculated by: µa = ln(TT%)
−d , where

d = 1.0cm defines the thickness of the sample. The IAD method developed by Scott Prahl

was then used to take DR and TT spectra and iteratively calculate the scattering spectra for

the phantom samples [68]. More details on the method and the user-defined settings used

for the IAD software can be found in Appendix B.

Figure 2.6: The integrating sphere setup used for the Diffuse Reflectance (left) and Total
Transmittance (right) measurements.

2.3.1.3 Methaemoglobin as absorbing target

Methemoglobin (MetHb) is the primary source of contrast in MR imaging of IPH, and is

the proposed target of contrast for PA imaging of IPH. The observed of concentrations of

in-vivo metHb in IPH are between 9mmol.L−1 and 15mmol.L−1 [27]. Assuming that the

linearity between absorbance and concentration is maintained at these concentrations, we
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Figure 2.7: Phantom samples used for spectrophotometric measurements. A:Fat mimicking,
B: Fat absorption (only) mimicking. C: Muscle absorption (only) mimicking.

estimate the resulting absorption coefficients by µa = ln(10) ·C · ε where C is the concen-

tration of the absorber and ε is the molar extinction -or absorption- coefficient. Given the

reported range of C between 9mM and 15mM , and the molar extinction coefficient of at

15000cm−1mmol−1L at 630nm (Figure 1.7), the resulting absorption coefficients are be-

tween 310cm−1 and 518cm−1.

Human blood provided by the Canadian Blood Services was used as the source of blood.

The blood initially consists predominantly of oxyHaemoglobin (OxyHb), which was then

converted to MetHb. This was done via a two-step process. First, the blood was centrifuged

at 1300g for 10 minutes to fractionate the blood into its three main constitutes; red blood

cells (RBCs), plasma and a buffy coat, as shown in Figure 2.8. The RBCs layer was

carefully separated and gently mixed with Sodium Nitrite (NaNO2) to convert the present

oxyHb to MetHb [74]. The Nitrite anion NO−2 acts as an oxidizing agent as it converts

the iron in the heme group from its ferrous (Fe2+) form to its ferric (Fe3+) form, forming

Nitrogen dioxide (NO2) as a result [74]. To confirm the presence and absorption strength of

MetHb, the TT spectra were measured and used to calculate the absorption spectra. A low-

scattering regime needed for the Beer-Lambert approximation is ensured by using optically

thin (100-µm) thick quartz cuvette.
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Figure 2.8: Fractionated whole blood. The supernatant Plasma layer (C) is separated from
the precipitate RBCs layer (A) via a buffy coat (B).

2.3.2 Experimental PA setup

There are three components to the experimental setup; laser generation, phantom place-

ment, and Photoacoustic measurement. An OPOTEK INC. Radiant series tunable laser

system is used to provide a laser beam with a spot size with a diameter of 4.78mm at the

phantom surface. The laser pulse widths were between 4nm and 6nm fired at a repetition

rate of 10Hz. The power output ranged between 20mW and 25mW at 630 nm, giving

an irradiance Ee ranging from 111mW/cm2 to 138mW/cm2. The laser system was synced

to Vantage 128 Verasonics system used to record and display the measured PA signals ac-

quired via a 128-element linear L7-4 transducer, with a field-of-view of 38mm and central

frequency of ∼5 Mhz. Figure 2.9 shows the experimental setup used; the phantom was

positioned on its side laterally with respect to the vessels, with the fat layer oriented to

face the laser beam, whereas the transducer is placed laterally behind the phantom along

the length of the vessel. The transducer is not fixed as shown in Figure 2.9, but is rather

guided with the hand for free hand guided measurements. The height at which the phantoms

are positioned was adjusted such that center of the laser spot strikes the vertical mid-point

of thes center vessel. The phantom itself was moved horizontally across the length of the

vessel between different measurement trials such that laser irradiated 3 points equidistant

form each other along the length of the vessel, labeled by the B1, B2 and B3 in Figure 2.10.

It is noted that the proposed setup is not a clinically viable one. In a clinical setting, the

transducer would be on the skin surface, i.e. on the laser side.
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Figure 2.9: The experimental setup for PA measurements of the tissue-mimicking
phantoms. A - Opotek INC. Radiant tunable laser system. B- L7-4 transducer
connected to a Vantage 128 Verasonics system. C- Tissue-mimicking phantom.
The red arrows illustrate the direction of the laser beam.

2.3.3 Measurement and Analysis

2.3.3.1 Data Acquisition

Once a MetHb sample is injected into the center vessel, and phantom placed in position, the

laser is turned on and allowed to reach its maximum energy level. The Verasonics Photoa-

coustics Matlab script is then initiated, and with the transducer in hand, the live 2D image

display generated by the Matlab script is used to guide the free-hand PA measurements

to probe for regions of high SNR. N= 10 measurements (or trial) are taken per phantom,

wherein each trial constitutes of F= 200 frames for the E= 128 transducer elements, i.e.

each phantom measurement records a total of N× F× E = 10× 200× 128 = 256000 RF
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Figure 2.10: An model illustration of the position of the phantom with respect to the laser
spot. The phantom is positioned such that the laser spot strikes the vertical mid-point of
the vessel, marked by A. Ten measurement trials are completed per phantom for a given
MetHb sample, where 3 trials are taken at positions B1 and B3 , and 4 trials are taken at
mid-position marked B2.

lines. Referring to Figure 2.10, 3 trials are taken at each of the positions B1 and B3,

and 4 trials are taken at mid-position marked B2. Figure 2.11 shows an example of two

frames from the live 2D display. The purpose of the free-hand approach is to mimic the

approach used in the clinical setting, where a live-feed display is used to help the user guide

the transducer by hand towards the high SNR regions of interest.

2.3.3.2 Data Analysis

Each measurement event or trial has 256000 RF lines. A sample RF line is shown in Figure

2.12. Given the motivation to capture high SNR events, the signal RF lines are sorted

in order of the peak amplitude corresponding to the signal from the MetHb in the vessel,

labeled by D in Figure 2.12. A background noise region is defined within region labeled

by B. The SNR in decibels (dB) is then calculated as the ratio of 20 times the common
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Figure 2.11: A snapshot showing two individual frames (out of a total of 200 per trial) of the
live 2D image view used to guide the free-hand measurement of the PA signals. A- Bottom
surface of phantom, i.e. transducer side shown in Figure 2.9. B- The PA signal from the
upper boundary of the vessel, i.e. the boundary closer to the laser. C- The PA signal from
the fat/muscle boundary. D- Signal from the top surface of the phantom, i.e. the laser side.

logarithm of the ratio of D to the standard deviation of B of the analytic signal where

SNR(dB) = 20 log
(

D
σB

)
. A value n is used to define the top SNR measurements out of

the 256000 SNRs. The value n is defined as the maximum number of measurements needed

to maintain a coefficient of variation CV≤10%. The calculated SNRs are then used to plot

SNR against MetHb absorption, as well as SNR against Fat Thickness. The former allows for

estimating SNR at desired MetHb absorptions ranging between 310cm−1 and 518cm−1. The

latter allows for estimating the maximum fat thickness (and imaging depth) for a minimum

detectable SNR of ∼ 12dB.
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Figure 2.12: A labeled example of an experimentally measured PA RF line. (A)- Location
of transducer, (B)- Background noise, (C)- Signal from the lower vessel boundary, (D)-
Signal from the upper vessel boundary, (E)- Muscle region, (F)- Signal from the fat/muscle
boundary, (G)- Fat region and (H)- Signal from the phantom surface. The SNR per mea-
surement is taken as 20 times the natural logarithm of ratio of the peak signal at the upper
boundary of vessel to the standard deviation of background noise: SNR = 20 log( D

σB
)
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Chapter 3

Results

3.1 Properties of Phantoms and MetHb

3.1.1 Absorption spectra of Whole Blood and MetHb

The absorption spectra for human whole blood pre-and post-centrifugation, and after its

final conversion to methaemoglobin are displayed in Figure 3.1. The haemoglobin in the

whole blood is initially mostly OxyHb, as inferred by the characteristic double peaks be-

tween 540nm and 580nm. After centrifugation, cellular deformation might have occurred,

leading to the flattening of the oxyhaemoglobin peaks, with some possible associated MetHb

formation, albeit in small concentrations. This was inferred from the formation of a peak

at ∼630nm. Finally, after the conversion to MetHb, the absorption coefficient at 630nm

increases over twofold.

Making MetHb blood samples with reproducible absorptions was challenging, due to factors

such as the age of the blood. The absorption coefficients µa were 12, 30, 90, 132 and 175 cm−1.

Producing MetHb samples of stronger absorption was not possible; attempts at promoting

further MetHb conversion would ultimately lead to excessive clotting and coagulation of the

blood into a semi-solid state, making it challenging to inject.
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Figure 3.1: The measured absorption spectra of human whole blood. Initially, the whole
blood (RED) is predominantly oxygenated, as noted by the characteristic OxyHb double
peak between 540 nm and 580 nm. The presence of MetHb (BLACK) can be inferred by the
characteristic peak at ∼ 630 nm. The absorption of MetHb at 630 nm (black dotted line) is
approximately 2.3 times greater than that of the oxygenated whole blood (red dotted line).

3.1.2 Measured spectra of tissue-mimicking phantoms

The measured TT and DR Spectra (Appendix D) of the tissue mimicking phantoms were used

via the IAD method to calculate the the absorption and reduced scattering spectra shown in

Figure 3.2. The calculated absorption and reduced scattering coefficients for the fat layer

at 630nm were µa = 0.168± 0.0438 cm−1 and µ′s = 11.0± 2.95 cm−1, whereas the measured

absorption and reduced scattering coefficients for the muscle layer are µa = 1.19 ± 0.163

cm−1 and µ′s = 9.51± 4.26 cm−1. For context, the target absorption and reduced scattering

coefficients for fat at 630nm are µa ≈ 0.15 cm−1 and µ′s ≈ 10.0 cm−1, and for the muscle

µa = 1.2 cm−1 and µ′s = 8.0 cm−1. Table 3.1 lists the measured optical properties against

the target values, and the % difference between the two.

3.1.3 US Images of tissue-mimicking phantoms

Before PA measurements and injection of MetHb, the dimensions (thicknesses) of the phan-

toms were verified. This was done via B-mode (2D) ultrasound imaging; Figure 3.3 shows

the photo of a fabricated 10m10f phantom and its corresponding US B-mode image. A total
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Figure 3.2: TOP: Measured average absorption and reduced scattering spectra of the fat
phantom layer. The shaded area represents the standard deviation for 14 scattering measure-
ments, and 10 absorption measurements of different phantom samples. Bottom: Measured
average absorption and reduced scattering spectra of the muscle phantom layer. The shaded
area represents the standard deviation for 5 scattering measurements and 10 absorption
measurement of different phantom samples.
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Target (cm−1) Measured (cm−1) | Percentage Difference % |
Muscle µa 1.2 1.19 0.833
Muscle µ′s 8.0 9.51 18.9
Fat µa 0.15 0.168 12.0
Fat µ′s 10.0 11.0 10.0

Table 3.1: A summary of the measured average optical properties compared to the target
optical properties of fat and muscle tissue layers. The absolute % difference off the reference
values range between 0.83% for muscle absorption and 18.9% for muscle reduced scattering.

of 21 phantoms defining 6 different tissue combinations (Table 2.3) were produced for the

experimental PA measurements.

Figure 3.3: A photographed imaged of a fabricated 10m10f phantom, and the corresponding
US B-Mode image on the right. The highlighted regions demonstrate the fat-to-muscle
transition on the top, and the ∼ 3.1 mm wide vessel on the bottom.
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3.2 Monte Carlo Simulation Results

The mcxyx Monte Carlo software produces 2D profiles of light fluence and energy distribu-

tion within a tissue model. An example is shown in Figure 3.4. On the top right side of the

same figure are line plots of light fluence and energy distribution vs. depth along the central

axis (x=0 cm). The bottom of Figure 3.4 plots the simulated pressure signal amplitude

vs. depth normalized to the maximum amplitude at the vessel boundary. Note that the 2D

profiles start from z=0 with the skin surface being at 0.1cm, or 1mm. The corresponding line

plots, however, start from -0.1cm or -1mm, with the skin or “fat” surface defining the zero

point. The relevant regions of interest, marked by arrows on the plots, are the boundary

points where transitions in absorption coefficients occur, i.e. the fat-to-muscle boundary,

the vessel’s upper boundary (muscle-to-MetHb), and the vessel’s lower boundary. These re-

gions demonstrate local changes in energy deposition, and consequently, pressure generation.

A visual side-by-side comparison between the 2D fluence and energy deposition profiles for

the 5m5f and 5m10f phantoms is shown in Figure 3.5. Distribution profiles for other tis-

sue models, including 10mm-muscle phantoms, can be found in Appendix C. A comparison

between the fluence, energy and PA amplitude vs. depth for the 5m5f, 5m10f, 5m15f and

5m20f simulations is shown in Figure 3.6. All plots are taken at the central axis (x=0 cm).

The fluence and energy lines follow a linear decay on the log-scale due the exponential atten-

uation of light in tissue. In all simulations, a small increase in energy deposition is observed

at boundaries between fat and muscle. A larger increase is observed between the muscle and

vessel boundary (marked by solid arrows in Figure 3.5). It is at this muscle/vessel bound-

ary that the target PA pressure signal is generated. In the 2D energy deposition profiles,

this boundary is marked by a red ring-like boundary around the vessel. Past the boundary,

fluence and energy deposition progressively decrease to a minimum at the mid-vessel point,

where the fluence and energy deposition are ∼8-10 orders of magnitude lower relative to the

maximum at the vessel’s top boundary. Past the mid-vessel point, the fluence and energy
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deposition increase up until the vessel’s lower boundary. At the lower vessel boundary, the

signals ∼2 orders of magnitude lower relative to the upper boundary.

The bottom plot in Figure 3.6 shows a semi-log plot of PA pressure signal amplitudes

generated at the vessel in different tissue models, normalized to the maximum in the 5m5f

model. The solid arrows mark the upper vessel boundaries, while the dotted arrow lines mark

the lower vessel boundaries. With increasing tissue thickness, the PA amplitudes decrease

exponentially, as implied (linearly in the log-scale). Table 3.2 lists the PA peak ampli-

tudes for the different tissue models normalized to the maximum in 5m5f in Figure 3.7.

The normalized PA peak amplitudes are plotted against fat thickness for 5mm-muscle and

10mm-muscle phantoms. The values for attenuation (per mm-fat) in the 5mm-muscle and

the 10mm-muscle phantoms is defined by the slopes of the linear beset-fit lines in Figure

3.7: 1.63dB.mm−1 and 1.75dB.mm−1 respectively.

Higher degrees of numerical error and fluctuations are observed for fluence and energy depo-

sition within the vessel. This is possibly due to the lower fluence within the vessel, as well as

the much lower free mean path 1/µt of the photons due to the higher µ′t = µa+µ′s = 110cm−1

relative to µ′t = 10.15cm−1 for fat, and µ′t = 9.2cm−1 for muscle. A greater µt would require

smaller simulation steps (voxel sizes) [70].

Fat (mm)
5 10 15 20

5 0 -7.34 -15.34 -24.29
Muscle (mm)

10 -19.79 -28.96 -37.71 -46.12

Table 3.2: Monte Carlo simulated PA amplitudes (dB) in 8 tissue models normalized to the
maximum in the 5m5f simulation.
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Figure 3.4: TOP-MC simulation generated 2D light light fluence distribution and the corre-
sponding line plot vs depth at x=0 cm in the 5m5f simulation. MIDDLE- MC simulation
generated 2D light energy absorption distribution and the corresponding line plot vs depth at
x=0 cm in the 5m5f simulation. BOTTOM-MC generated PA signal amplitude vs. tissue
depth at x=0 cm.
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Figure 3.5: The MC generated 2D distribution profiles of light fluence (LEFT) and energy
deposition (RIGHT) for the 5m5f (TOP) and 5m10f (BOTTOM) simulations.
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Figure 3.6: TOP- Fluence vs. tissue depth, MIDDLE- Energy deposition vs. tissue depth
and BOTTOM- Normalized PA amplitude vs. tissue depth for the 5m5f, 5m10f, 5m15f and
5m20f tissue models. All measurements are taken at x=0 cm. The solid arrows mark the
positions of the top vessel boundary (muscle-to-vessel) where most of the energy is deposited,
while the dotted arrows mark the positions of the bottom vessel boundary (vessel-to-muscle)
where relatively smaller energy and PA peaks are observed.
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Figure 3.7: MC simulated attenuation of peak PA amplitude(dB) normalized to the maxi-
mum in 5m5f.
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3.3 Experimental Measurements

Figure 3.8 shows two representative 2D B-mode PA images in a 10m5f (left) and a 5m20f

(right) phantom. As in the MC simulations,the strongest signals are observed at the bound-

aries. The strongest signal is observed at the phantom surface and vessel boundary, due to

the strong in the 5m20f phantom is due to lower fluence relative to the fat/muscle boundary

in the 10m5f phantom.

Figure 3.9 shows a a total of six sample experimental measurements of PA amplitude.

For the 5m5f, 5m10f and 5m15f phantoms with MetHb absorptions of µa=90cm−1 (red)

and µa=175 cm−1 (blue). The largest PA signal peak is observed at at phantom surface.

The target region of interest lays within the vessel between 6 and 9 mm, particularly at

the upper vessel boundary at ∼7mm to ∼9mm. Given the relatively strong absorption of

MetHb within the vessel, not enough light reaches the lower boundary, where a second peak

is potentially expected. A low peak is observed at the fat-to-muscle boundary in the 5m5f

phantom at a depth of ∼ 13 − 14mm or ∼ 5 − 6mm below the surface. The SNR at the

vessel detected with a 175cm−1 MetHb sample are higher than with the 90cm−1, and both

decrease with increasing phantom thickness given the increased light attenuation.

The measured peak SNRs as defined in Chapter 2 are listed in Table 3.3. The values in the

parenthesis represent the number n defined in Chapter 2 as the maximum number of SNR

values averaged to achieve a coefficient of variation CV ≤ 10%. Figure 3.10 shows plots of

SNR vs. Fat Thickness and MetHb absorption. The top plot, SNR vs. MetHh absorption

extrapolates the SNRs for different phantoms (5m5f, 5m10f, 5m15f, 5m20f, 10m5f, 10m10f)

to the range of desired MetHb absorptions expected in an IPH, i.e. µa between 310cm−1

and 518cm−1. SNRs at these absorption values are used to estimate a best linear fit for

SNR vs. Fat thickness for µa = 310cm−1 and 518cm−1 in the bottom plot (black lines).

The extrapolated maximum fat thickness for either absorption is found to be 33mm and
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Figure 3.8: Representative B-mode (2D) PA images in a 10m5f (left) and 5m20f (right)
phantoms. A- Signal form MetHb at the vessel boundary. B- Signal from the fat/muscle
boundary. C-Signal from the phantom surface. Note the absence of a discernible signal at
fat/muscle boundary in the 5m20f phantom on the right.

38mm for µa = 310cm−1 and 518cm−1 respectively. The lines A, B, C, D, E are best

fits to the experimental data with absorptions µa = 175cm−1, 132cm−1, 90cm−1, 30cm−1

and 12cm−1. Table 3.4 lists the slope of the lines A, B, C, D, E and their respective

linear fitted slope, standard deviation of the slope and R-squared value. The average slope

(−1.45± 0.07)dB.mm−1 describes the attenuation of SNR in fat independent of MetHb ab-

sorption. Note that is does not properly account for tissue acoustic attenuation.

Absorption coefficient (cm−1) of injected MetHb
Phantom

12 30 90 132 175
5m5f 31.11 (38) 35.12 (28) 43.00 (38) 51.00 (22) 54.75 (28)
5m10f 23.09 (58) 28.56 (28) 37.19 (100) 40.93 (83) 48.48 (68)
5m15f 16.94 (88) 17.50 (50) 35.04 (10) 34.54 (100) 42.18 (19)
5m20f 27.31 (100) 32.85 (93)
10m5f 25.27 (100) 39.47 (100)
10m10f 22.28 (100) 33.00 (100)

Table 3.3: Averaged experimentally measured peak SNR(dB) for different phantoms and
MetHb absorptions. The values in parentheses define the maximum number of peak SNRs
per measurement averaged to achieve a coefficient of variation CV ≤ 10%. The blank table
cells indicate an absence of valid measurement.
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Figure 3.9: Representative examples of experimental measurements of PA RF lines in 5m5f
(top), 5m10f (middle) and 5m15f (bottom) phantoms with injected metHb samples with
absorption coefficients of 90cm−1(RED) and 175cm−1 (BLUE).
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Figure 3.10: TOP- Measured SNR(dB) vs. measured MetHb absorption. The red lines
define the range of MetHb absorptions in IPH. BOTTOM- Measured SNR(dB) vs. fat
thickness for a fixed muscle thickness of 5 mm, with varying injected MetHb absorption
strengths. The red line defines the SNR threshold for detection.

Absorption coefficent
of MetHb (cm−1)

Slope
(dB.mm−1)

Standard Deviation
of Slope

R-squared

12 -1.42 0.108 0.994
30 -1.76 0.260 0.979
90 -0.984 0.144 0.959
132 -1.65 0.213 0.984
175 -1.44 0.106 0.989

Table 3.4: The attenuation of SNR with fat thickness given by the experimental slopes in
dB.mm−1 for different MetHb absorptions.
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Chapter 4

Discussion

4.1 Assumptions and Limitations

The results in the previous chapter demonstrate an exponential attenuation of simulation

calculations and experimental measurements of SNR. This is evident from the linear slopes in

the logarithmic plots of SNR vs. Fat thickness in Figures 3.7 and 3.10. The magnitude of

the simulation SNR attenuation in fat was calculated to be 1.63dB.mm−1 and 1.75dB.mm−1

in 5mm and 10mm of muscle, respectively. The magnitude of the experimental measurement

was 1.45dB.mm−1. The lower experimental measurement relative to simulation is expected

to be lower given the setup of acoustic detection; simulation calculations had a detector

located at the skin surface, resulting in an increasing source-to-detector distance with in-

creasing tissue thickness, leading to signal decay as a result of the inverse-square law. This

is in contrast to the experimental setup, where the source-to-detector distance was fixed at

∼ 7− 9mm for all phantoms.

Measured SNR values between 42dB and 65dB were predicted at the average carotid depth

of ∼ 20mm given IPH MetHb absorptions between 310cm−1 and 518cm−1, with an SNR up

to 12dB expected at depths up to 38 and ∼ 43mm in the that absorption range.
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It is important to note that neither simulation nor experimental models properly account

for acoustic attenuation. The simulations assumed negligible acoustic attenuation, while

the experimental phantoms had an attenuation of ∼ 0.2dB.mm−1 at 5Mhz [75]. As such,

this chapter discusses the results presented in the previous chapter in the context of relevant

experimental and/or theoretical assumptions and limitations, and applies relevant corrections

to improve the accuracy of the experimental and theoretical predictions.

4.1.1 Tissue properties

The tissues models used in the MC simulations and experimental phantoms are simplifica-

tions of biological tissue. The skin’s topmost layer, the epidermis was not explicitly modeled.

Despite being relatively thin (60− 100µm), the epidermis does have substantial optical ab-

sorption [36]. This is due primarily to the presence of melanin. Melanin has strong absorption

within the UV-VIS range[36], and is the substance responsible for giving skin, hair and eyes

their color. Higher levels of melanin results in darker skin pigmentation, and hence different

skin types (tones) have different absorption. The second tissue type not explicitly modeled

in the MC simulations and experimental phantoms is the carotid artery wall. The thickness

of the carotid artery wall is ∼ 1−2mm and is assumed to have an optical absorption similar

to the aorta where µa ∼ 0.52cm−1 [76,77]. Including both tissue types would result in lower

SNR measurements for a given depth and MetHb concentration.

4.1.2 Plaque, IPH and MetHb

The tissue models assume a 3.1mm vessel. The actual diameter of the carotid ranges between

4− 7mm [78]. Non-IPH plaque components have negligible absorption at 630nm relative to

MetHb, and are therefore neglected; the vessel model is assumed to be entirely filled with

MetHb. The model also assumes the IPH is located at the wall closer to the light source.
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The target absorption of MetHb ranging between 310cm−1 and 518cm−1 were calculated

using the MRIIPH in-vivo reported MetHb concentrations [23]. This calculation assumes a

linear relationship between absorption and concentration [79]. There is no consideration for

any saturation effects arising from approaching high chromophore concentrations, wherein

PA signal strength plateaus with increasing chromophore concentration [80].

4.1.3 Acoustic Attenuation, Noise and Detection

4.1.3.1 Acoustic attenuation

The MC and experimental tissue models do not explicitly model acoustic tissue proper-

ties, most importantly, acoustic attenuation. Acoustic attenuation is both medium (tissue

type) and frequency dependent, at about αFat ∼ 0.063dB.mm−1MHz−1 and αMuscle ∼

0.33dB.mm−1MHz−1 [78]. Given the central frequency of the linear L7-4 transducer used

is ∼ 5Mhz, this gives αfat ∼ 0.315dB.mm−1 and αMuscle ∼ 1.65dB.mm−1. The acoustic

attenuation of the experimental phantoms is αphantom ∼ 0.2dB.mm−1 [75], while simulation

models had negligible attenuation. As such the measured SNR values are overestimated, and

the resulting SNR vs. Fat attenuation slopes are underestimated.

4.1.3.2 Detector location

The theoretical PA signal simulation assumes a point-like single-element detector at the

central axis (x=0cm) on top the skin surface with negligible acoustic attenuation. The

experimental measurements use a 128-element transducer, with element having a a width

∼ 0.3mm, placed at the bottom behind the target vessel at a fixed distance of ∼ 9mm

in all phantoms. The varying acoustic depths in the PA simulations result in increasing

acoustic attenuation with increasing tissue depth. This effect is lost in the experimental

measurements, as vessel-to-transducer distance is fixed for all tissues, which underestimates

the SNR vs. Fat attenuation values measured.
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4.1.3.3 Anatomical noise and artifacts

Noise and artifacts due to anatomical structures were not explicitly considered in the simula-

tion and experimental models. Acoustic waves generated from strongly absorbing structures

can undergo strong acoustic reflections from hyperechoic anatomical structures, leading to

increased noise and possible artifacts [82,83]. This is especially relevant given that the tissue

models did not account for the epidermis. Given its strong absorption, especially in dark

skin types, the epidermis would generate secondary acoustic waves, effectively making it a

secondary ultrasound transmitter. While PA imaging is relatively speckle-free, speckle is

inherent in ultrasound imaging and typically leads to degradation of boundaries in images

(e.g. vessel boundary) [83,84]. The secondary acoustic generation and reflection from differ-

ent anatomical structures such as the epidermis can lead to acoustic clutter and ultimately

degrade signal and/or image SNR.

4.1.3.4 Detection limits

The SNR detection limit of 12dB is taken to be an estimate of the signal SNR required for

the imaging detection of IPH using PA. IPH detectability in imaging would depend on many

factors such as IPH size, imaging device spatial and contrast resolution and noise (see 4.1.3.3

above). It should be noted that SNR calculations in this thesis are applied to signals (RF

lines) and not images. The peak signal amplitude used for SNR calculations represents peak

pixel intensity in an image.

The models used ignored detectability limits from geometric factors such as IPH size. De-

tection of an IPH is limited to only the parts of the IPH undergoing light-excitation; the

model assumes complete illumination -and excitation- of an IPH target
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4.1.4 Laser setup

The OPO laser used was a single 630nm beam with a spot size diameter of∼ 4.8mm

with pulse width of 4nm to 6nm , and a power output ranging between 20 − 25mW , or

111 − 138mW.cm−2. With a repetition rate of 10Hz, this equates to an radiant energy

fluence He between 11.1mJ.cm−2 and 13.8mJ.cm−2. The exposure times per measurement

ranged between 5 and 10 seconds. According to the the American National Standard Insti-

tute (ANSI), the above specs and exposure times limit the Maximum Permissible Exposure

(MPE) to between 6.3mJ.cm−2 and 7.5mJ.cm−2 for 10 and 5 second-long exposures, respec-

tively [85]. For exposure times of 5 seconds, the MPE 7.5mJ.cm−2 is between 1.48 and 1.84

times less than the experimental energy fluence outputs. Given the linearity between PA

pressure generation and fluence from p0 = ΓµaF (~r), we predict experimental SNR values to

be lower by at least a factor between 20 log(1.48) = 3.4dB and 20 log(1.84) = 5.3dB if MPE

limits were considered.

4.2 Corrections for Maximum Imaging Depth

The measured concentrations of IPH MetHb predict absorption coefficients ranging between

310cm−1 and 518cm−1. Figure 3.10 shows the SNR vs. Fat thickness lines for both MetHb

concentrations (black) down to the 12dB threshold (dotted red). This gives an estimated

maximum fat thickness between 33 and 38 mm. Considering the 5mm of muscle already

present, the projected maximum imaging depth is between 38mm and 43mm. No similar

prediction was done for 10mm-muscle phantoms due to a lack of sufficient data points; only

two MetHb absorptions for two fat thicknesses.

The main factors meriting correction are epidermal optical attenuation, carotid wall opti-

cal attenuation and tissue (muscle and fat) acoustic attenuation, all which would lead to

measurement of lower SNR.
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4.2.1 Optical attenuation corrections

Epidermal absorption can be accounted for by approximating its effective absorption thick-

ness -calculated by the product of the absorption coefficient by physical thickness µa · t to an

equivalent effective fat absorption thickness. The thickness of the epidermis is tEpidermis =

60µm [53]. The absorption coefficient of fat is µa−Fat = 0.15cm−1. This allows for the

calculation of an equivalent physical thickness tFat =
µa−Epidermis·tEpidermis

µa−Fat
. Table 4.1 lists

the range of epidermal absorptions in different skin types. Lightly pigmented skins (Type

I and II) have a correction equating to an physical fat thickness of 2mm to 8mm, whereas

for darkly-pigmented skins (Types V and VI) the equivalent fat thickness is from 23mm to

54mm. Carotid wall absorption correction is carried out using a similar approach used for

epidermal absorption correction. The carotid wall’s absorption is approximated by that of

the aorta, with µa ∼ 0.52cm−1 at 633nm or ∼630nm [77]. Given the carotid wall thickness

ranges between 1.13mm and 1.58mm [69], the equivalent fat thickness is 3.9mm to 5.8mm.

Applying both epidermal and carotid wall corrections, any given fat thickness tf can approx-

imated to a 1.13mm-thick carotid wall in addition to 60µm epidermis and an equivalent fat

thickness teq = tf − 2− 3.9mm with the 2mm and 3.9mm being the lower-end corrections

for epidermal and carotid-wall optical accentuation, respectively. For example a 25mm-thick

5m20f phantom would approximate to a ∼20-thick phantom consisting of 1.1-mm carotid

wall, 5mm-muscle, 14.1mm-fat and a 60µm-epidermis.

Note that the above corrections only consider optical attenuation of the epidermis and carotid

artery wall. They do not consider other effect such as secondary photosensitive waves gen-

erated by the epidermis.
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Skin Type
Absorption of 60µm

epidermis cm−1
Maximum Imaging

Depth (mm)
Lightly-pigmented 4 to 20 32
Moderately-pigmented 35 to 51 26
Darkly-pigmented 57 to 135 9

Table 4.1: Different skin types with the corresponding 60µm epidermis absorption and pre-
dicted maximum imaging depth. Per the Fitzpatrick scale, lightly-pigmented skins are re-
ferred to as types I and II , moderately-pigmented as types III and IV and darkly-pigmented
as types V and VI. The epidermal absorption values were reproduced from [53].

4.2.2 Acoustic attenuation corrections

Acoustic attenuation was not properly accounted for in the MC simulations and experimental

measurements. The MC simulations assumed no acoustic attenuation, while the experimen-

tal phantoms had an acoustic attenuation ∼ 0.2dB.mm−1 at 5MHz. The primary sources of

acoustic attenuation in tissue are fat and muscle tissues, with acoustic coefficients at 5Mhz

of αFat = 0.315dB.mm−1 and αMuscle ∼ 1.67dB.mm−1 [67]. Given the small thickness and

attenuation of the epidermis, and the small acoustic attenuation of arterial wall, their con-

tribution was neglected.

The acoustic attenuation of the experimental phantoms is ∼ 0.2dB.mm−1 [71]. This is lower

than the fat and muscle attenuation, and given the fixed vessel-to-transducer distance of ∼

8mm, the phantom produces constant acoustic attenuation of 0.2dB.mm−1 · 8mm = 1.6dB.

The SNR vs. Fat thickness plots (Figure 3.10) are for a fixed 5mm of muscle. This results in

constant muscle acoustic attenuation of αMuscle = 1.67dB.mm−1 · 5mm = 8.35dB. The

fat-dependent attenuation of SNR is equal to the sum of the slope of the SNR vs. Fat

lines and the fat acoustic attenuation of αFat = 0.315dB.mm−1. The average slope cal-

culated from Table 3.4 is −1.45dB.mm−1. Accounting for fat’s acoustic attenuation, the

total fat-dependent SNR attenuation is −(1.45 + 0.315)dB.mm−1 = 1.765dB.mm−1. The

total attenuation experienced and and SNR would then be αTotal = 1.765dB.mm−1+8.35dB.
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To estimate a corrected maximum imaging depth, must apply αTotal to an an attenuated

signal, i.e. the phantom’s attenuation of 1.6dB is neglected. For example, consider the

518cm−1 line in bottom plot of Figure 3.10. To estimate the maximum imaging depth we

solve for thickness of fat in mm in:

12dB = −(3.03 + 0.315)dB.mm−1 + (127 + 1.6− 8.35)dB

where on the LHS, 12dB is the detection threshold. On the RHS, −3.03dB.mm−1 is the slope

of the 518cm−1 line, −0.315dB.mm−1 the fat acoustic attenuation, +127dB the y-intercept

value, +1.6dB the correction for phantom acoustic attenuation and −8.35dB the muscle

acoustic attenuation. The estimated maximum fat thickness is calculated to be ∼ 32mm.

Accounting for the already 5mm of muscle, the total depth is 37mm. Applying the same

approach to the 310cm−1 line gives an estimated total depth of ∼ 32mm. Finally, epidermal

and carotid wall corrections equate to at least 5mm of fat for Type I skin, i.e. the maximum

imaging depth would be 5mm less: 27mm to 32mm. Table 4.1 lists the different skin types

with the corresponding epidermis absorption and predicted maximum imaging depth.

Applying the same acoustic and optical attenuation corrections for SNRs measured at the av-

erage carotid depth of ∼ 20mm, we get an SNR of 50dB for a MetHb absorption of 518cm−1.

4.3 Simulation vs. Experiment

The Monte Carlo and experimental measurements of signal amplitude versus increasing tis-

sue thickness demonstrate an exponential decay of SNR, as evidenced by the negative linear

slopes in the logarithmic plots in Figures 3.7 and 3.10. This behavior is expected and in

line with the Beer-Lambert Law of exponential light attenuation [65].
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The measured SNR vs. Fat thickness slope ranges between −0.98dB/mm (for µa = 90cm−1)

and −1.76dB.mm−1 for (µa = 30cm−1), with an average of −1.45dB/mm measured over 5

MetHb absorptions with varying fat thickness given a fixed 5mm of muscle. Table 4.2 lists

the SNR vs. Fat thickness slopes calculated in the Monte Carlo based simulations compared

to experimental results. The errors listed are the standard deviation of the best fit slope.

The magnitude of the experimental slope of 1.45dB.mm−1 for 5-mm muscle phantoms is

smaller than the simulation slope of 1.63dB.mm−1. This is due to the experimental setup

of a fixed vessel-to-transducer distance as SNR attenuation effects due to the inverse-square

are neglected.

However, we suspect that the the slope of −0.98dB.mm−1 for µa = 90cm−1 might be a out-

lier, as it is over 6 standard deviations away from the mean. More measurements over a wider

array of absorptions are warranted to bolster the claim, however. If the outlier is ignored, the

observed average slope over 4 MetHb absorptions is (−1.57±0.08)dB.mm−1, which is closer

to the simulations results. Finally, applying acoustic attenuation corrections to the simula-

tion and experimental slopes gives a simulation attenutation of (1.63 + 0.315)dB.mm−1 =

1.945dB.mm−1 and an experimental slope of 1.765dB.mm−1. If the outlier is ignored, it

would be 1.885dB.mm−1.

The purpose of the simulations were to provide a qualitative study of SNR vs. tissue (fat)

thickness. Given a reference experimental SNR (e.g. 5m5f), the simulation results allow us

to predict experimental SNR with increasing tissue thickness. Though comparable, the dif-

ference between corrected simulation and experimental attenuation values of 1.945dB.mm−1

and 1.765dB.mm−1 (or 1.885dB.mm−1 if the outlier is dropped) indicate a need for more

rigorous simulations and experimental setup identical detector setup, and more experimental

data points.
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Monte Carlo (dB/mm) of Fat Experiment (dB/mm) of Fat
5 mm Muscle -1.63 ± 0.04 -1.45 ± 0.07
10 mm Muscle -1.75 ± 0.02 —

Table 4.2: The MC simulation and experimental calculations of the SNR attenuation in Fat
tissue. The errors are the standard deviations for 4 data points per slope measurement.

Finally, we note that the experimental results discussed were produced using a 5MHz ATL

L7-4 128-element linear transducer connected to a Vantage Verasonics 128TM system. The

results are likely to vary between different transducers and systems. Stronger SNR can be

expected with curved array transducers, for instance [42]. Higher frequency transducers

would detect lower SNR as a result of higher acoustic attenuation experienced at higher

frequencies [81].
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Chapter 5

Conclusions and Future Work

5.1 Thesis Conclusions

The hypothesis presented in the opening chapter stated that PA techniques can be used for

the imaging and detection of carotid IPH. To that end, the specific aims focused on devel-

oping tissue mimicking models, simulating light propagation, energy deposition, PA signal

generation, and finally experimentally measuring PA signals generated from MetHb sam-

ples in tissue mimicking phantoms using a widely available ultrasound imaging device. The

experimental results demonstrated that PAI can be potentially used for detecting carotid

IPH. More specifically, in the context of assumptions, limitations and corrections discussed

in Chapter 4, the experimental results demonstrated that using a commonly available 5

MHz L7-4 linear transducer, Verasonics system, and an in-vivo IPH MetHb concentration of

15mmol.L−1, SNR values of ∼ 50dB are possible at the average carotid depth of ∼ 20mm

in people with Type I skin. Furthermore, it was predicted in that IPH can be detected in

depths ranging from 9mm for dark-skin types to 32mm for light-skin types (see Table 4.1).

Analysis of MR images of the neck helped determine the thickness and composition of the

neck tissues. Published literature provided target optical properties of the tissue types used
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for tissue-mimicking models for experimental measurements and MC simulations. A total of

eight neck tissue models of varying muscle and fat thicknesses (5m5f, 5m10f, 5m15f, 5m20f,

10m5f, 10m10f, 10m15f and 10m20f) were used in MC simulations of light propagation, en-

ergy deposition and PA signal generation from a MetHb target with absorption of 100cm−1

. A total of 21 tissue-mimicking phantoms defining six different geometries were used for

experimental measurements. The optical absorption and scattering of the phantoms were

compared against target values, and verified with spectrophotometric measurements. Five

MetHb absorptions were used for experimental measurements. While the desired MetHb ab-

sorptions between 310cm−1 and 518cm−1, 5 phantoms were made with absorptions between

12cm−1 and 173cm−1 to predict the maximum imaging depth for the desired absorption

range. It was shown that detectable signals can be potentially detected up to depths of

27mm and 32mm, assuming ≤ 5mm of muscle. Furthermore, the experimental results

demonstrated an average magnitude of fat-dependent SNR attenuation of 1.45dB.mm−1.

This is comparable to the MC simulation theoretical value of 1.63dB.mm−1. Accounting for

acoustic attenuation, the values are 1.565dB.mm−1 and 1.94dB.mm−1 The theoretical cal-

culation can help predict experimental SNR in thicker phantoms provided a measured SNR

for some reference phantom is known, e.g. 5m5f. Note that the fixed source-to-transducer

distances in the experimental setup potentially underestimate SNR attenuation. As such,

we cautiously state that the predicted maximum imaging depth could be an overestimate.

Finally, the experimental results discussed were produced using a 5MHz ATL L7-4 128-

element linear transducer connected to a Vantage Verasonics 128TM system. The results are

likely to vary between different transducers and systems. Stronger SNR can be expected

with curved array transducers, for instance [42]. Higher frequency transducers would detect

lower SNR as a result of higher acoustic attenuation experienced at higher frequencies [74].
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5.2 Future Directions

The main scope of future work would focus on overcoming the limits presented in this

thesis with the ultimate goal of creating as clinically relevant experimental and simulations

procedures as possible. In that light, we suggest the following for future work:

1. Make use of superior computing capabilities or algorithms (e.g. CUDA parallel com-

puting [86]) to improve the resolution in deep tissue simulations. This is pertinent to

simulating optical propagation at large depths with high target absorption coefficient;

stronger absorption requires higher resolution (smaller voxel sizes).

2. Utilize photoacostic phantoms that mimic both optical and acoustic tissue properties,

while modeling as many tissue types as possible (epidermis of different skin types,

dermis, fat, muscle, carotid artery wall and plaque).

3. Investigate the effects of practical limits of utilizing different laser geometries and

setup (spot size, number of beams) on SNR. Larger spot sizes can potentially improve

light fluence into deep targets [87]. The use of multiple beams irradiating the skin

from different angles at different spots can also potentially improve fluence into deeper

targets.

4. Conduct experimental PA measurements using stronger concentrations (absorptions)

of MetHb that would ideally be withing the range of target concentrations found in

carotid IPH in-vivo. Investigate the linearity of absorption (and PA amplitude) with

MetHb concentration.

5. Utilize hybrid US-PA systems to mimic clinical measurement setups.

6. Conduct multi-spectral photoacoustic imaging by utilizing multiple laser wavelengths

over the VIS-NIR range instead of just the 630nm used in the thesis. By capitalizing

on multiple features unique to the MetHb absorption spectra (multiple peaks, slope,

61



shape) a spectroscopic approach can be used for better specificity in identifying MetHb

from among other chromophores. This can be investigated via Monte Carlo as well as

experimental studies.
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Appendix A

MR Images at the carotid bifurcation

Table A.1 lists a range of patient ages and the corresponding measured depths of their left

and right carotid bifurcation points. The average age was 65.7 age and the median was 65

yrs old. The average depth of both left and right carotid bifurcation points was found to be

(21.27± 5.43)mm.

Figures A.1 and A.2 show some examples of the reference axial MR images of the carotid

bifurcation point for 8 different subjects. The labeled distance define the the depth from the

skin surface to the edge of the carotid artery.
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Depth of bifurcation point (mm)
Age (yrs) Left Right Average

46 26 31 28.5
52 27 21 24
54 20 19 19.5
57 29 32 30.5
62 18 28 23.0
65 19 21 21.5
65 11 16 13.5
65 19 21 20.0
65 12 16 14.0
65 18 23 20.5
65 9 14 11.5
70 20 20 20.0
70 26 23 24.5
70 21 20 20.5

N/A 28 27 27.5

Table A.1: A list of patient ages and the corresponding measured depths of their left and
right bifurcation points using axial MR images at the carotid bifurcation point. The bottom
age (N/A) was anonymized and does not reflect the actual age of the patient.

Figure A.1: Axial MR images at the carotid bifurcation point.
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Figure A.2: Axial MR images at the carotid bifurcation point.
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Appendix B

The Inverse Adding-Doubling Method

The Inverse Adding-Double method, developed by Dr. Scott Prahl, takes spectrophotomet-

ric measurements of Total Trasmittence and Diffuse Reflectance to calculate to determine

the optical properties of a homogeneous slab of material [64-67]. Parameters such as opti-

cal scattering, optical absorption and anisotropy can be determined via iteratively solving

the radiaitve transport equation (RTE) until the calculated Transmittance and Reflectance

match the observed values. The RTE describes the transport of light in a medium that

absorbs, scatters and emits radiation, and can be defined as follows [67]:

(ŝ · ∇)L(r, ŝ) = −µtL(r, ŝ) + µs

∫
4π

P (ŝ, ŝ′)L(r, ŝ′)dω′ (B.1)

where L(r, ŝ) defines the radiance or specific intensity in units of energy per area per solid

angle W.cm−2sr−1 in the position denoted by r and direction specified by the unit vector ŝ

[67]. The total attenuation coefficient µt is the sum of both the absorption coefficient and

scattering coefficient coefficients, µa and µs respectively [67]:

µt = µa + µs (B.2)

The left hand side of B.1 (ŝ ·∇)L(r, ŝ) defines the rate of change of radiance at point r in the
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direction of ŝ, whereas the phase function P (ŝ, ŝ′) on the right hand side defines the fraction

of light scattered from the direction ŝ′ to ŝ which is normal to the solid-angles dω′. Finally,

the rate of change on the left gives the net change in radiance resulting from attenuation

losses due to absorption and scattering, i.e. −µt and gains resulting from isotropic scattering

into ŝ, i.e. :
∫
4π
P (ŝ, ŝ′)L(r, ŝ′)dω′.

Normally, the adding-doubling method attempts to solve RTE to calculate Transmission and

Reflection from known absorption and scattering coefficients. The inverse adding-doubling

method works “inversely” in that µa and µs are approximated by iteratively making new

estimates until the calculated transmittance and reflectance match the experimentally ob-

served values. Figure B.1 shows a flow-chart of the IAD process, whereas Table B.1 lists

the used-defined parameters used in the IAD software.

Figure B.1: Flowchart for IAD, modified from [67]. The method starts with an initial
estimate of the the optical properties to calculate Transmission and Reflection values which
are comparing the calculated with the measured values. The process is repeated iteratively
with different optical properties until the calculated and measured transmission reflection
values match.
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Paramter Value
Index of refraction of sample (Gelatin-based phantom) 1.35 (measured)
Index of refraction of the top and bottom slides (BK-7) 1.5138
Thickness of sample [mm] 2mm to 3mm
Thickness of slides [mm] 0
Diameter of illumination beam [mm] 7.14
Reflectivity of the reflectance calibration standard 0.98
Number of spheres used during each measurement 1
Sphere diameter [mm] 60
Sample port diameter [mm] 18.75
Entrance port diameter [mm] 16.74
Detector port diameter [mm] 13.13
Reflectivity of the sphere wall 0.98
Sphere diameter 60
Number of Measurements 2

Table B.1: The parameter values used in the IAD software. No slides were used during the
measurements -the edges of the samples were adhered to the wall of the integrating sphere’s
sample ports- and as such the thickness is defined as zero.

68



Appendix C

Monte Carlo Simulation Results

Figure C.1: 2D Fluence and Energy deposition profiles for the 5m15f simulation.
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Figure C.2: 2D Fluence and Energy deposition profiles for the 5m20f simulation.
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Figure C.3: 2D Fluence and Energy deposition profiles for 10m5f simulation.
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Figure C.4: 2D Fluence and Energy deposition profiles for the 10m10f simulation.

72



Figure C.5: 2D Fluence and Energy deposition profiles for the 10m15f simulation.
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Figure C.6: 2D Fluence and Energy deposition profiles for the 10m20f simulation.

74



Appendix D

Sample measurements of TT and DR

Figure D.1 plots the measured total transmittance (TT) and diffuse reflection (DR) spectra

using the Shimadzu’s UV-3600 UV-VIS-NIR spectrophotometer [].

TT spectra as in the top plot were used to estimate the absorption coefficient of the muscle

phantom: µa = − ln(TT%)
d

where d is the thickness of the phantom. TT and DR spectra as

in the middle and bottom plots were used as inputs for the IAD method to estimate the

reduced scattering coefficients.
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Figure D.1: TOP: Measured Total Transmittance spectra (TT)of 8% Vi
V

Napthol Green
(dye used for muscle absorption) in 10% Gelatin for one 5.3 mm (BLACK) and seven 10
mm (BLUE) phantom samples. These measured spectra, via Beer-Lambart Law, were used
to calculated the absorption spectra of the muscle phantom. MIDDLE: Measured TT
spectra of the ≈ 3mm-thick fat and muscle phantom samples. BOTTOM: Measured Diffuse
Reflectance (DR) spectra of the ≈ 3mm-thick fat and muscle phantom samples.
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