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Abstract 

 

Photoacoustic (PA) imaging (PAI) is an emerging biomedical imaging modality that combines 

optical absorption contrast with ultrasonic resolution and imaging depth. Major research has 

been carried out into PAI in recent years, and as a result PAI is rapidly being established as a 

mainstream imaging modality in both biological research and clinical practice. 

In this thesis, three main areas of PAI application were studied: clinical, preclinical, and 

quantitative PAI. 

Handheld linear-array PAI was introduced to the clinic for breast and melanoma imaging 

applications. For the breast study, PAI using was assessed in terms of its ability to image the 

morphology and oxygenation status of breast lesions suspicious for cancer. PAI was found to 

image the morphology of superficial lesions with high contrast, while functional imaging found 

strong evidence of tumour hypoxia indicating malignancy. For the melanoma imaging study, 

PAI was applied to preoperatively measure lesion thickness of pigmented cutaneous lesions 

suspicious for melanoma. The PAI measured lesion thickness was found to corelate strongly 

with the histologically measured lesion thickness, indicating the efficacy of PAI in guiding 

biopsy depth and sample location. Additionally, PAI was found to be effective at imaging 

intradermal lesion growth which has important implications for melanoma staging. 

A method of correcting for the effects of spectral fluence attenuation on quantitative PA 

measurements was introduced in chapter 3. The method uses arteries as a known optical 

calibration standard to estimate optical fluence at nearby veins and to quantify venous blood 

oxygen saturation. The method was experimentally validated in coupled Monte-Carlo-PA 

simulations, phantom, and in vivo tests. 

Finally, the PA image contrast capabilities of novel gold nanostars (GNS) were tested in 

phantom and in vivo studies. The results showed the addition of a silica coating increased 

photothermal transfer and hence PAI contrast, while the in vivo study showed the strong 

photostability and low tissue clearance of the particles after GNS-mediated photothermal 

therapy in a mouse-tumour model. 
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Chapter 1: Introduction 

 

Photoacoustic (PA) imaging (PAI) is a hybrid biomedical imaging modality that merges 

ultrasonic detection with optical absorption contrast for high-speed, high-resolution imaging in 

deep tissue. Within the last two decades, major research into PAI has been carried out for 

various clinical and preclinical imaging applications. PAI overcomes the limitations of optical 

scattering in biological tissue by detecting ultrasonic waves generated by the photoacoustic 

effect. The absorption of a pulse of electromagnetic radiation by molecules creates a thermally 

induced expansion and contraction that launches ultrasonic waves which are detected by 

ultrasonic transducers to form images. The combination of light and sound gives PAI the 

unique capability to scale its spatial resolution and penetration depth across both the optical 

and ultrasonic domains, giving it a versatile range of applications. Using the intrinsic optical 

absorption of biological chromophores such as haemoglobin, melanin, lipids, and water, PAI 

provides functional, anatomical, and genetic contrasts of vasculature, blood haemodynamics, 

oxygen saturation level, and oxygen metabolism. Furthermore, exogenous contrast agents, such 

as organic dyes, nanoparticles, and reporter gene products, extend PAI capability to allow for 

targeted molecular imaging, drug release, and genetic process monitoring in complex 

biological systems. Preclinical studies on animals have been extensively carried out over the 

past decade, particularly on cancer models, providing a basis for the translation of positive 

results to the clinic. As a result, PAI is rapidly expanding in clinical fields, with major 

developments in breast cancer detection, dermatological imaging, vascular imaging, carotid 

artery imaging, and musculoskeletal imaging, using various PAI system configurations. 

This thesis seeks to add to the expansion of PAI into the clinic in the areas of breast cancer and 

melanoma imaging, and to add to the molecular imaging capabilities of PAI thorough the 

validation of the PA contrast capabilities of novel gold nanoparticles. In addition, a novel 

method of correcting for the effects of wavelength-dependent fluence attenuation on measured 

PA spectra for the purposes of quantifying blood oxygen saturation is developed and 

implemented. 

The contents of the thesis are as follows: 

Chapter 2 covers the relevant background theory of PAI and tissue optics. 
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Chapter 3 deals with the development and implementation of the method of fluence-corrected 

venous sO2 quantification using arterial fluence calibration. The method involves using 

arteries as a known optical calibration standard in vivo using the fact that the arterial absorption 

coefficient can be estimated from arterial sO2 level measured with pulse oximetry. The method 

makes use of the fact that arterial sO2 is systemic and the fact that arteries and arterioles are 

ubiquitous in biological tissue, meaning it can be applied at any location where an artery or 

arteriole can be resolved. The method was demonstrated by incorporating a multilayer model 

of optical diffusion into a PA forward model and fitted to the arterial PA spectrum to yield the 

volume fraction of melanosome in the epidermis, and the blood volume fraction and sO2 level 

in the dermis and subcutaneous fat layers – the parameters that govern the extent of tissue-

optical interference. The determined parameters were then used in the same model to correct 

the venous PA signal for the degrading effects of optical fluence attenuation. The method was 

demonstrated with coupled Monte Carlo (MC) and PA simulations, phantom studies, and an in 

vivo demonstration on human vasculature. 

Chapter 4 deals with a clinical study where a handheld 40 MHz linear-array PA probe was used 

to preoperatively measure the thickness of pigmented skin lesions with suspicion of melanoma 

skin cancer. Melanoma is the most lethal form of skin cancer and accounts for 75% of skin 

cancer related deaths despite accounting for less than 5% of all cases. The histopathologically 

measured melanoma thickness, known as the Breslow thickness, is the most important factor 

for melanoma staging and determining treatment course and prognosis. Currently, the 

recommended technique for sampling lesions suspicions for cutaneous melanoma is excisional 

biopsy with narrow margins, however, partial biopsy techniques, which have a high incidence 

of microstaging inaccuracies due to undersampling of the primary lesion, are still used in up to 

27% of melanoma diagnoses. Moreover, current surgical guidelines suggest the most 

pigmented part of the lesion is the most invasive and thus the most favourable for sampling, 

however, this does not always correspond to the most histologically advanced region, and 

therefore the full lesion thickness is unavailable to the pathologist in many cases. A noninvasive 

method of preoperatively determining lesion thickness could therefore guide sampling 

location, improve microstaging accuracy, save time, and prevent the need for additional 

surgeries. 

PAI, with its high sensitivity, contrast, and penetration depth, is uniquely suited to imaging 

pigmented lesion morphology and measuring lesion thickness. To test its efficacy, 27 patients 

(with 32 lesions in total) with pigmented skin lesions suspicious for melanoma were recruited 
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from Galway University Hospital to undergo PA scans of the lesion with a handheld linear-

array probe. Histology confirmed 6 cases of melanoma with the rest being various types of 

benign melanocytic nevi. PAI was able to image the lower lesion morphology in all cases 

except for 3 (benign lesions). The PA measured lesion thicknesses were compared with the 

histologically measured thicknesses from the excised lesion samples. The results showed the 

PA measurements accurately correlated with the histological measurements, however, there 

was a tendency of PAI to overestimate lesion thickness due to dehydration occurring in the 

histological sectioning process resulting in sample shrinkage. 

In chapter 5, the efficacy of a 15 MHz handheld linear-array PA probe for imaging suspect 

breast cancer lesions in the clinic is described. Breast cancer is the most common malignancy 

occurring in women worldwide and is the leading cause of cancer-related death. Noninvasive 

imaging technologies play an important role in breast cancer screening and diagnosis, however, 

no one technology has sufficient sensitivity for standalone application. The gold standard 

technology, X-ray mammography, while demonstrating excellent sensitivity and specificity in 

many cases, lacks sufficient sensitivity in dense breasts, common in younger women. PAI, with 

its scalable imaging depth and high sensitivity to haemoglobin, possesses a means of detecting 

and diagnosing malignant tumours in deep tissue by imaging the increased blood concentration 

and lower sO2 level associated with pathological angiogenesis, using endogenous biological 

contrast alone. Handheld linear-array PAI holds promise for eventual integration in breast 

cancer screening alongside ultrasound (US) imaging, given that they can both be performed 

simultaneously and with the same imaging probe, with the added benefit of providing 

molecular imaging contrast which US lacks. 

To test its efficacy, 31 patients from the Symptomatic Breast Unit in GUH were recruited to 

undergo linear-array PAI at 15 MHz. The criteria for patient selection were that the patient be 

able to provide informed consent and that the suspect lesion be relatively close to the skin 

surface (2-3 cm) so as to be within the imaging depth range of the system. Handheld linear-

array PAI was assessed in terms of its ability to image lesion morphology and intratumoural 

oxygenation level. The results showed an ability to image the upper lesion morphology for 

lesions less than 13 mm deep, while the sO2 scans showed clear differences in intratumoural 

sO2 between malignant and benign lesions in the majority of cases. 

In addition to the above assessment, the study also included an assessment of patient response 

to neoadjuvant chemotherapy - a standard treatment for locally advanced breast cancer prior to 
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definitive surgery. Between 8% and 20% of patients undergoing neoadjuvant chemotherapy 

experience no clinical or pathologic response and therefore undergo the stress of chemotherapy 

for months without any therapeutic benefit. However, previous studies using diffuse optical 

imaging (DOI) to monitor patient response have shown that responding patients experience a 

statistically significant intratumoural oxyhaemoglobin flair compared with nonresponding 

patients on the first day of treatment, thereby providing an early biomarker that could alter 

treatment strategy and improve therapeutic management. To test the efficacy of PAI in 

monitoring same, a number of neoadjuvant chemotherapy patients were recruited to undergo 

PAI to monitor intratumoural sO2 level before and after the administration of chemotherapy. 

However, due to logistical reasons, follow-up scans from the baseline measurements (pre-

treatment) were not possible and the study is still ongoing. 

In chapter 6, the PAI image contrast capabilities of silica-coated dual-plasmonic gold nanostars 

(DPGNS) were evaluated in in vivo and phantom studies. Gold nanostars (GNS) serve as 

excellent contrast agents for PAI due to their high acoustic-to-optical conversation efficiency 

and can be tuned to absorb in the visible and NIR wavelength range (700-1000 nm). GNS 

coupled with targeted antibodies offer a range of biomedical applications such as cancer 

diagnosis, lesion localisation, and molecular typing of disease. DPGNS, synthesised to produce 

absorption bands in the second biological window (1000-1350 nm), offer additional advantages 

due to the lower optical scattering and increased penetration depth found in this wavelength 

region. Moreover, the addition of a silica coating on the particle surface serves to enhance the 

PA image contrast by increasing the photothermal conversion efficiency. To test this, PA scans 

at 700 and 1064 nm on an agar and intralipid phantom containing both silica-coated and non-

silica coated DPGNS were carried out, with the results showing an increased PA signal 

amplitude for the former. Illumination of both groups of particles with a 1064 nm laser further 

confirmed this, showing an increase in the photothermal conversion efficiency of the silica-

coated DPGNS, as evidenced by a 2-3°C temperature rise measured with a thermal camera. 

In an in vivo study, the spatial distribution and relative concentration of DPGNS in mice 

tumours undergoing photothermal therapy (PTT) was assessed with PAI at various study 

timepoints. Mice injected with MDA-MB-213 tumour cells in the hind legs to initiate tumour 

growth were divided into 4 study groups containing 7 mice each, consisting of a treatment 

group and 3 control groups. Mice tumours in the treatment group were injected intratumorally 

with silica-coated DPGNS and underwent PTT using a 1064 nm continuous-wave laser for 10 

minutes to bring about thermal-induced cell destruction. The 3 control groups consisted of 
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tumours injected with silica-coated DPGNS but receiving no PTT, tumours injected with 

phosphate buffered saline (PBS) and receiving PTT, and a group with no DPGNS, PBS or PTT. 

PAI scans at 700 and 1064 nm on each group were taken before treatment on day -1, and post 

treatment on days 3, 7, 14 and 21. The intratumoural PA amplitude from tumours containing 

silica-coated DPGNS undergoing laser treatment and the control group containing same but 

undergoing no treatment were found to be very similar, indicating the photostability of the 

particles and showing that additional laser treatment sessions with higher laser power are 

possible future studies, possibly bringing about further therapeutic benefit and reduction in 

tumour volume. 

Finally, chapter 7 deals with the thesis conclusion and future work. 
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Chapter 2: Background theory 

 

2.1 Photoacoustic imaging 

 

PAI is a hybrid biomedical imaging technique that uses optically generated ultrasonic waves 

to form in vivo images of tissue [1–6]. PA imaging is based on the PA effect, which relates 

how pulsed electromagnetic (EM) radiation is used to generate ultrasound (US) waves in 

optically absorbing media. The PA effect was first discovered by Alexander Graham Bell in 

1880 [7], who found that acoustic waves could be generated by objects being illuminated by 

chopped sunlight. However, PA imaging did not emerge as an imaging modality until the 

1970s, after the invention of laser light sources, acoustic transducers, and computers. 

PA imaging combines the advantages of high optical absorption contrast with the low scattering 

of acoustic waves in soft tissue. Unlike optical imaging techniques, PA imaging is capable of 

imaging past the optical diffusion regime with high spatial resolution, as it indirectly detects 

diffuse optical absorption trough US detection. Since US scattering is 2 to 3 times less than 

optical scattering in biological tissue, ultrasonic imaging is capable of achieving higher spatial 

resolution than optical imaging at depths greater than ~ 1 mm. However, pure US imaging is 

only sensitive to the mechanical properties of tissue, which have a 10% variation, giving it 

weak image contrast. Moreover, US is insensitive to molecules like oxy- and 

deoxyhaemoglobin, which provide important physiological and functional information. PA 

imaging overcomes the above disadvantages and yields high optical absorption contrast with 

high ultrasonic resolution for deep tissue imaging. 

When biological tissue is irradiated with a pulsed light source, the photons propagate through 

the tissue and quickly become diffuse. Some of this light is absorbed by optically absorbing 

molecules and is partially converted into heat, which results a rapid expansion and contraction 

of the tissue, called thermoelastic expansion. This transient thermoelastic expansion propagates 

outwards form the source in all directions as a wideband US wave, called the PA wave or PA 

signal. The PA waves from the initial acoustic source reach the surface of the tissue with 

various time delays and can be detected with the coupling of an acoustic transducer, and 

subsequently used to reconstruct an image of the spatial distribution of absorbed optical energy 

within the tissue. 
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2.2 Initial photoacoustic pressure generation 

 

To generate an acoustic impulse response from laser heating in tissue and achieve a high spatial 

resolution in a PA image, two important illumination conditions must be satisfied: thermal and 

stress confinement [8–10,4]. 

1. Thermal confinement  

The laser pulse used to generate PA waves must have a temporal width shorter than the 

thermal relaxation time, so that the effects of thermal diffusion can be neglected. The 

thermal relaxation time, 𝜏𝑡ℎ, is estimated by 

𝜏𝑡ℎ = 
𝑑𝑐

2

𝛼𝑡ℎ
, 2.1 

where 𝛼𝑡ℎ is the thermal diffusivity [m2/s], and 𝑑𝑐 is the characteristic dimension [m] 

(targeted spatial resolution). 

2. Stress confinement  

The laser pulse width must be shorter than the stress relaxation time, so that stress 

propagation is negligible during laser heating. The stress relaxation time is given by 

𝜏𝑠 = 
𝑑𝑐

𝑣𝑠
, 2.2 

where 𝑣𝑠 is the speed of sound (≈ 1500 m/s in soft tissue). 

The light energy deposition or absorption, 𝐴(𝒓) [J/cm3], at a position 𝒓 as a result of an incident 

short-pulsed laser on an absorbing tissue can be expressed as 

𝐴(𝒓) = 𝜇𝑎(𝒓)𝜙(𝒓), 2.3 

where 𝜇𝑎(𝒓) [cm-1] is the local optical absorption coefficient and 𝜙(𝒓) [J/cm2] is the local 

optical fluence (light energy per meter squared), at location 𝒓, respectively. A fraction of the 

optical energy deposited is converted into thermal energy, which results in a local temperature 

rise 𝑇(𝒓) [K] which is given by 
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𝑇(𝒓) =
𝜇𝑎(𝒓)𝜙(𝒓)

𝜌𝐶𝑝
, 2.4 

where 𝜌 denotes the mass density (∼ 1000 kg/m3 for water and soft tissue [8]) and 𝐶𝑝 denotes 

the specific heat at constant pressure (∼ 3600 to 3900 J/(kg∙K) for soft tissue [11]). The rise in 

temperature produces a strain 𝑆(𝒓) [dimensionless] via thermoelastic expansion defined as 

𝑆(𝒓) =
𝛽𝜇𝑎(𝒓)𝜙(𝒓)

𝜌𝐶𝑝
, 2.5 

where 𝛽 is the thermal expansivity (∼ 4 × 10−4 K-1 for muscle [8]). If the laser pulse duration 

is less than both the thermal and stress confinement times, this produces a transient pressure 

wave with a peak amplitude 𝑃0(𝒓) [Pa], given by 

𝑃0(𝒓) =
𝑀𝛽

𝜌𝐶𝑝
 𝜇𝑎(𝒓)𝜙(𝒓), 2.6 

where 𝑀 is the bulk modulus [Pa per strain]. For most PA applications, it can be assumed that 

the heating effect dominates the absorption interaction, and that fluorescence effects are 

negligible for the source spectra typically used (visible and near infrared (NIR)) in biomedical 

applications. Furthermore, the radiation intensity used in PA imaging should be below the 

maximum permissible exposure (MPE) level on humans defined by the American national 

standards institute (ANSI) of 20–100 mJ/cm2 at the wavelengths ranging from 400 to 1500 nm 

[12], guaranteeing no chemical reactions or thermal damage in the tissue. Equation 2.6 can be 

used to relate in vivo tissue chromophore concentrations to the peak PA signal amplitude and 

can incorporate forward models that account for variations in optical fluence at the measuring 

site. 

The Grüneisen parameter Г [dimensionless] [13], which represents the efficiency of the tissue 

in converting absorbed EM energy to sound, can be inferred from equation 2.6 as 

Г =
𝑀𝛽

𝜌𝐶𝑝
. 2.7 

For water and aqueous based solutions, Г can be estimated by the following empirical formula: 

Г𝑤(𝑇0) = 0.0043 + 0.0053𝑇0, 2.8 
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where 𝑇0 is the temperature in degrees Celsius. For soft tissue at body temperature, Г𝑤(37𝑜𝐶) 

= 0.20. The temperature dependence of the Grüneisen parameter allows the PA technique to 

monitor in vivo temperature distribution in real-time with submillimetre resolution [14]. 

 

2.3 Photoacoustic wave equation 

 

The generation and propagation of PA pressure waves in an acoustically homogenous and non-

viscous medium is described by the following general PA wave equation [8] [15]: 

(𝛻2 − 
1

𝑣𝑠
2

𝛿2

𝛿𝑡2
)𝑝(𝒓, 𝑡) =  −

𝛽

𝜅𝑣𝑠
2

𝛿2𝑇(𝒓, 𝑡)

𝛿𝑡2
, 2.9 

where 𝑝(𝒓, 𝑡) denotes the acoustic pressure variation (from equilibrium), and 𝑇(𝒓, 𝑡) denotes 

the temperature rise due to optical absorption, at location 𝒓 and time 𝑡, respectively. The left-

hand side of equation 2.9 describes the acoustic wave propagation from the source point, and 

the right-hand side describes the source term. 

The general forward solution of the PA wave equation, which satisfies thermal confinement, 

can be solved by the Green’s function approach, to yield the PA pressure as 

𝑝(𝒓, 𝑡) =
𝛽

4𝜋𝐶𝑃

𝛿

𝛿𝑡
∫

𝑑𝒓′

|𝒓 − 𝒓′|
𝑆 (𝒓′, t −

|𝒓 − 𝒓′|

𝑣𝑠

). 2.10 

For a short EM pulse that satisfies the acoustic-stress confinement, a delta heating response 

can be assumed and the heat generation function 𝐻(𝒓′, 𝑡′) can be written in terms of the spatial 

absorption function and the temporal illumination function as 

𝐻(𝒓′, 𝑡′) = 𝐴(𝒓′)𝐻𝑡(𝑡
′), 2.11 

where 𝐻𝑡(𝑡
′) = 𝛿(𝑡′). Equation 2.10 can then be written as 

𝑝(𝒓, 𝑡) =
𝛽

4𝜋𝐶𝑃

𝛿

𝛿𝑡
[

1

𝑣𝑠𝑡
∫ 𝑑𝒓′𝐴(𝒓′)δ(t −

|𝒓 − 𝒓′|

𝑣𝑠

)].  2.12 
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The quantity in the square brackets is the step heating response of an arbitrary absorbing object, 

and its time differentiation gives the delta heating response. Equation 2.12 can be written in 

terms of the initial pressure amplitude by inserting equation 2.6 to give 

𝑝(𝒓, 𝑡) =
1

4𝜋𝑣𝑠
2

𝛿

𝛿𝑡
[

1

𝑣𝑠𝑡
∫ 𝑑𝒓′𝑃0(𝒓

′)δ(t −
|𝒓 − 𝒓′|

𝑣𝑠

)]. 2.13 

Equation 2.13 indicates that the detected PA pressure at time 𝑡 arrives from sources over a 

spherical shell centred at the detector position 𝒓 and with a radius of 𝑣𝑠𝑡, as depicted in figure 

2.1 (a). Figure 2.1 (b) shows a typical example of a PA wave emitted from a spherical source 

which has undergone a uniform instantaneous energy deposition. The familiar bipolar shape 

arises from two parts. The initial positive pressure rise results from the thermoelastic expansion 

of the heated object and propagates outward from the source as a diverging spherical 

compression wave. When the object contracts it emits an inward travelling compression wave 

that upon reaching the object centre becomes a diverging spherical rarefaction wave that arrives 

at the detector at a later time and registers as a negative pressure. 

 

Figure 2.1. (a) The PA waves arriving at a point detector at time 𝑡 are modelled as coming from sources 

over a spherical shell with a constant radius of 𝑣𝑠𝑡, centered at the detector position 𝑃(𝒓, 𝑡). (b) An 

example of a PA signal generated from a uniform spherical PA source. 

At far away distances, a number of physical characteristics about the source object can be 

interpreted from the PA waveform: 

1. The amplitude of the PA wave is approximately proportional to the radius of the source 

object, but inversely proportional to the distance from the source object. 
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2. The temporal width of the PA wave is proportional to the radius of the source. This 

indicates that smaller objects produce higher frequency component PA signals, which 

influences the required detection bandwidth and imaging depth. 

3. The zero point of the PA waveform indicates its distance from the source object. 

Sometimes, the PA pressure is represented by the velocity potential, 𝛷𝑣(𝒓, 𝑡) [m2/s], which 

given by negative of the time-resolved integration of PA pressure: 

𝛷𝑣(𝒓, 𝑡) =  −
1

𝜌
∫𝑝(𝒓, 𝑡′)𝑑𝑡′. 2.14 

Conversely, the PA pressure is equal to the negative of the time derivative of the velocity 

potential. For a delta heating response 𝛷𝑣(𝒓, 𝑡) is given by 

𝛷𝑣(𝒓, 𝑡) = −
𝛽

4𝜋𝜌𝐶𝑃
∫

𝑑𝒓′

|𝒓 − 𝒓′|
𝐴(𝒓′)δ(t −

|𝒓 − 𝒓′|

𝑣𝑠
). 2.15 

Equation 2.15 is an integral of the optical energy deposition of a shell of radius 𝑣𝑠𝑡 centred 

around the detector at position 𝒓. The energy deposition 𝐴(𝒓′) [J/m2] makes a positive 

contribution to the negative velocity potential at position  𝒓, and correspondingly, 

𝛷𝑣(𝒓, 𝑡) drops to zero in areas where no optical absorption occurs. The velocity potential in 

equation 2.15 represents a spherical Radon transformation, thus the corresponding back 

projection algorithm to obtain the original spatial distribution of optical energy density at time 

zero becomes an inverse Radon transformation. 

 

2.4 Penetration depth and spatial resolution 

 

Penetration depth 

One of the main advantages of PA imaging is its ability to overcome optical diffusion and 

image past the ballistic regime with high spatial resolution. However, PA penetration depth is 

still limited by optical and acoustic attenuation. In biological tissue, optical attenuation effects 

dominate owing to the strong optical absorption from endogenous tissue chromophores and 

light scattering from collagen fibres and small-scale cell structures [16–18]. 
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Optical attenuation in highly scattering media which satisfy the requirements of diffusion 

theory is best characterised by the effective attenuation coefficient 𝜇𝑒𝑓𝑓 [cm-1], given as 

𝜇𝑒𝑓𝑓 = √3𝜇𝑎(𝜇𝑎 + 𝜇𝑠
′), 2.16 

where 𝜇
𝑎
 and 𝜇

𝑠
′  are the absorption and reduced scattering coefficients, respectively (defined 

in section 2.6). 𝜇𝑒𝑓𝑓 defines the probability of photon interaction via absorption and scattering 

per unit infinitesimal pathlength under isotropic radiance. The effective penetration depth, 

𝛿𝑒𝑓𝑓 [𝑐𝑚], can therefore be calculated by inverting 𝜇𝑒𝑓𝑓 as 

𝛿𝑒𝑓𝑓 =
1

𝜇𝑒𝑓𝑓
. 2.17 

𝛿𝑒𝑓𝑓 is therefore the depth at which the incident light intensity drops by 1/𝑒 of its initial value. 

The greatest optical penetration depth is achieved in the wavelength range of 700-900 nm, 

termed the ‘biological window’, due to the reduction in optical scattering and absorption 

coefficients. 

Acoustic waves in biological tissue are similarly attenuated by absorption and scattering. In the 

low megahertz frequency range, US waves are highly penetrating and are weakly absorbed by 

soft tissue. Acoustic attenuation follows a frequency dependent power law given by 

𝜇 = 𝑎𝑓𝑏 , 2.18 

where 𝜇 is the acoustic attenuation coefficient [dB cm-1 MHz-1], 𝑓 is the US frequency, and 𝑎 

and 𝑏 are constants. A mean value of 𝜇 in soft tissues for an US frequency of 10 MHz is 

~0.75 𝑑𝐵 𝑐𝑚−1𝑀𝐻𝑧−1 [6]. It follows from equation 2.16 that higher penetration depths can 

be achieved at lower US frequencies, and conversely, acoustic attenuation is higher for higher 

US frequencies. 

The combined effects of optical and acoustic attenuation results in at least one order of 

magnitude of the reduction of light intensity per centimetre. This proves challenging for deep-

tissue imaging over several centimetres, as exponential signal attenuation requires the detection 

of very weak US signals. However, since PA imaging relies on the detection of US waves and 

not on emission (as in US imaging), the emission efficiency of dedicated PA probes can be 

disregarded, and transducers used in PA imaging applications can be specifically designed for 

detector sensitivity. Coupled with this, through optimum selection of laser wavelength, and 
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optimisation of light delivery and signal processing, penetration depths of several centimetres 

in vivo have been achieved. An imaging depth of 4 cm was achieved in human breast tissue 

[19], while other studies on ex vivo samples and tissue phantoms have suggested a penetration 

depth of 5-6 cm can be achieved with the use of endogenous contrast agents [20,21]. In 

addition, imaging at longer wavelengths, such as 1064 nm, where tissue is more transparent 

due to the drop in the optical absorption coefficient of blood, can increase penetration depth 

with the use of appropriate contrast agents [22]. Imaging at 1064 nm also allows for a higher 

ANSI MPE in the skin due to the lower absorption by melanin. 

 

Spatial resolution 

The PA effect results in the emission of broadband US waves with frequencies in the range of 

10-100 MHz, depending on the length-scale of the optical absorbers. Since the acoustic 

attenuation coefficient in equation 2.18 is dependent on frequency, biological tissue acts as a 

low-pass filter and disproportionately attenuates high-frequency components as the PA signal 

travels. The net effect of this is to degrade PA spatial resolution with depth. Acoustic 

attenuation is thus the main factor in determining the spatial resolution limit. Acoustic 

attenuation varies considerably with tissue type and composition, however, an approximate 

rule of thumb for scaling spatial resolution is that for centimetre penetration depths, sub-

millimetre resolution is achievable, which decreases to sub-100 μm for millimetre penetration 

depths and sub-10 μm spatial resolution to for depths of a few hundred micrometres [6]. Spatial 

resolution is also dependent on the temporal width of the laser pulse, according to equations. 

2.1 and 2.2. For example, to achieve a spatial resolution of 100 μm, the laser pulse must be 

shorter than 18 ms for temporal confinement, and shorter than 64 ns for stress confinement. 

Characteristics of the US transducer also have a significant effect on spatial resolution, such as 

detection bandwidth, numerical aperture, and transducer element size. Transducer bandwidth 

effects the lateral and axial resolution, while the numerical aperture mainly effects the lateral 

resolution [23]. Transducer bandwidth is particularly important when imaging small-scale 

superficial features which emit wideband US signals with high frequency components which 

have not been lost to acoustic attenuation. Additionally, reconstruction algorithms which model 

acoustic transducers as ideal point-like detectors with a wide acceptance angle and infinite 

bandwidth, such as the universal back-projection [24] and time-reversal algorithms [25], can 

induce reconstruction errors if applied directly to experimental data. 



14 

 

 

2.5 Quantitative photoacoustic Imaging 

 

Multiwavelength PA imaging can be used to extract functional information from tissue such as 

tissue oxygenation level and oxygen consumption rate, and to quantify chromophore 

concentrations. Figure 2.2 shows the absorption spectra of the primary endogenous biological 

chromophores in the visible-NIR wavelength region, consisting of melanin, oxy- and 

deoxyhaemoglobin, and water. Since the peak PA signal amplitude is proportional to optical 

absorption, PA amplitude spectra obtained by scanning at multiple wavelengths are 

proportional to the absorption spectra of a given chromophore. This fact can be used to quantify 

chromophore concentrations, which has various clinical and research applications. Of major 

physiological interest is the quantification of blood oxygen saturation (𝑠𝑂2, the percentage of 

total haemoglobin bound with molecular oxygen) and total haemoglobin concentration (𝑐𝐻𝑏𝑇 

[g/L]), which are primary indicators of tissue health and function. PA quantification of  𝑠𝑂2 

and 𝑐𝐻𝑏𝑇 is dealt with in greater detail in section 3.3. 

 

Figure 2.2. Absorption coefficients of endogenous biological chromophores in the visible and NIR 

spectral regions at concentrations typically found in the human body. Oxy- and deoxyhaemoglobin, 150 

g/L. Water 60% by weight. Melanin concentration corresponds to that in skin (adapted from [26]). 
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2.6 Tissue optical properties 

 

As light passes through biological tissue, it is absorbed, scattered, and reflected according the 

tissue optical properties. The optical properties of biological tissues are described in terms of 

the absorption coefficient 𝜇𝑎 [cm-1], the scattering coefficient 𝜇𝑠 [cm-1], the anisotropy of 

scattering g, and the real refractive index 𝑛. The rate of optical attenuation of a beam of light 

as it propagates through biological tissue and the resulting spatial distribution of the absorbed 

energy density are directly influenced by the tissue optical properties. 

In the visible (400-700 𝑛𝑚) and near-infrared (700-1000 𝑛𝑚) wavelength regions most 

biological tissues are characterised by high optical scattering (𝜇𝑠 ≈ 100 cm-1) and are referred 

to as scattering or turbid media. By contrast, optical absorption is comparatively weak (𝜇𝑎 ≈ 

0.1 cm-1) which allows for deep optical penetration. Optical scattering properties can reveal 

structural changes at the cellular and subcellular level, while optical absorption properties can 

reveal functional information such as haemoglobin oxygen saturation and concentration.  

 

2.6.1 Absorption in biological tissues 

 

Biological tissue is composed of optical chromophores that absorb light and give tissue its 

colour. Optical absorption is measured by the absorption coefficient 𝜇𝑎, which is defined as 

the probability of photon absorption per unit infinitesimal pathlength. Figure 2.2 shows the 

wavelength dependent optical absorption coefficients of the main biological absorbers in tissue 

in the visible and NIR spectral regions. 

Optical absorption can be modelled by considering a chromophore as an idealised sphere with 

a given geometrical size, as shown in figure 2.3. Light incident on the sphere is blocked by 

absorption and casts a shadow, the size of which is called the effective cross section 𝜎𝑎(𝜆) 

[cm2]. The effective cross section is related to the geometrical size of the sphere 𝐴𝑎 [cm2] by 

the proportionality factor 𝑄𝑎(𝜆) [dimensionless]: 

𝜎𝑎(𝜆) = 𝑄𝑎(𝜆)𝐴𝑎. 2.19 



16 

 

 

Figure 2.3. Optical absorption process by a chromophore with geometric cross-section 𝐴𝑎 and effective 

cross-section 𝜎𝑎. 

In a medium containing many chromophores with a number density 𝜌𝑎  [cm-3], the absorption 

coefficient can be considered as the total cross-sectional area of absorbers per unit volume of 

the medium as 

𝜇𝑎(𝜆) = 𝜌𝑎𝜎𝑎(𝜆). 2.20 

The absorption coefficient of biological tissues can be calculated based on the concentrations 

of the various optical chromophores present. For most tissues, it can be assumed that 

oxyhaemoglobin, deoxyhaemoglobin, and water are the dominant absorbing compounds in the 

visible-NIR spectral region, and 𝜇𝑎(𝜆) can be written as 

𝜇𝑎(𝜆) = ln(10) (휀𝐻𝑏𝑂2
(𝜆)𝑐𝐻𝑏𝑂2

+ 휀𝐻𝑏(𝜆)𝑐𝐻𝑏 + 휀𝐻2𝑂(𝜆)𝑐𝐻2𝑂), 2.21 

where 휀𝐻𝑏(𝜆) , 휀𝐻𝑏𝑂2
(𝜆) , and 휀𝐻2𝑂(𝜆)  are the known molar extinction coefficients [L/cm mol] 

of oxyhaemoglobin, deoxyhaemoglobin, and water, respectively, and 𝑐𝐻𝑏, 𝑐𝐻𝑏𝑂2
, and 𝑐𝐻2𝑂 are 

the concentrations [mol/L] of same, respectively. The other main biological absorber is 

melanin; however, it is highly localised in the stratum basale of the epidermis, or in the retia, 

and does not need to be considered when calculating the absorption coefficient of the dermis 

or subcutaneous tissues. 

If the concentrations of oxy- and deoxyhaemoglobin are known, then the haemoglobin or blood 

oxygen saturation, 𝑠𝑂2, can be calculated as 
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𝑠𝑂2 =
𝑐𝐻𝑏𝑂2

𝑐𝐻𝑏𝑂2
+ 𝑐𝐻𝑏

× 100, 
2.22 

and the total haemoglobin concentration, 𝑐𝐻𝑏𝑇, as 

𝑐𝐻𝑏𝑇 = 𝑐𝐻𝑏𝑂2
+ 𝑐𝐻𝑏 . 2.23 

Equation 2.22. shows that absolute values of blood oxygen saturation can be calculated from 

relative values of 𝑐𝐻𝑏𝑂2
 and 𝑐𝐻𝑏. The absorption coefficient of tissue or blood vessels can then 

be written in terms of 𝑠𝑂2 and 𝑐𝐻𝑏𝑇 to give 

𝜇𝑎(𝜆) = ln(10) (휀𝐻𝑏𝑂2
(𝜆)𝑐𝐻𝑏𝑇𝑠𝑂2 + 휀𝐻𝑏(𝜆)𝑐𝐻𝑏𝑇(1 − 𝑠𝑂2) + 휀𝐻2𝑂(𝜆)𝑐𝐻2𝑂). 2.24 

The absorption coefficients of oxy- and deoxyhaemoglobin are distinct but share a few 

intersection points, called isosbestic points. At these points the absorption coefficient is 

independent of the blood oxygen saturation level. 

 

2.6.2 Scattering in biological tissues 

 

Optical scattering results from photon interaction with small-scale biological structures such 

as cells and organelles. Optical scattering is described by Mie theory [27–29], which models 

scatterers as homogenous spheres with a given radius. Mie theory applies in situations where 

the characteristic size of the scattering sphere, 𝑟, is on the order of or greater than the 

wavelength of light 𝜆. In the case of 𝑟 ≪ 𝜆, Mie scattering is approximated by Rayleigh 

scattering. In tissue, cell nuclei and whole organelles scatter light in the Mie regime, while the 

organelles and cell membranes scatter light in the Rayleigh regime [30]. Photons are scattered 

most strongly by structures whose size is similar to the photon wavelength and whose refractive 

index mismatches with that of the surrounding tissue. 

Single scattering by a scattering structure idealised as a sphere with a given geometrical size is 

depicted in figure 2.4. Incident photons are redirected by scattering and thereby cast a shadow, 

the size of which is called the effective cross-section, 𝜎𝑠 [𝑐𝑚
2], which can be smaller or larger 

than the geometric size of the sphere. The effective cross section is related to the geometric 

size of the sphere 𝐴𝑠 [cm2] by the proportionality factor called the scattering efficiency 𝑄𝑠 

[dimensionless]:  
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𝜎𝑠(𝜆) = 𝑄𝑠(𝜆)𝐴𝑠. 2.25 

 

Figure 2.4. Optical scattering process by a scattering particle with a given geometric cross-section 𝐴𝑠 

and effective cross-section 𝜎𝑠. 

The scattering coefficient is then related to the number density 𝜌𝑠 [cm-3] of scattering particles 

as 

𝜇𝑠(𝜆) = 𝜌𝑠𝜎𝑠(𝜆). 2.26 

Similar to the absorption coefficient, the scattering coefficient is defined as the probability of 

photon scattering per unit infinitesimal pathlength. Equation 2.26 defines 𝜇𝑠 as the cross-

sectional area of scatterers per unit volume of the medium. The reduced scattering coefficient 

𝜇𝑠
′  [cm-1] can then be defined using the anisotropy factor 𝑔 as 

𝜇𝑠
′(𝜆) =  𝜇𝑠(𝜆)(1 − 𝑔), 2.27 

where 𝑔 [dimensionless] is a measure of the amount of forward direction retained after a single 

scattering event and is defined as the mean value of the cosine of the deflection angle, cos (𝜃). 

Typical vales for 𝑔 are in the range of 0.7-0.95 for skin [18,31,32]. The wavelength dependence 

of the reduced scattering coefficients for the skin and subcutaneous fat are shown given by 

empirical formulas in figure 2.5. 
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Figure 2.5. Reduced scattering coefficients of various tissues based on empirical formulas. Blue line: 

bloodless rat skin [33]. Red line: in vitro human skin [34]. Black line: in vitro subcutaneous adipose 

(fat) tissue [34]. For skin, the reduced scattering coefficients of the epidermis and dermis are assumed 

to be the same and an averaged 𝜇𝑠
′  value is used. 

The probability of photon transmission 𝑇 [dimensionless] without scattering in a clear medium 

after a path length 𝑥 [cm] has been travelled is given by the Beer–Lambert law as: 

𝑇(𝑥) = −exp(−𝜇𝑠𝑥). 2.28 

Equation 2.28 can also be written similarly for optical absorption. The total attenuation 

coefficient, 𝜇𝑡, can be defined as by the sum of 𝜇𝑎 and 𝜇𝑠 as 

𝜇𝑡 = 𝜇𝑎 + 𝜇𝑠, 2.29 

and defines the probability of scattering or absorption occurring per unit infinitesimal 

pathlength. The optical penetration depth or mean free path, 𝛿 [cm], of collimated light can 

then be defined by inverting equation 2.29 as 

𝛿 =  1/𝜇𝑡, 2.30 

and is the average distance light will travel in tissue before an attenuation event occurs. 
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2.7 Diffusion theory 

 

Diffusion theory is derived from an approximate solution to the radiative transport equation 

(RTE). The diffusion approximation assumes that the radiance in a high albedo (𝜇𝑎 ≪ 𝜇𝑠) 

scattering medium is nearly isotropic after many scattering events. In addition, it requires that 

the optical mean free path be much smaller than the physical dimensions of the problem being 

considered, e.g. the distance to boundaries and sources. 

The diffusion equation follows from Fick’s law of diffusion and the law of conservation of 

energy, and is given by [8,9] 

1

𝑐

𝛿𝜙(𝑟, 𝑡)

𝛿𝑡
= 𝐷𝛻2𝜙(𝑟, 𝑡) − 𝜇𝑎(𝑟)𝜙(𝑟, 𝑡) + 𝑈(𝑟, 𝑡), 2.31 

where 𝜙 is the fluence rate W/m2, 𝑈 is the source term, 𝑐 [m/s] is the speed of light, and 𝑟 and 

𝑡 are the position and time, respectively. 𝐷 is the diffusion constant defined as 𝐷 = 1/(3(𝜇𝑎 +

𝜇𝑠
′)). The diffusion equation states that the time rate of change of energy density is equal to the 

loss of energy per m3 per second by diffusion, minus the energy lost though optical absorption, 

plus the gain in energy from the light source. The solution to the time-resolved diffusion 

equation for an infinitely short-pulsed point source (𝑈(𝑟, 𝑡) =  𝛿(𝑟, 𝑡)) is given by 

𝜙(𝑟, 𝑡) = 𝑐𝑄
exp(−𝑟2/(4𝑐𝐷𝑡)) 

(4𝜋𝑐𝐷𝑡)3/2
exp(−𝜇𝑎𝑐𝑡), 2.32 

where 𝑄 is the point source of radiant energy in Joules [35]. The exp(−𝜇𝑎𝑐𝑡) term in equation 

2.32 accounts for the reduction in fluence rate due to optical absorption as the light passes 

though the medium, while the remaining term characterises broadening due to scattering and 

is an impulse response, known as a Green function. Figure 2.6 shows an example of time-

resolved fluence diffusion for a point source in a tissue medium using equation 2.32. 
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Figure 2.6. Time resolved diffusion of fluence rate ϕ [W/cm2] after the deposition of a point source of 

radiant energy of 1 J at r = 0 and t = 0 at various timepoints in an absorbing and scattering tissue medium 

at 800 nm, with 𝜇𝑎 = 0.017 𝑐𝑚−1 and 𝜇𝑠
′  = 14.25 𝑐𝑚−1. 

For stationary situations far from sources (𝛿𝜙(𝑟, 𝑡)/𝛿𝑡 = 0, 𝑆(𝑟, 𝑡) = 0), the time dependency 

is dropped and equation 2.29 becomes 

𝐷𝛻2𝜙(𝑟) = 𝜇𝑎(𝑟)𝜙(𝑟). 2.33 

For an optically homogenous semi-infinite medium illuminated by a wide-beam light source 

in the 𝑧-direction, deep inside the medium (~10 penetration depths), equation 2.33 applies with 

only one variable coordinate 𝑧, which gives the solution 

𝜙(𝑧) = 𝜙(0) exp (−𝑧 (
𝜇𝑎

𝐷
)

1
2
) 2.34 

= 𝜙(0) exp(𝑧√3𝜇𝑎(𝜇𝑎 + 𝜇𝑠
′)). 2.35 

where 𝜙(0) is the beam fluence at the tissue surface. In the exponential of equation 2.31, the 

effective attenuation coefficient is defined as 𝜇𝑒𝑓𝑓 = √3𝜇𝑎(𝜇𝑎 + 𝜇𝑠
′) = √𝜇𝑎/𝐷. 
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2.8 Monte Carlo simulations of light transport in biological tissue 

 

Monte Carlo (MC) simulations are a fundamental and versatile approach toward simulating 

light transport in biological tissue [36–38]. The MC method is a stochastic method of modelling 

complex physical problems and is considered to be the ‘gold standard’ method of solving the 

RTE as it (a) converges to exact solutions of the RTE and (b) it can handle a complex range of 

geometries and illumination patterns. An example MC simulation is illustrated in figure 2.7. 

 

Figure 2.7. A MC simulation of light transport. (a) Propagation of a single photon in a light-scattering 

tissue. When the photon is totally internally reflected at the air/tissue surface, a fraction of the photon 

weight is allowed to escape as reflectance and the remaining photon weight continues to propagate in 

the tissue where it can be scattered and absorbed. (b) Example MC simulation of relative fluence rate 

[W/cm2/W delivered] at 800 nm on a tissue phantom composed of two highly absorbing blood vessels 

with a diameter of 0.25 cm and centred at a depth of 0.3 cm, placed in a medium with low scattering 

and absorption. The light source is a 2.5 cm diameter collimated circular beam in the +𝑧 direction. The 

low scattering properties of the water results in an extended shadowing underneath the blood vessels. 

 

The general procedure for MC simulations consists of launching a photon packet into a 

voxelated tissue model at a location defined by 𝑥, 𝑦, 𝑧 coordinates and a trajectory defined by 

directional cosines (projection of trajectory onto 𝑥, 𝑦, and 𝑧 axes). The photon packet is given 

an initial weight (or energy) of 1.0, which is progressively attenuated as the weight is deposited 

into the voxels as it propagates. The photon travels a random distance into the tissue based on 
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the selection of a random number [0,1] and the local attenuation coefficient of the medium. At 

the end of each photon step, the weight of the photon packet is reduced by an amount 

proportional to the local absorption coefficient. The absorbed weight is then stored in a bin or 

voxel that encloses the current photon position. The remaining photon weight is then moved 

again by a random distance and scattered according to a phase function that describes the 

angular dependence of the single scattering for a particular tissue. The most commonly used 

function for tissue scattering is the Henyey-Greenstein phase function [39], which is expressed 

as a function of the scattering deflection angle and the anisotropy. If the photon weight falls 

below a given threshold, typically 10−4, it has a chance of being terminated. Once the photon 

is terminated, a new photon is launched and the spatial distribution of the absorbed energy 

density, 𝐴(𝑥, 𝑦, 𝑧), begins to accumulate. After a total of 𝑁 photons have been launched, 

𝐴(𝑥, 𝑦, 𝑧) is normalised by the voxel volume and by 𝑁 to yield the fractional density matrix of 

incident light absorbed, 𝐴 [1/cm3] or [J/cm3 per J delivered], in response to one unit of delivered 

energy. The corresponding radiant energy density matrix in absolute units can be obtained by 

multiplying 𝐴 by the incident beam radiant energy. Photon, transmission, refraction and 

reflection at index-mismatched boundaries and changes in local optical properties can be 

included in the simulation. 

The MC method for photon transport in biological tissue was first implemented by Adams and 

Wilson, which considered isotropic scattering [40]. The most widely used MC program for 

biomedical applications is Monte Carlo Multi-Layered (MCML), developed by Wang and 

Jacques [41], which stores photon absorption and fluence rate in 2D arrays using a cylindrical 

coordinate system. In this thesis, a 3D Monte Carlo program, Monte Carlo xyz (MCxyz) [42], 

is used which uses a 3D Cartesian grid of voxels to save maps of optical absorption and fluence. 

MCxyz is capable of defining tissue types with a unique set of optical properties (absorption 

coefficient 𝜇𝑎[𝑐𝑚−1], scattering coefficient 𝜇𝑠 [𝑐𝑚
−1], anisotropy of scattering 𝑔 and 

refractive index 𝑛) appropriate for a given wavelength of light, and can simulate different 

illumination profiles (e.g. uniform beam, Gaussian, focused, isotropic point source etc.). 
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2.9 Photoacoustic simulations 

 

In this thesis, the generation of time-resolved PA waves is simulated by calculating the velocity 

potential generated from 3D maps of absorbed optical energy density, or energy deposition, 

produced by MCxyz [43,44]. The negative of the velocity potential, −𝛷𝑣(𝑡), recorded by a 

detector at a given position is calculated by implementing equation 2.15 as 

−𝛷𝑣(𝑡) =
𝛽

4𝜋𝜌𝐶𝑃

1

dt
∫

𝐴𝑠ℎ𝑒𝑙𝑙

𝑟

𝑟+𝑑𝑟/2

𝑟−𝑑𝑟/2

4𝜋𝑟2𝑑𝑟, 2.36 

where 𝐴𝑠ℎ𝑒𝑙𝑙 is a spherical shell of absorbed energy with radius 𝑟 = 𝑣𝑠𝑡 and thickness 𝑑𝑟 

centred on the detector position. At each timepoint after the initial deposition of optical energy, 

each voxel in 𝐴𝑠ℎ𝑒𝑙𝑙 emits a stress wave that arrives at the detector at a time 𝑡 later (assuming 

a constant 𝑣𝑠). The contribution of each voxel of energy deposition to −𝛷𝑣(𝑡) is accounted for 

by integrating 𝐴𝑠ℎ𝑒𝑙𝑙 in equation 2.33. The detector is modelled as a Lambertian detector, i.e. 

its sensitivity to acoustic waves is proportional to the cosine of the detection angle, which 

mimics the behaviour of a piezo detector lying flat on the tissue surface. This is achieved by 

calculating the cosine of the detection angle for each voxel and multiplying it by the 

corresponding voxel in 𝐴𝑠ℎ𝑒𝑙𝑙. The time-resolved PA pressure 𝑝(𝑡) [Pa per J delivered] is 

calculated from −𝛷𝑣(𝑡) with 

𝑝(𝑡) = −𝜌
𝑑𝛷𝑣(𝑡)

𝑑𝑡
. 2.37 

An example of a coupled MC-PA simulation is shown in figure 2.8. Figure 2.8 (a) shows the 

tissue model, consisting of a 1 cm diameter blood vessel in a homogenous layer of fat centred 

at a depth of 1.5 cm from the tissue surface. A MC simulation of the distribution of absorbed 

energy density, 𝐴(𝑟) [W/cm3 per W delivered], at 800 nm, is shown in panel (b). Panels (c) 

and (d) show the measured velocity potential and PA pressure recorded by the detector shown 

on the tissue surface in panels (a) and (b). The time-resolved negative of the velocity potential 

(which evaluates as a positive quantity) in panel (c) initially increases and then decreases as a 

progressively larger radius 𝐴𝑠ℎ𝑒𝑙𝑙 is integrated at each timepoint and mainly follows the 

distribution of A(r) in the +z direction due to the cosine dependence of the detector. The sudden 

increase of −𝛷𝑣(𝑡) at ≈ 6.5 μs occurs as the shell of integration encounters the highly absorbing 

blood vessel, which then begins to decrease exponentially from its maximum value as the 
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magnitude of A(r) inside the blood vessel decreases due to optical attenuation. The PA pressure 

in panel (d) is calculated by taking the time derivative of the velocity potential in panel (c). The 

initial increase in PA signal amplitude from the blood vessel at can be seen at ≈ 6.5 μs, which 

is proportional to its absorption coefficient. The familiar bipolar shape of the PA waveform 

can be observed; however, the negative peak is reduced relative to the positive peak due to 

optical and acoustic attenuation. To obtain PA spectra, multiple MC-PA simulations can be run 

at different wavelengths. 

 

Figure 2.8. Example of a coupled MC-PA simulation. (a) Tissue model consisting of a 1 cm diameter 

blood vessel in a layer of fat centred at a depth of 1.5 cm. (b) MC simulation of optical energy deposition 

from wide-beam laser source at 800 nm. (c) Velocity potential recorded by detector shown in (a) and 

(b). (d) PA pressure recorded by detector shown in (a) and (b). 

The effects of acoustic attenuation on 𝑝(𝑡) and −𝛷𝑣(𝑡) are accounted for using equation 2.18. 

Figure 2.9 shows the effect of acoustic attenuation on the PA signal amplitude for an acoustic 

attenuation coefficient of 0.75 dB/cm/MHz, showing that the PA signal amplitude falls by 

approximately 50% for a tissue depth of 1 cm. 



26 

 

 

Figure 2.9. Acoustic attenuation factor with depth for an acoustic attenuation coefficient of 0.75 

dB/cm/MHz. 

 

2.10 Vevo LAZR PAI system. 

 

The PA imaging system used throughout this thesis was the Vevo® LAZR PA imaging system 

[45–47] (VisualSonics Inc.), the schematic of which is shown in figure 2.10. The system 

employed a linear-array PA probe design containing 256 acoustic transducer elements with a 

given central detection frequency. Two such probes with either a 21 MHz or 40 MHz central 

frequency were used, depending on the application. The 21 MHz probe had a bandwidth of 

52.4% and a transducer element area of 3 mm x 23.4 mm, while the 40 MHz probe had a 

bandwidth of 55% and a transducer element area of 3 mm x 14 mm. The spatial resolution of 

each probe was 165 μm and 75 μm, and 90 μm and 44 μm, for the lateral and axial resolutions, 

for the 21 MHz and 40 MHz probes, respectively. 
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Figure 2.10. (Left) Schematic of PA system showing laser source, signal processing procedure, and 

linear-array PA probe (viewed from elevational direction). (Right) View of the PA probe head (enclosed 

by dashed box on left) showing crossed laser beam geometry (lateral direction). 

Pulsed laser light was delivered through two planar light bars situated on either side of the 

transducer array, as shown in figure 2.10. The beam focal distance was 7 mm and the beam 

angle was 30° with respect to the imaging plane for both the 21 MHz and 40 MHz probes, 

respectively. Figure 2.11 shows an example of the 21 MHz probe illuminating a scattering 

medium, showing diffusion of the light beam. The laser-source setup is shown in figure 2.12, 

which consisted of a flashlamp pumped Q-switched ND:YAG laser (20 Hz repetition rate) 

operating at 1064 nm directed into a second-harmonic generator (SHG) to produce 532 nm 

light that was subsequently used to pump an optical parametric oscillator (OPO, Opotek Inc.), 

tunable in the wavelength range of 680-970 nm in steps of 1 nm. The laser light was then 

coupled to the PA probe with an optical fibre bundle. 
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Figure 2.11. Photo of the 21 MHz PA probe illuminating a scattering medium (polystyrene insulation) 

showing diffusion of the light beam in the lateral (left) and elevation (right) directions. 

For each laser pulse, the PA signals were captured on a single quadrant of the linear-array 

consisting of 64 transducer elements. Once all four quadrants were acquired, the full dataset 

was beamformed to form a PA image using a delay-and-sum back projection algorithm and 

displayed on an imaging station. Since 4 laser pulses were required to produce a single PA 

image, the system frame rate was 5 frames per second. 

The linear-array probe design allowed for the inherent ceregistration of US and PA images that 

can be displayed in real time, combining the structural imaging capabilities of US with the 

molecular contrast of PA imaging. To generate 3D images, the linear-array probe was 

translated across a stepper motor at a given step size to acquire 2D images which can be 

combined to give a 3D volume. To ensure coupling to the PA probe to the tissue surface, either 

US gel or water was used as the coupling medium, depending on the application. 
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Figure 2.12. Laser-source setup, consisting of a flashlamp pumped Q-switched ND:YAG laser 

operating at 1064 nm directed into the SHG where 532 nm light was produced via frequency doubling. 

The SHG output was then used to pump the OPO which was tunable in the wavelength range of 680-

970 nm. The laser power was measured with an energy meter to ensure the laser energy pulse did not 

exceed the ANSI standard of 20 mJ/cm2. The laser output ports, marked 1, 2, 3, provided 1064 nm light 

for port 1, the OPO output for port 2, and green 532 nm light for port 3. The laser output source could 

be changed by manually coupling the probe fibre optical cable to either port. The system configuration 

allowed for spectroscopic scans to be taken across the OPO output range in steps of 1 nm. 
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Chapter 3: Fluence-corrected venous blood oxygen 

saturation measurement using arterial fluence calibration. 

 

3.1 Importance of blood oxygenation measurements: motivation 

 

Measurement of blood oxygen saturation provides an important physiological indicator of 

cardiovascular function and the efficiency of the oxygen delivery system. Ensuring an adequate 

supply of oxygen to the tissues and organs is vital to ensure their function, as hypoxia, the 

deprivation of an adequate supply of oxygen to biological tissues, can cause irreversible 

damage to the highly aerobic tissues of the brain and heart in a matter of minutes, which can 

result in cardiac arrest, brain damage, and death [48–51]. 

In the human body, blood is circulated via the circulatory system (figure 3.1), carrying oxygen 

and nutrients to and waste materials away from the tissues and organs. The haemoglobin 

molecule is the primary transporter of oxygen in the blood, with around 98.5% of oxygen being 

chemically bound to haemoglobin in arterial blood [52], with the remainder being dissolved in 

the other blood liquids. Haemoglobin is contained in the red blood cells (erythrocytes), and 

accounts for 96% of red blood cells dry content and around 35% of total blood content 

(including water) [53]. Each haemoglobin molecule is capable of binding up to four oxygen 

molecules (𝑂2) to its heme receptors [50]. When haemoglobin is fully bound with oxygen, it is 

known as oxyhaemoglobin, and when it is fully unbound it is known as deoxyhaemoglobin. 

Oxyhaemoglobin is formed in the pulmonary capillaries in the alveoli of the lungs during 

respiration. The oxygen is transported through the blood stream to the tissues where it is used 

to fuel metabolism in cells. The capillaries are the primary site of oxygen and nutrient transfer 

to the cells, where they can diffuse thorough the thin vessel walls to the surrounding interstitial 

fluid and subsequently to the intracellular space where they are utilised in metabolism, 

primarily in the cellular mitochondria [54]. Afterwards, the by-products of cellular metabolism 

(carbon dioxide, lactic acid, urea etc.) are removed by the capillaries in the same process. As a 

result, each cell must be located within 100 𝜇𝑚 of a given capillary to survive, a distance 

known as the oxygen diffusion limit [55]. 
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Figure 3.1. Blood vessels of the microcirculation. Arterioles extend out from arteries and transition to 

capillaries. The capillaries convey blood from the arterioles to the venules and are the smallest blood 

vessels in the body (diameter ≈ 5-10 µm), with vessel walls that are one endothelial cell thick. The thin 

walls and small diameter of capillaries allow for the exchange of nutrients such as oxygen, water, and 

glucose, and waste products such as carbon dioxide, with the surrounding interstitial fluid. Cells are 

typically located within 100 µm from a capillary, a distance known as the oxygen diffusion limit [55]. 

The capillary beds then drain into venules and then to veins. 

Blood oxygen saturation, 𝑠𝑂2, is defined as the percentage ratio of oxygen saturated 

haemoglobin to total haemoglobin (oxyhaemoglobin + deoxyhaemoglobin) in the blood. The 

human body regulates 𝑠𝑂2 at a very precise level, depending on metabolic activity. Normal 

arterial oxygen saturation, 𝑠𝑂2
𝐴, is in the range of 95%-100% [48]. If it falls below 90% it is 

considered dangerous and can lead to hypoxaemia (insufficient oxygen in arterial blood). If 

𝑠𝑂2
𝐴 falls below 80% it can result in serious complications to the heart and brain function that 

can lead to cardiac or respiratory arrest. 𝑠𝑂2
𝐴 is widely assessed clinically using pulse oximetry 

[56–58] (figure 3.2). Pulse oximetry is a NIR spectroscopy technique that employs time-gated 

measurements to distinguish the pulsatile signal from arteries to make 𝑠𝑂2
𝐴 measurements. The 

main drawback of pulse oximetry is that it is a single point measurement that is only sensitive 

to arterial blood and lacks spatial resolution. However, it remains the most clinically used 

method due to its portability and ease of measurement. 
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Figure 3.2. Schematic of a pulse oximeter. The pulse oximeter revolutionised modern medicine with 

its ability to noninvasively and transcutaneously measure 𝑠𝑂2
𝐴. Pulse oximetry is a NIR spectroscopic 

technique that takes advantage of the spectrally distinct absorption profiles of oxy- and 

deoxyhaemoglobin to quantify 𝑠𝑂2
𝐴. Pulse oximeters employ a pair of small light-emitting diodes 

(LEDs) facing a photo sensor through a translucent part of the patient’s body, usually a fingertip or 

earlobe. The wavelength pair of 660 nm and 940 nm is typically used as the optical absorption difference 

between oxy- and deoxyhaemoglobin differs significantly at these wavelengths. The sensitivity of pulse 

oximetry to arterial blood only is based on photoplethysmography (PPG) - the principle that the degree 

of optical absorption varies due to the cardiac induced changes in blood volume. The arterial blood 

volume reaches a maximum during systole and reaches a minimum during diastole. In contrast, the 

blood volume in the capillary beds, veins, and surrounding tissues remains relatively constant. This 

allows the time-varying portion of the detected signal to be isolated, allowing the oxygenation level of 

the arterial compartment to be quantified. 

Hypoxia [59] is a condition in which biological tissue is deprived of a sufficient supply of 

oxygen and can be classified as general or local. Hypoxia can result from a variety of conditions 

which limit the delivery of oxygen to the cells. This can be caused by a decrease in the partial 

pressure of oxygen (limiting the oxygen-binding ability of haemoglobin), problems with 

breathing rhythm and oxygen diffusion, deficiency in the availability of haemoglobin, and 

blood flow problems in the peripheral tissues. Ischemia [60], a restriction of blood flow to a 

tissue, can also cause hypoxia, which is known as ischemic hypoxia, and can be caused by an 

embolic event, a myocardial infarction that causes a reduction in blood flow, or trauma to the 

tissue that results in damage. 

Measurement of the oxygenation level in blood and tissue is of major importance for the 

diagnosis and management of many life-threatening illnesses such as cancer, peripheral 

vascular disease, sepsis, and shock. 

Cerebral oxygenation monitoring is of vital importance during neurosurgery as the brain relies 

on a carefully regulated and continuous supply of oxygen to maintain its function. If cerebral 

oxygen supply is sufficiently compromised, loss of consciousness can occur within seconds 

and serious neuronal damage can result in as little as 3-4 minutes [61]. A reduction in tissue 

oxygenation is indicative of diseased states such as cerebral ischemia, hypoxia, and brain 

tumours. Cerebral oxygenation measurements can be used to monitor neuronal function and 

brain haemodynamics in response to external stimuli. In intensive care patients with traumatic 

brain injuries, monitoring of cerebral haemodynamics and venous blood oxygenation is used 
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to detect and minimise additional brain injuries due to secondary mechanisms such as cerebral 

ischemia, cerebral oedema, hypoxemia, and hypotension [62]. 

Knowledge of 𝑠𝑂2
𝐴 and venous blood oxygen saturation, 𝑠𝑂2

𝑉, in the same biological system 

provides a measure of tissue oxygen extraction [63], which can determine metabolic rate and 

monitor haemodynamic changes. Oxygen extraction can be monitored on a whole-body or 

peripheral level. Peripheral venous oxygenation measurements have clinical and physiological 

significance as lower 𝑠𝑂2
𝑉 values can indicate ischemia, where a reduction in blood flow results 

in a higher utilisation of oxygen in the body, or circulatory system dysfunction. The monitoring 

of oxygen consumption in the limbs and extremities provides information on the adequacy of 

local blood perfusion and can aid in establishing the severity of shock or cardiac failure, in 

which blood flow is diverted from the peripheral tissues to more vital organs. 

Cerebral oxygen consumption or extraction [63–66] is defined as the difference between the 

measured cerebral venous and arterial oxygen saturations and is a vital parameter for 

monitoring brain tissue health during neurosurgery and for managing intensive care patients at 

risk from neurological collapse. The conventional (and gold standard) method for measurement 

of global cerebral 𝑠𝑂2
𝑉 is central venous catheterisation [65–69], requiring the insertion of a 

catheter into the jugular bulb of the internal jugular vein. Continuous monitoring of cerebral 

𝑠𝑂2
𝑉 allows for the detection of a drop in blood oxygen level that can worsen clinical outcomes. 

𝑠𝑂2
𝑉 values that drop below 50% require immediate medical intervention and are associated 

with a poor prognosis in traumatic brain injury patients and can result in secondary brain insult, 

permanent disability, and death. Although central venous catheterisation provides valuable 

information that guides treatment, it is a highly invasive procedure that carries considerable 

risk, such as bleeding, carotid artery puncture, and infection. As a result, cerebral 𝑠𝑂2
𝑉 is 

frequently not monitored. In contrast to the routine use and ease of pulse oximetry to monitor 

arterial blood oxygenation, no accepted method for noninvasively monitoring 𝑠𝑂2
𝑉 is currently 

available [70]. 

Tissue oxygenation measurements can be used for the detection of cancerous tumours through 

the detection of hypoxia [71–76] and an increase in haemoglobin concentration associated with 

pathological angiogenesis [77–80]. Angiogenesis is the physiological process through which 

new vasculature is formed and is a vital and normal process in biological growth and 

development. However, it is also a fundamental mechanism in the growth of tumours and in 

their transition from a benign state to a malignant one. Tumours depend on a functioning 
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vascular system to provide oxygen and other essential nutrients. Blood vessel growth in 

tumours derives from an abnormal increase in the secretion of pro-angiogenic growth factors 

and proteins from tumour cells. The resulting vasculature is highly chaotic and disorganised, 

giving rise to a heterogenous delivery of oxygen and nutrients due to variations in blood 

perfusion level and oxygen consumption, resulting in avascular regions leading to hypoxia. A 

major driving force behind the development of noninvasive optical imaging technologies using 

endogenous contrast for cancer detection has been the observed local increase in haemoglobin 

concentration in malignant tumours, which results in an estimated 4-fold increase in imaging 

contrast compared with normal tissues [81]. 

Hypoxia has been found to adversely affect the effectiveness of cancer treatment with radio 

and chemotherapy [72,82–84]. Breast malignancies have been shown to have a lower median 

𝑠𝑂2 level than the healthy breast, and tumour oxygenation levels have been shown to be an 

indicator of the effectiveness of neoadjuvant chemotherapy [85–88]. Numerous studies have 

linked tumour oxygenation levels to tumour characteristics. The extent of hypoxia has been 

linked with tumour aggressiveness and potential to metastasise [89–92]. These findings 

demonstrate that a priori knowledge of tumour oxygenation status can provide important 

information for diagnostic and therapeutic decision making. 

Monitoring for hypoxia in peripheral tissues is also critical for the management of peripheral 

vascular disease [93–96], which commonly occurs as a result of diabetes mellitus and 

hypertension, as hypoxia can lead to severe limb dysfunction and necrosis and eventual 

amputation of the limb [97,98]. In addition, noninvasive measurements of tissue oxygenation 

level could yield important information to guide treatment and predict the extent of surgery or 

amputation required. 

 

3.2 Currently available techniques for measuring blood oxygenation  

 

Due its importance, various imaging technologies have been employed to noninvasively 

measure tissue oxygenation level, with each having their own advantages and disadvantages. 

Diffuse optical methods like near infrared spectroscopy (NIRS) [99,100] and diffuse optical 

tomography (DOT) [81,101,102] measure diffusely reflected light at multiple wavelengths and 
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calculate relative haemoglobin concentration using the well-established differences between 

the specific optical absorption profiles of oxy- and deoxyhaemoglobin (figure 2.2) in the NIR 

spectral region. However, while they both provide high endogenous optical contrast, the spatial 

resolution of NIRS and DOT is severely degraded owing to the strong optical scattering in 

biological tissues. The poor spatial resolution of diffuse optical methods thus limits their 

potential applications for measuring dynamic and functional parameters of biological tissue, 

e.g. differentiating heterogeneities in tumour oxygenation. 

Magnetic resonance imaging (MRI) has been used to measure tissue oxygenation through the 

blood oxygen level-dependent (BOLD) effect [103–106], which takes advantage of the fact 

that the change from diamagnetic oxyhaemoglobin to paramagnetic deoxyhaemoglobin that 

takes place with neuronal activation results in a decreased intensity of the magnetic resonance 

signal. BOLD MRI is preferred over other functional MRI techniques as no intravenous 

contrast medium is required. While BOLD MRI can achieve high spatial resolution 

(approaching 1 mm3), it is only sensitive to deoxyhaemoglobin (giving only relative 

assessments of 𝑠𝑂2) and struggles to distinguish between haemodynamic changes and changes 

in oxygenation level. Its poor signal-to-noise ratio (SNR) also limits its sensitivity. Both of 

these factors limit its application for longitudinal studies which track changes in oxygenation 

status in tissue e.g. in cancerous tumours before and after treatment. 

Positron emission tomography (PET) [107–109] and single photon emission computed 

tomography (SPECT) [110–112] can also quantify oxygenation level, however, they require 

the use of exogenous contrast agents. PET and SPECT are nuclear medicine functional imaging 

techniques that detect gamma rays emitted from ionising radioligands injected intravenously 

on a biologically active radioactive tracer. The radiotracer is carried throughout the body by 

the vasculature system where it accumulates in a targeted tissue. The resulting radioactive 

isotope decay in the ligand can then be detected by the PET and SPECT sensors. Diagnostic 

and functional information can be obtained through the selection of an appropriate tracer whose 

properties can be tuned to bind it to a certain type of tissue, e.g. malignant tumour detection is 

possible through the use of radiopharmaceuticals that bind to cancer cells, where the higher 

ligand concentration is detected. Tumour hypoxia can be similarly detected by imaging the 

increased uptake of radioactive exogenous hypoxic biomarkers, which are sensitive to tissue 

hypoxia at the cellular level. Additionally, tracers targeted to 𝑂2 and 𝐶𝑂2 can be used to 

estimate tissue oxygen extraction. PET and SPECT image quality is therefore dependent on the 

efficiency of the local vascular system to deliver an adequate concentration of tracer, which 
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can be inadequate in malignant tumours due to the abnormal vasculature microenvironment. 

Moreover, the maximum permissible radiation dose restricts the amount of radioactive tracer 

that can be administered. Additional drawbacks include the limited spatial resolution offered 

by these modalities, high scan time, and cost. 

Electron paramagnetic resonance imaging [113–116] (EPRI) can provide quantitative images 

of 𝑠𝑂2. EPRI is analogous to MRI in that images are formed with the application of gradient 

magnetic fields; however, it is electron spins in molecules with unpaired electrons that are 

excited rather than the spins of atomic nuclei. Tissue oxygenation can be measured with the 

use of specially designed reagents, or spin probes, that bind to molecular oxygen. The generated 

EPRI spectra can then give information about the tissue oxygenation level. Since radicals do 

not naturally occur in high concentrations in biology, potentially toxic free-radical contrast 

agents are required. EPRI holds potential for spatially resolving hypoxic regions in tumours 

and studying vascular conditions, however, it offers limited spatial resolution. 

 

3.3 Quantification blood oxygen saturation with PA imaging 

 

Multiwavelength PAI can extract functional information from tissue and quantify chromophore 

concentrations [117–120]. The functional measurement capability allows PAI to measure 𝑠𝑂2, 

oxygen consumption, monitor for diseased states such as hypoxia and anaemia, and to detect 

cancerous tumours through the detection of hypoxia associated with abnormal vascular growth. 

The PA signal amplitude is proportional to the absorption coefficient of blood, which is in turn 

sensitive to the concentrations of oxy- and deoxyhaemoglobin (equation 2.24). By monitoring 

at two or more optical wavelengths, 𝑠𝑂2 and total haemoglobin concentration can be measured. 

If quantitative measurements are made in each voxel, PAI can create parametric maps showing 

the spatial distribution of 𝑠𝑂2 and haemoglobin concentration in tissue, which can show 

hypoxic regions, as shown in figure 3.3. 
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Figure 3.3. 2D and 3D parametric 𝑠𝑂2 images. (a) Coupled 2D B-mode US and PA 𝑠𝑂2 scan of a 

tumour on the hindlimb of a mouse obtained using a linear PA quantification algorithm at two 

wavelengths (750 and 850 nm). (b) Coupled 3D US and PA sO2 scan of the tumour volume. Image 

reproduced from [121] with permission. 

The conventional or linear approach for making quantitative measurements of 𝑠𝑂2 assumes 

that the received PA signal 𝑆(𝜆, 𝒓) at wavelength 𝜆 from a given voxel at position 𝒓 is linearly 

proportional to the absorption coefficient, i.e., that it is independent of the local optical fluence. 

This can be expressed as 

𝑆(𝜆, 𝒓) = 𝐾𝜇𝑎(𝜆), 3.1 

where 𝐾 is the system dependent response, which depends on the detector sensitivity and 

geometry, the incident fluence, acoustic attenuation, and Г. Assuming that blood is the 

dominant absorbing compound in the wavelength range under study, equation 3.1 can be 

written in terms of the haemoglobin concentrations 𝑐𝐻𝑏𝑂2
 and 𝑐𝐻𝑏 as 

𝑆(𝜆, 𝒓) = 𝐾(휀𝐻𝑏𝑂2
(𝜆)𝑐𝐻𝑏𝑂2

+  휀𝐻𝑏(𝜆)𝑐𝐻𝑏). 3.2 

If scans are taken at multiple wavelengths, a system of linear equations is obtained that can be 

solved by the method of linear least squares as 
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[
𝑐𝐻𝑏𝑂2

𝑐𝐻𝑏
] = (𝑀𝑇 𝑀)−1𝑀𝑇Ф(𝜆, 𝒓), 3.3 

where 
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and 𝑛 is the number of wavelengths measured at. 𝑠𝑂2 can be solved for by inserting the 

determined values of 𝑐𝐻𝑏𝑂2
 and 𝑐𝐻𝑏 into equation 2.22. 

The main limitation of equation 3.2 is that it assumes that the local optical fluence remains 

constant over 𝜆, a condition that is unrealistic in biological tissues. In reality, the local optical 

fluence is nonlinear and varies according to the wavelength-dependent optical attenuation that 

occurs as the light propagates through tissue. The degree of optical attenuation is dependent on 

the concentration of absorbers and scatterers and on the pathlength the light travels. Therefore, 

in order to accurately quantify 𝑠𝑂2, wavelength-dependent variations in local optical fluence 

must be accounted for. 

Accounting for heterogeneities in optical fluence at the measuring site is a longstanding 

problem in quantitative PAI [122]. Many methods of correcting for optical fluence variations 

have been proposed, with each having various advantages and disadvantages. However, none 

have been adopted as a standard technique. 

The most common method involves constructing a PA forward model that relates the measured 

PA amplitude spectrum, 𝑆(𝜆, 𝒓), to a theoretical PA model that incorporates a model of optical 

transport describing the fluence distribution, 𝜙(𝜆, 𝒓), as 

𝑆(𝜆, 𝒓) = 𝐾𝜇𝑎(𝜆, 𝒓)𝜙(𝜆, 𝒓), 3.5 

where 𝜇𝑎(𝜆, 𝒓) is the absorption coefficient at the voxel at position 𝒓. 𝜙(𝜆, 𝒓) estimates the 

local optical fluence in a multilayer or homogenous tissue, depending on the model used. It is 

expressed in terms of the optical properties of the surrounding media and accounts for the 

wavelength-dependent optical attenuation effects encountered as the light travels. The forward 

model is inverted and the right-hand-side of equation 3.5 is iteratively fitted to the left-hand-

side by varying the model input parameters until the differences between the model and the 
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measured data are minimised. The values of the fitted parameters that correspond to the best 

fit are then assumed to be the “true” values. The model input parameters can include the 

concentrations of absorbing chromophores in the surrounding tissues (e.g. oxy- and 

deoxyhaemoglobin, melanin etc.), scattering scaling factors, and 𝐾. In many cases, the 

scattering properties of the tissue are assumed a priori before minimisation. After 

minimisation, 𝜙(𝜆, 𝒓) is assumed to be accounted for and fluence-corrected measurements of 

𝑠𝑂2 can be made. 

Many different optical transport models have been used to account for wavelength dependent 

changes in the local fluence at the measuring site. Maslov et al [123] and Zhang et al [124] 

employed a 1D modified form of the Beer–Lambert law based on optical diffusion to account 

for fluence attenuation effects in a multilayer rat skin model in vivo. The model was iteratively 

fitted to the PA amplitude spectrum of a spectrally neutral black film inserted underneath the 

rat skin to yield the blood volume fraction and 𝑠𝑂2 in the dermis. The fitted parameters were 

then used in the same model to make fluence corrected measurements of 𝑠𝑂2 in arteries and 

veins at other imaging sites. However, since this method relies on an invasive procedure to 

optically characterise the skin, it is not desirable. Kim et al [125] also used the same optical 

model on mice, however, the optical properties were assumed a priori from literature data, 

which is not practical as optical properties vary from animal to animal and depend on 

melanosome concentration, blood concentration (prefusion level), and oxygenation level. 

Laufer et al [126] employed a similar 1D model that incorporated the so-called delta-Eddington 

approximation of the diffusion equation that increases the model accuracy close to the tissue 

surface to measure 𝑠𝑂2 on in vitro blood samples with high accuracy. 

Laufer et al [127,128] also employed a more comprehensive 2D finite element method (FEM) 

diffusion-based model to simulate optical transport in a scattering and absorbing media. The 

optical model was coupled with a time-domain acoustic model based on equation 2.13 that 

simulated the PA signal generation from the absorbed energy distribution. The forward model 

was then inverted and iteratively fitted to experimental PA measurements to recover absolute 

chromophore concentrations in a tissue phantom composed of a mixture of chromophores in 

tubes suspended in a homogenous scattering medium. The target geometry used in the FEM 

grid space was obtained beforehand from the locations of absorbing objects from the 

reconstructed PA images. The same method was also used in [129] to yield in vivo 

measurements of absolute 𝑠𝑂2 and 𝑐𝐻𝑏𝑇 in the digital blood vessels of the human finger, as 
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well as in the extravascular tissue, which matched reasonably well with literature reported 

values for same. The main drawback of this method is the considerable computation time (up 

to 2 hours) required for model inversion, as well as the time taken to setup the spatial geometry 

of the FEM grid. 

So-called calibration-free methods that eliminate optical fluence effects by mathematical 

cancellation using two wavelengths have also been employed. 

Xia et al [130] induced a systemic change in the 𝑠𝑂2 in a rat brain model in vivo to cancel the 

fluence dependency on the measured PA signal amplitude at two wavelengths. Changes in the 

𝑠𝑂2 state were induced by varying the oxygen level in the inhalation gas. This method assumes 

that the local fluence at the measuring site is unaffected by the induced 𝑠𝑂2 change, which is 

unrealistic for systemic 𝑠𝑂2 changes and if the surrounding tissue is highly perfused. 

Additionally, the requirement of an induced oxygenation change imposes an additional burden. 

Guo et al [131] used the acoustic frequency spectrum of the detected PA signals from multiple 

wavelengths to correct for fluence variation effects on 𝑠𝑂2 measurements. Mathematically, 

based on the system linearity assumption, the received PA signal amplitude spectrum, 𝑆(𝜔, 𝜆), 

can be expressed as 

𝑆(𝜔, 𝜆) = 𝜙(𝜆)𝑂(𝜔, 𝜆)𝑎(𝜔)𝐻(𝜔), 3.6 

where 𝜔 is the acoustic angular frequency, 𝜙(𝜆) is the optical fluence at the target (e.g. a blood 

vessel) at wavelength 𝜆, 𝑂(𝜔, 𝜆) is the “real” frequency spectrum of the target of interest 

measured with unit fluence, 𝑎(𝜔) is the frequency dependent acoustic attenuation, and 𝐻(𝜔) 

is the system dependent response function. For imaging at two wavelengths under the same 

conditions and with the same imaging system, the last two terms in equation 3.6 can be 

cancelled, allowing for system dependent and acoustic effects to be eliminated. When using 

optical-resolution PA microscopy (OR-PAM), in which the incident light is focused onto the 

imaging point using an objective lens, the method approximates the surface of “large” blood 

vessels (> 30 μm in diameter) as roughly flat. The light fluence inside the blood vessel is then 

described by the Beer–Lambert law for a homogenous optically absorbing medium in which 

scattering is neglected, and 𝜙𝐼(𝑡) is expressed as 

𝜙𝐼(𝑡) = Г𝜇𝑎 exp(−𝜇𝑎𝑐𝑡). 3.7 

For PA signals at two optical wavelengths 𝜆1 and 𝜆2, the ratio is written as 
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𝑆1(𝜔, 𝜆1)

𝑆2(𝜔, 𝜆2)
=

𝜙𝐼(𝜆1)𝑂1(𝜔, 𝜆1)𝑎(𝜔)𝐻(𝜔)

𝜙𝐼(𝜆2)𝑂2(𝜔, 𝜆2)𝑎(𝜔)𝐻(𝜔)
=

𝜙𝐼(𝜆1)√(𝜔/𝜇𝑎2)
2 + 𝑐2

𝜙𝐼(𝜆2)√(𝜔/𝜇𝑎1)2 + 𝑐2
 

3.8 

where 𝑂(𝜔) is the Fourier transform of equation 3.7. The right-hand-side of equation 3.8 is 

then fitted to the ratio of the measured PA frequency spectra on the left-hand-side, and the 

absorption coefficients 𝜇𝑎1 and 𝜇𝑎2 and the fluence ratio 𝜙𝐼(𝜆1)/𝜙𝐼(𝜆2) are obtained, from 

which fluence corrected measurements of 𝑠𝑂2 can be obtained. The main drawback of this 

method is the assumption that small blood vessels can be approximated as flat surfaces, which 

is unrealistic in practice. Additionally, it is limited to the penetration depth of OR-PAM. 

 

3.4 Fluence-corrected venous blood oxygen saturation measurement 

using arterial fluence calibration. 

 

3.4.1 Method overview 

 

In this thesis, a method of correcting measured PA spectra for the effects of wavelength-

dependent optical fluence attenuation using the method of arterial fluence calibration is 

proposed. The method involves using arteries as an intrinsic optical calibration standard by 

using the known arterial blood oxygen saturation, 𝑠𝑂2
𝐴, measured with a pulse oximeter. The 

measured 𝑠𝑂2
𝐴 value is used to calculate the arterial absorption coefficient, 𝜇𝑎

𝐴 (assuming a 

normal haemoglobin concentration in blood of 150 g/L [18]). With 𝜇𝑎
𝐴 known, the arterial 

fluence spectrum, 𝜙𝐴(𝜆), can be calculated from the measured arterial PA spectrum, 𝑆𝐴(𝜆), by 

rewriting equation 3.5 as: 

𝜙𝐴(𝜆) =
𝑆𝐴(𝜆)

𝐾𝜇𝑎
𝐴(𝜆)

. 
3.9 

To evaluate 𝜙𝐴(𝜆), and thus formulate a forward model of arterial fluence, an analytic 

expression based on the Beer–Lambert law is used. The model, written for a multilayered 

tissue, composed of an epidermis, dermis, and subcutaneous fat layer, is written as: 
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𝜙𝐴(𝜆) = 𝜙0(𝜆) exp (−𝑧𝐸√3𝜇𝑎
𝐸(𝜆)(𝜇𝑠

′𝑆(𝜆) +  𝜇𝑎
𝐸(𝜆))  

− 𝑧𝐷√3𝜇𝑎
𝐷(𝜆)(𝜇𝑠

′𝑆(𝜆) +  𝜇𝑎
𝐷(𝜆))  − 𝑧𝐹√3𝜇𝑎

𝐹(𝜆)(𝜇𝑠
′𝐹(𝜆) +  𝜇𝑎

𝐹(𝜆)) ), 

 

3.10 

where 𝜙0(𝜆) is the surface fluence, 𝑧𝐸, 𝑧𝐷, and 𝑧𝐹 are the vertically measured thicknesses, and 

𝜇𝑎
𝐸(𝜆), 𝜇𝑎

𝐷(𝜆), and 𝜇𝑎
𝐹(𝜆) are the absorption coefficients, of the epidermis, dermis, and 

subcutaneous fat, respectively, and 𝜇𝑠
′𝑆(𝜆) and 𝜇𝑠

′𝐹(𝜆) are the reduced scattering coefficients 

of the skin (averaged epidermis and dermis) and fat, respectively. The absorption coefficients 

𝜇𝑎
𝐸(𝜆), 𝜇𝑎

𝐷(𝜆), and 𝜇𝑎
𝐹(𝜆) are given by: 

𝜇𝑎
𝐸(𝜆) = 𝑐𝑚 ∙ 𝜇𝑎.𝑚(𝜆), 

𝜇𝑎
𝐷(𝜆) = 𝑐𝑏

𝐷(𝑠𝑂2
𝐷 ∙ 𝜇𝑎.𝐻𝑏𝑂2

(𝜆) + (1 − 𝑠𝑂2
𝐷) ∙ 𝜇𝑎.𝐻𝑏(𝜆)) + 𝑐𝑤

𝐷 ∙ 𝜇𝑎.𝐻2𝑂(𝜆), 

𝜇𝑎
𝐹(𝜆) = 𝑐𝑏

𝐹(𝑠𝑂2
𝐹 ∙ 𝜇𝑎.𝐻𝑏𝑂2

(𝜆) + (1 − 𝑠𝑂2
𝐹) ∙ 𝜇𝑎.𝐻𝑏(𝜆)) + 𝑐𝑤

𝐹 ∙ 𝜇𝑎.𝐻2𝑂(𝜆), 

3.11 

3.12 

3.13 

where 𝜇𝑎.𝑚(𝜆) and 𝑐𝑚 are the absorption coefficient and volume fraction of melanosome in 

the epidermis, respectively, 𝑐𝑏
𝐷 and 𝑐𝑏

𝐹 are the blood volume fractions, 𝑠𝑂2
𝐷 and 𝑠𝑂2

𝐹 are the 

blood oxygen saturations, and 𝑐𝑤
𝐷 and 𝑐𝑤

𝐹  are the water volume fractions, in the dermis and fat 

layers, respectively, and 𝜇𝑎.𝐻𝑏𝑂2
(𝜆), 𝜇𝑎.𝐻𝑏(𝜆) and 𝜇𝑎.𝐻2𝑂(𝜆) are the absorption coefficients of 

oxy- and deoxyhaemoglobin, and water, respectively. The reduced scattering coefficients, in 

the in vivo case, 𝜇𝑠
′𝑆(𝜆) and 𝜇𝑠

′𝐹(𝜆), are given by the following empirical formulas [34]: 

𝜇𝑠
′𝑆(𝜆) = 1.1 × 1012𝜆−4 + 73.7−0.22, 3.14 

𝜇𝑠
′𝐹(𝜆) = 1050.6𝜆−0.68. 3.15 

Although simplified, the optical model in equation 6 has been shown to give a reasonable 

approximation for optical fluence in multilayered tissues in in vivo and phantom experiments 

at depths greater than a few optical mean free paths (~1 mm) [2,123–126]. To implement the 

arterial fluence calibration procedure, equation 3.10 is iteratively fitted to the right-hand side 

of equation 3.9 by varying the model input parameters, 𝐾, 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹, and 𝑠𝑂2

𝐹, until the 

following least squared error is minimised: 

∑ (
𝑆𝐴(𝜆)

𝐾𝜇𝑎
𝐴(𝜆)

− 𝜙𝐴(𝜆, 𝐾, 𝑐𝑀, 𝑐𝑏
𝐷 , 𝑠𝑂2

𝐷 , 𝑐𝑏
𝐹 , 𝑠𝑂2

𝐹))

2

,
𝑁

 

 

3.16 
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where 𝑁 is the number of measurement wavelengths. The uncertainty of the fitted parameters 

is given by: 

𝑢𝑝 = √𝑣𝑎𝑟(𝑋) = (𝐻𝑇𝐻)−1𝜎𝑝⎼𝑝
2 , 3.17 

where 𝑋 is a vector of the model input parameters, 𝑣𝑎𝑟 is the variance, 𝐻 is the sensitivity 

matrix, which is composed of the derivative of the model with respect to the input parameters, 

and 𝜎𝑝⎼𝑝
2  is the standard deviation of the peak-to-peak PA signal variation, taken from multiple 

measurements [127,128]. 

With the values of 𝐾, 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹, and 𝑠𝑂2

𝐹 determined, the fluence model 𝜙𝐴(𝜆) is 

assumed to be calibrated, allowing for the fluence spectra to be evaluated at other tissue 

locations (with the model being updated for any changes in the values of 𝑧𝐸, 𝑧𝐷, and 𝑧𝐹 that 

occur), and used to correct measured PA spectra for the effects of spectral fluence attenuation. 

In this thesis, the calibrated arterial fluence model is used to correct the measured PA spectra 

from targeted subcutaneous veins, 𝑆𝑉(𝜆), to make fluence-corrected measurements of venous 

blood oxygen saturation, 𝑠𝑂2
𝑉. The measured venous PA signal is given by 

𝑆𝑉(𝜆) = 𝐾𝜇𝑎
𝑉(𝜆)𝜙𝐴(𝜆), 3.18 

where 𝜇𝑎
𝑉(𝜆) is the venous absorption coefficient (given by equation 2.21). 𝑆𝑉(𝜆) is divided by 

𝜙𝐴(𝜆) to correct for spectral fluence variations and fitted to 𝜇𝑎
𝑉(𝜆) to yield concentrations of 

venous oxy- and deoxyhaemoglobin, 𝑐𝐻𝑏𝑂2
 and 𝑐𝐻𝑏. Fluence-corrected 𝑠𝑂2

𝑉 is then calculated 

using equation 2.22. 

When calibrating 𝜙𝐴(𝜆), the distance between the target artery and the vein where 𝑠𝑂2
𝑉 is 

measured should be kept to a minimum to ensure similar values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹, and 𝑠𝑂2

𝐹 

between measurement sites. Arteries can be distinguished from veins on time-resolved PA 

images by observation of the arterial pulse. Moreover, since arterial oxygenation level is 

largely systemic owing to capillaries being the primary site of oxygen diffusion to the tissues 

and cells, any artery or arteriole that can be resolved on a PA image can potentially be used for 

calibration. 

In this thesis, the proposed method is tested using coupled MC and PA simulations, on tissue-

mimicking phantoms, and in vivo on the vasculature in the human forearm. The fluence-

corrected 𝑠𝑂2
𝑉 are compared with the known values and the values determined using the linear 
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method. The error in the determined parameters is given by the fractional difference between 

the determined values and the known values. 

 

3.5 Methodology 

 

3.5.1 Coupled MC-PA simulations 

 

To initially test the proposed method on a well-controlled data set, coupled MC-PA simulations 

were carried out. Two tissue models were used, a singlelayer model and a multilayer model, 

each containing a vein and artery running parallel to the tissue surface. The structure of each 

model is shown in figure 3.4. The singlelayer model consisted of a vein and artery in a 

homogenous layer of fat, and the multilayered model consisted of a vein and artery in a 

multilayered tissue composed of an epidermis, dermis, and subcutaneous fat layer. The 

dimensions of both models were 2.8 cm x 2.8 cm x 1.4 cm in the x, y, and z directions, 

respectively, and the bin size was 0.01 cm, giving 10,976,000 bins in total. The epidermis and 

dermis thicknesses were 0.02 cm 0.2 cm, respectively. The blood vessels were centred at a 

depth of 0.6 cm and the vessel diameters were 0.3 cm for both tissue models. The blood vessel 

diameters were given a relatively large value to reduce discretisation errors associated with 

cubic voxels which resulted in unnecessary noise on the generated PA signals. The optical 

absorption and reduced scattering coefficients for each tissue type are shown in figure 3.5 (a) 

and (b), respectively, while the values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹, and 𝑠𝑂2

𝐹, used in the tissue layers, 

are given in table 3.1. 
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Figure 3.4. Tissue models used in MC-PA simulations, showing (a) the singlelayer model and (b) the 

multilayer model in the xz plane (y=0). Time resolved PA signals were recorded from point detectors 

placed on the surface of each model directly above the center of the vein and artery, respectively. 

 

Figure 3.5. (a) Optical absorption and (b) reduced scattering coefficients of the tissue types in figure 

3.4 (including water). The scattering properties of venous and arterial blood, and fat, are the same. 

Optical properties are based on data from [26]. 

Table 3.1. Values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹, and 𝑠𝑂2

𝐹, used in the tissue models in figure 3.4. 
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MC simulations were carried out on each model at 19 wavelengths spaced in the 680-970 nm 

wavelength range for the 𝑠𝑂2
𝐴 − 𝑠𝑂2

𝑉 pairs of 15%-97%, 35%-97%, 55%-97%, and 75%-97%. 

The wavelength range of 680 to 970 nm was chosen to match the wavelength range of the PA 

system used in the phantom and in vivo sections. Within this range, simulations were carried 

out in 20 nm steps from 690 to 970 nm, as well as at 680, 755, and 760 nm, where haemoglobin 

has a large sensitivity to oxygen, and also at the haemoglobin isosbestic point of 800 nm. An 

example MC simulation result on the multilayer model is shown in figure 3.6, showing the 

optical fluence distribution in the xz and yz planes (panels (a) and (b)) and the distribution of 

optical energy deposition in the 𝑥𝑧 plane (panel (c)). The illumination profile in the xy plane 

is shown in panel (d), which was a rectangular light beam to mimic the rectangular light beam 

of the LZ250 PA probe. Simulations were carried out for 25 minutes for each wavelength on a 

3.2 GHz processor computer, which averaged 1.2 x 106 photons for each wavelength. 

 

Figure 3.6. MC simulation results on the multilayer model at 800 nm. (a) and (b), optical fluence 

distribution in the xz (y=0) and yz (x=0) planes, respectively. (c) Optical energy deposition in the xz 

plane (y=0), showing high absorption in the blood vessels compared to the surrounding fat layer. (d) 

Optical fluence distribution in the xy plane (z=0), showing the rectangular-beam illumination profile. 
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After each MC simulation was completed, the time resolved PA signal generated from the 3D 

map of absorbed energy was recorded by a pair of surface detectors (shown in figure 3.4), using 

the method outlined in section 2.9. For the PA simulations, the speed of sound and the acoustic 

attenuation coefficient were 1500 m/s and 0.75 dB/cm/MHz, respectively. An example set of 

PA signals plotted against tissue depth recorded by the detectors over the vein and artery at 680 

nm are shown in figure 3.7. The difference in the peak PA amplitude between the venous and 

arterial PA signals can be observed at a depth of ≈ 0.45 cm, caused by the different 𝑠𝑂2 levels. 

The tissue parameters to be fitted for in the arterial fluence calibration procedure were 𝑐𝑏
𝐹 and 

𝑠𝑂2
𝐹 for the singlelayer model and 𝑐𝑀, 𝑐𝑏

𝐷, 𝑠𝑂2
𝐷, 𝑐𝑏

𝐹, and 𝑠𝑂2
𝐹 for the multilayer model. In 

addition, the scattering properties were assumed to be known a priori before applying the 

method. 

 

Figure 3.7. PA signals plotted against tissue depth for detectors placed over the vein and artery, 

respectively, for the singlelayer model at 680 nm and with 𝑠𝑂2
𝑉 = 55% and 𝑠𝑂2

𝐴 = 97%. The relative 

difference in PA signal amplitude for the blood vessels can be observed at ≈ 0.45 cm, caused by the 

different oxygenation levels. A secondary set of peaks caused by the blood vessel furthest away from 

each detector can be observed at ≈ 1.25 cm, with a reduced PA amplitude caused by the angular 

sensitivity of the detector and acoustic attenuation. 

 

3.5.2 Phantom experiments 

 

Phantom experiments were performed on tissue-mimicking phantoms composed of 

polystyrene microspheres and NIR absorbing dyes embedded in an agar background, to 

simulate optical scattering and absorption, respectively. The phantom structure is shown in 
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figure 3.8 a, and consisted of two tubes, representing a vein and an artery, embedded in a two-

layered cubic volume with dimensions of 8 x 8 x 3 cm (x,y,z). The two layers, termed the upper 

and lower layers, respectively, represented a skin layer and a lower subcutaneous layer, with 

the upper layer having an approximate thickness of 0.2 cm. The tubes were made from clear 

silicon rubber, with an inner diameter of 0.05 cm and an outer diameter of 0.07 cm, and placed 

in the lower layer at a depth of approximately 0.4 cm from the surface and separated by a 

distance of 1 cm. 

 

Figure 3.8. (a) Schematic of phantom structure. (b) Mass extinction coefficients of the 740, 780, and 

832 nm dyes (휀740, 휀780, 휀832), and scattering efficiency (dimensionless) of polystyrene microspheres 

contained in the upper and lower layers. 

To simulate blood vessels with varying 𝑠𝑂2 levels, the tubes were filled with distilled water 

containing different concentrations of two NIR absorbing dyes with distinct optical absorption 

peaks in the NIR. The dyes (American Dye Source Inc.) had absorption peaks at 740 nm and 

832 nm, respectively, as shown in figure 3.8 b. The dye concentration ratio, 𝑅𝑑𝑦𝑒, was defined 

analogous to 𝑠𝑂2 as 

𝑅𝑑𝑦𝑒 =
𝑐832

𝑐832 + 𝑐740
× 100, 3.19 

where 𝑐740 and 𝑐832 are the concentrations of the 740 nm dye and 832 nm dye, respectively. 

The absorption spectra of the dye mixture is therefore a linear combination of the absorption 

spectra of the individual dyes. 

Phantoms were made with 𝑅𝑑𝑦𝑒 values of 0%, 25.1%, 55.2%, 74.2% and 87.9% for the venous 

tube, while the 𝑅𝑑𝑦𝑒 value of the arterial tube was kept constant at 100% for each case. The 

dye mixtures for different 𝑅𝑑𝑦𝑒 values are shown in figure 3.9. The total dye concentration 
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(𝑐832 + 𝑐740) was 0.031 g/L for each 𝑅𝑑𝑦𝑒 value, which was calculated to give a peak 

absorption coefficient of 15 cm-1 for the 0% 𝑅𝑑𝑦𝑒 tube, to simulate biologically realistic levels 

found in the NIR wavelength region. 

 

Figure 3.9. Dye mixtures for various 𝑅𝑑𝑦𝑒 values. 

The surrounding tissue layers were composed of a 2% agar-water background containing 

polystyrene microspheres (Bangs laboratories Inc.) at a concentration of 3.79 x 1010 L-1, which 

was calculated to give a scattering coefficient of 70 cm-1 at 680 nm. The scattering coefficient 

was calculated with 

µ𝑠(𝜆) = 𝜌𝑠𝛼𝑠(𝜆), 3.20 

where 𝜌𝑠 is the microsphere concentration, and 𝛼𝑠(𝜆) is the scattering efficiency (shown in 

figure 2 b), which was calculated using Mie theory [132] (n = 1.58). To account for optical 

absorption, a 0.021 g/L concentration of a 780 nm peaked dye (figure 3.8 (b)), 𝑐780
𝑈 , was added 

to the upper layer to yield a peak absorption coefficient of 15 cm-1. This was done to simulate 

a highly absorbing skin layer. A 2.0 x 10-4 g/L concentration of the 832 nm dye, 𝑐832
𝐿 , was also 

added to the lower layer to simulate a background absorption with an absorption peak of 0.1 

cm-1. When applying the method, the 𝑅𝑑𝑦𝑒 value of the arterial tube was assumed to be known 

and the parameters to be solved for in the arterial calibration procedure were 𝑐780
𝑈  and 𝑐832

𝐿 . In 

addition, the scattering properties were assumed to be known a priori. 

The phantom manufacture process [133] consisted of heating distilled water to a temperature 

of 95°C whereupon 2% agar (Sigma Aldrich) was added under continuous stirring. The 

solution was allowed to cool to 40°C whereupon the polystyrene microspheres and absorbing 

dye were added. The solution was then poured into a 3D-printed phantom mould with the tubes 

in place and allowed to set for 24 hours, which created the lower layer. A clear plastic film (≈ 
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10 μm in thickness) was then placed on the surface to prevent bleeding and the upper layer was 

added using the same process. Figure 3.10 shows the phantom at different stages of 

manufacture in the 3D mould. 

 

Figure 3.10. Tissue phantoms in 3D-printed phantom moulds at different stages of manufacture, in (a) 

with the lower layer added, and (b) with the upper layer added. The clear silicon tubing can be seen 

protruding from the mould wall in (a) and (b), as well as the plastic film separating the layers. 

PA scans were taken of each phantom with a 256-element linear-array probe (LZ250, 

VisualSonics Inc.) with a 21 MHz central detection frequency (bandwidth 52.4%), and a lateral 

and axial resolution of 165 μm and 75 μm, respectively. The scanning setup is shown in figure 

3.11. The probe contained two rectangular light bars situated on either side of the transducer 

array that focused light into the sample at a distance of ≈ 6 mm. The laser light source consisted 

of tunable optical parametric oscillator (OPO, 680 to 970 nm, Opotek Inc.) driven by a 

frequency-doubled Nd:YAG laser (1064 nm, 20 Hz repetition rate) that was coupled to the 

probe via a fibre bundle. A 6 mm thick US gel pad (Aquaflex®, Parker Laboratories Inc.) was 

placed on the probe head to ensure the beam focal point was on the phantom surface and also 

to ensure reverberation artefacts were pushed below the region of interest on the PA images. 

The PA probe was aligned so that the imaging plane was perpendicular to the direction of the 

tubes, and multiwavelength PA scans were acquired on each phantom across the OPO 

wavelength range of 680-970 nm in steps of 10 nm. The spectral energy variation of the laser 

was recorded with an energy meter and was used to account for laser energy variation effects 

on the measured PA spectra. 
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Figure 3.11. Scanning setup used for tissue phantom scans (gel pad attachment not shown). 

 

3.5.3 In vivo experiments 

 

The proposed method was tested in vivo on the superficial vasculature of the ventral (inner) 

aspect of the human wrist on a healthy male volunteer (32-year-old light skinned Caucasian, 

skin type I-II). The scan region is shown outlined in figure 3.12. The volunteer’s arm was 

placed in a water bath at room temperature to provide acoustic coupling and the 21 MHz PA 

probe was placed on the scan region.  Multiwavelength PA scans were then taken across the 

OPO range of 680-970 nm in steps of 5 nm. A higher wavelength resolution was used in the in 

vivo case compared to the phantom study to better capture the oxyhaemoglobin peak at ≈ 755 

nm, which has a high sensitivity to oxygen. During PA scanning, a pulse oximeter was 

connected to the finger on the opposite hand to monitor 𝑠𝑂2
𝐴. In addition, the volunteer was 

required to wear laser safety goggles which blocked light in the 680–970 nm wavelength range 

under study. 

 

Figure 3.12. Scan region on ventral aspect of the wrist. 



52 

 

The ventral aspect of the wrist was chosen to test the method in vivo as it is a relatively flat 

region that contains superficial veins and arteries in close proximity that could be easily 

resolved with our PAI system. An artery in the scan region was identified for fluence calibration 

through observation of the arterial pulse on B-mode US. An attempt was made to identify 

arteries with colour Doppler US by detecting their opposite direction of flow to veins, however, 

it was found to lack the required spatial resolution. The method was then applied to make 𝑠𝑂2
𝑉 

measurements on three targeted subcutaneous veins. The targeted blood vessels were all 

located beyond 1 mm in depth where light becomes diffuse. After PA scanning, an intravenous 

catheter was inserted under sterile conditions into a superficial vein on the wrist above the scan 

region and a blood sample (≈ 10 ml) was collected in a heparinised syringe. The 𝑠𝑂2
𝑉 of the 

sample was measured with a blood gas analyser and used as a representative value to which 

the PA measured 𝑠𝑂2
𝑉 was compared. In addition, a correction for acoustic attenuation was 

applied to each targeted blood vessel using an assumed acoustic attenuation coefficient of 0.75 

dB cm-1 MHz-1 [6]. 

 

3.6 Results and discussion 

 

3.6.1 Coupled Monte Carlo and PA simulation results 

 

An example set of PA amplitude spectra from the vein and artery from the singlelayer model 

for each simulated 𝑠𝑂2
𝑉 and 𝑠𝑂2

𝐴 value are shown in figure 3.13. 
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Figure 3.13. Peak PA amplitude spectra from the vein and artery from the singlelayer model for each 

simulated 𝑠𝑂2
𝑉  and 𝑠𝑂2

𝐴 value. The error bars represent the standard deviation of points from repeated 

simulations. 

Table 3.2 shows the average PA determined values of 𝑐𝑏
𝐹 and 𝑠𝑂2

𝐹 from the arterial fluence 

calibration procedure on the singlelayer model, as well as their respective errors and 

uncertainties. The results show reasonably good agreement with the known values of 0.002 and 

0.75 (table 3.1), however, both 𝑐𝑏
𝐹 and 𝑠𝑂2

𝐹 were overestimated by a factor of 0.3 and 0.083, 

respectively. 

Table 3.2. Average values of 𝑐𝑏
𝐹 and 𝑠𝑂2

𝐹 obtained from the arterial fluence calibration procedure for 

each simulation on the singlelayer model, as well as the corresponding average error and uncertainty. 

 

Table 3.3. Average values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹 and 𝑠𝑂2

𝐹 obtained from the arterial fluence calibration 

procedure for each simulation on the multilayer model, as well as the corresponding average error and 

uncertainty for each parameter. 
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The average values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹 and 𝑠𝑂2

𝐹, obtained from the arterial fluence calibration 

procedure on the multilayer model are shown in table 3.3, as well as their respective average 

error and uncertainties. The determined values show reasonable over all agreement with the 

known values, however, similarly to the singlelayer model, there is a tendency of the model to 

overestimate chromophore concentrations in each layer. This is particularly pronounced for 𝑐𝑏
𝐷 

and 𝑐𝑏
𝐹, which are overestimated by an order of magnitude by a factor of 6.0 and 1.32, 

respectively. The primary reason for the overestimation is due to the one-dimensional nature 

of the optical model used, as opposed to the MC simulation, which models optical transport in 

three dimensions. Optical attenuation therefore occurs at a higher rate in the MC simulation 

and the model input parameters are overestimated in the fitting procedure to account for this. 

The uncertainty in the determined parameters in tables 3.2 and 3.3 show reasonable sensitivity 

to each parameter and were found to not have a significant variation for different arterial and 

venous 𝑠𝑂2 pairs. 

 

Figure 3.14. Fluence-corrected and uncorrected 𝑠𝑂2
𝑉 values plotted against the known values for the 

singlelayer model. 
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Figure 3.14 shows the fluence-corrected 𝑠𝑂2
𝑉 values plotted against the known values for the 

singlelayer model, as well as uncorrected 𝑠𝑂2
𝑉 values determined using the linear method. It 

can be seen that the fluence-corrected 𝑠𝑂2
𝑉 values increase linearly with the known values and 

have very good qualitative agreement, with the average absolute error being less than 7% across 

the whole 𝑠𝑂2
𝑉 range. This is in contrast to the uncorrected values, which have an average error 

of 50%, mainly caused by the disproportionate overestimation of 𝑠𝑂2
𝑉 for lower values. The 

disproportionate overestimation is caused by optical attenuation in the fat layer, which scatters 

light more strongly at lower wavelengths. This results in a comparatively lower fluence in the 

680-800 nm wavelength region, which pushes the shape of venous PA spectrum closer to that 

of oxyhaemoglobin, causing the overestimation. The optical absorption by blood in the fat 

layer, which has an 𝑠𝑂2 value of 75%, serves to counteract this effect by absorbing 

comparatively more beyond 800 nm, however, the scattering effect still dominates owing to its 

higher magnitude. 

 

Figure 3.15. Fluence-corrected and uncorrected 𝑠𝑂2
𝑉 values plotted against the known values for the 

multilayer model. 

The fluence-corrected 𝑠𝑂2
𝑉 values for the multilayered model are shown plotted against the 

known values in figure 3.15, as well as the values determined using the linear method. The 

fluence-corrected 𝑠𝑂2
𝑉 values show good quantitative agreement with the known values, with 

the average error being 2.7% across the whole 𝑠𝑂2
𝑉 range. This is in contrast to the uncorrected 

values, which have an average error of 81%, mainly caused by the disproportionate 

overestimation of 𝑠𝑂2
𝑉 for lower values. The increased overestimation at lower wavelengths 

compared to the singlelayer case can be explained by considering the optical effects caused by 

the addition of the dermis and epidermis. Optical scattering in the epidermis, dermis, and fat 
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layers is higher at lower wavelengths (680-800 nm) compared to longer wavelengths (800-970 

nm), while the same is true for optical absorption by melanin in the epidermis (figure 3.5). 

Concerning the dermis, as is shown in figure 3.5 (b), 𝜇𝑠
′𝐷 is over twice the magnitude of 𝜇𝑠

′𝐹 

across the 680-970 nm wavelength range, with the difference increasing as the wavelength 

tends toward 680 nm. It is this disproportionate increase in 𝜇𝑠
′𝐷 that primarily results in the 

overestimation of 𝑠𝑂2
𝑉 at lower wavelengths, rather than from optical absorption in the 

epidermis, due to the longer pathlength in the dermis. The overall resultant increase in optical 

attenuation in the 680-800 nm region compared with the singlelayer case results in the 

increased overestimation of 𝑠𝑂2
𝑉 at lower wavelengths. The calibrated fluence model, on the 

other hand, can accurately predict the shape of the fluence spectrum at the vein and therefore 

correct 𝑆𝑉(𝜆) for changes in optical fluence. The uncertainty in the values obtained for 𝑠𝑂2
𝑉, 

represented by the error bars in figures 3.14 and 3.15, were found to have no significant 

variation for different 𝑠𝑂2
𝑉 and 𝑠𝑂2

𝐴 pairs, and for both tissue models, although a higher 

uncertainty for the multilayer model could be expected due to the decreased SNR caused by 

the addition of the epidermal and dermal layers. 

 

Figure 3.16. Simulated arterial PA spectra plotted alongside the arterial spectra calculated using the 

calibrated fluence model. 

Figure 3.16 shows the simulated arterial PA spectrum plotted alongside the predicted PA 

spectrum calculated using the calibrated fluence model. The close match demonstrates the 

ability of the model to account for optical fluence attenuation effects from multiple 

chromophores. 
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3.6.2 Phantom results 

 

A PA scan of the phantom taken at 780 nm with 𝑅𝑑𝑦𝑒 values of 0% and 100% for the vein and 

artery, respectively, is shown in figure 3.17 (a), while the average PA amplitude spectra from 

the marked regions in (a) are shown in figure 3.17 (b). The average values of 𝑐780
𝑈  and 𝑐832

L , 

determined from the arterial fluence calibration procedure for all phantoms, are shown in table 

3.4. The results show reasonable agreement with the known values, however, the same 

tendency of the model to overestimate chromophore concentrations is observed, with 𝑐780
𝑈  and 

𝑐832
L  being overestimated by a factor 0.49 and 2.0, respectively. Possible inhomogeneities in 

phantom optical properties caused by microsphere or dye sedimentation during fabrication may 

have contributed to the error. 

 

Figure 3.17. (a) PA scan of a 0%-100% 𝑅𝑑𝑦𝑒 phantom taken at 780 nm, showing the 100% tube (left) 

and 0% dye tube (right), centred at a depth of ≈ 10 mm. The upper layer boundaries can be seen between 

≈ 6-8 mm. (b) Averaged PA amplitude spectra from the two marked regions in (a). 

Table 3.4. Average values of 𝑐780
𝑈  and 𝑐832

𝐿  determined from the arterial fluence calibration procedure 

on each phantom, as well as the corresponding average error and uncertainty. 
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Figure 3.18. Fluence-corrected and uncorrected 𝑅𝑑𝑦𝑒 values plotted against the known values. 

The fluence-corrected and linearly determined venous 𝑅𝑑𝑦𝑒 values are shown plotted against 

the known values in figure 3.18. The fluence-corrected 𝑅𝑑𝑦𝑒 values increase linearly with and 

show good quantitative agreement with the known values, with an average error of 5.6%. This 

is in contrast to the uncorrected 𝑅𝑑𝑦𝑒 values which have an average error of 23.2%, which is 

mainly caused by a disproportionate overestimation of 𝑅𝑑𝑦𝑒 at lower values. As with the MC-

PA simulations, the disproportionate overestimation of 𝑅𝑑𝑦𝑒 for lower values is caused by an 

increased optical scattering at lower wavelengths, but also from the greater overlap of the 

absorption spectrum of the 780 nm dye in the upper layer with the 740 nm peaked dye in the 

tube (figure 3.8 (b)). The resulting optical attenuation disproportionately decreases the amount 

of light reaching the tube at lower wavelengths (< 780 nm) compared with longer wavelengths 

(> 780 nm), resulting in the shape of the PA spectrum being pushed closer to that of the 832 

nm dye. The average uncertainty in the determined 𝑠𝑂2
𝑉 values was 5.3%, which was found to 

have no significant variation for different 𝑠𝑂2
𝑉 levels. 

 

3.6.3 In vivo results 

 

A coregistered PA-US image of the scan region on the wrist is shown in figure 3.19 (a), 

showing the targeted subcutaneous veins marked 1, 2, and 3. A nearby artery in the scan region 

was selected for calibration, which was located approximately 1 cm from the targeted veins. 

The PA amplitude spectra from each vein and artery are shown normalised at 800 nm in figure 

3.19 (b). 
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Figure 3.19. (a) Coregistered PA-US image at 800 nm of the scan region showing the targeted veins 

marked 1, 2, and 3. (b) PA amplitude spectra normalised at 800 nm from veins 1, 2, and 3, as well as 

from the artery used for calibration. 

Table 3.5. Values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹 and 𝑠𝑂2

𝐹 determined from the arterial fluence calibration 

procedure, as well as the corresponding average error and uncertainty for each parameter. 

 

The values of 𝑧𝐸, 𝑧𝐷, and 𝑧𝐹, required as inputs to the forward model, were measured directly 

from the PA-US scans. The epidermal thickness was measured to have a uniform value of 0.120 

mm across the scan region, while the dermis was found to vary slightly with an average value 

of 0.718 ± 0.153 mm. The thickness of the subcutaneous fat layer overhead each blood vessel 

was measured from the lower boundary of the dermis to the top of each vessel, and had values 

of 1.37 mm, 0.478 mm, and 0.299 mm for veins 1, 2, and 3, respectively, and a value of 1.45 

mm for the artery. At the time of scanning, an 𝑠𝑂2
𝐴 value of 97% was measured with pulse 

oximetry. The determined values of 𝑐𝑚, 𝑐𝑏
𝐷, 𝑠𝑂2

𝐷, 𝑐𝑏
𝐹, and 𝑠𝑂2

𝐹 are shown in table 3.5. Since an 

independent measurement of these values was not possible, the determined parameters were 
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compared with the equivalent literature reported values. The 𝑐𝑚 value of 0.049 is possibly high 

compared with the value reported for the same region in skin type I-II individuals of 0.0156 

[18]. The value 𝑐𝑏
𝐷 may also be likewise overestimated compared to the reported values of 

0.002. The values of 𝑐𝑏
𝐹, 𝑠𝑂2

𝐷, and 𝑠𝑂2
𝐹, are, however, underestimated compared with the 

reported value of 0.0076 for 𝑐𝑏
𝐹 and the reported 𝑠𝑂2 value of 0.66-0.75 for whole skin [134]. 

Comparison with literature reported values gives only an indication of the accuracy of each 

parameter, however, the same trend of parameter overestimation observed with the MC-PA 

simulation and phantom studies is likely continued here. 

Table 3.6. Fluence corrected and uncorrected 𝑠𝑂2
𝑉 values determined for veins 1, 2, and 3, as well as 

the corresponding average accuracy and uncertainty. 

 

 

The fluence corrected and linearly determined 𝑠𝑂2
𝑉 values for veins 1, 2, and 3 are given in 

table 3.6. The determined values were compared with the 𝑠𝑂2
𝑉 value of 71.8%, measured from 

blood gas analysis on the extracted blood sample. The fluence-corrected 𝑠𝑂2
𝑉 values for vessels 

1, 2, and 3 of 76.4%, 72.9% and 73.2%, respectively, matched well with the blood gas 

measurement with the average error being 3.3%. The values determined with the linear method 

for the same blood vessels of 83.8%, 79.6% and 80.1%, showed a greater tendency to be 

overestimated, with the average error being 13.0%. Considering the effects of optical 

attenuation, it is expected that deeper blood vessels would tend to have a higher 𝑠𝑂2
𝑉 level due 
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to disproportionate optical attenuation in the 680-800 nm region. However, the 𝑠𝑂2
𝑉 level of 

blood vessel 2 is slightly less than in blood vessel 3, despite it being deeper in the tissue (as 

shown in figure 3.19). It is therefore expected that the 𝑠𝑂2
𝑉 level of blood vessel 2 is in fact 

higher, and that the difference lies within the level of uncertainty. The increased overestimation 

of the linear 𝑠𝑂2
𝑉  values is likely caused by the disproportionate optical attenuation at lower 

wavelengths, as outlined in sections 3.6.1 and 3.6.2. Other possible sources of error include 

movement artefacts which may have corrupted the detected PA spectra, and irregular 

distribution of tissue optical properties which are modelled as bulk optical properties in the 

model. 

Although the magnitude of the fitted parameters determined in the arterial fluence calibration 

procedure differed from the reported values by an order of magnitude for 𝑐𝑚 and 𝑐𝑏
𝐷, the 

calibrated fluence model was found to provide an accurate prediction of the shape of the fluence 

spectrum at the vein, as evidenced by the high accuracy of the determined 𝑠𝑂2
𝑉 values. Accurate 

𝑠𝑂2
𝑉 measurements are possible as any scaling errors caused by limitations of the optical model 

used, which effect the accuracy of absolute chromophore concentrations, are cancelled when 

calculating 𝑠𝑂2
𝑉. The average uncertainty of 7.3% in the determined 𝑠𝑂2

𝑉 values showed 

reasonable sensitivity, however, it was affected by the decreased SNR in the measured PA 

spectra compared to the phantom experiment. 

As mentioned in the previous results sections, one of the main limitations of the method with 

its current implementation is the use of a 1D optical model with which to characterise optical 

fluence, which resulted in an overestimation of tissue chromophores in the arterial fluence 

calibration procedure. This limitation could be corrected in subsequent applications of the 

method by using more complex 3D models. However, general limitations of the method include 

the necessity of applying a pulse oximeter when making a quantitative measurement, the steps 

involved in identifying an artery, and delineating and measuring tissue layer thicknesses, which 

are required as inputs for a multilayered model of optical transport. Despite this, with a fully 

calibrated optical model, the method holds promise for producing fluence-corrected PA images 

that enable quantification at any point within the field of view, and has potential applications 

in clinical situations where accurate 𝑠𝑂2
𝑉 measurements are paramount, such as in cerebral 𝑠𝑂2

𝑉 

monitoring. 

Another issue with the current implementation of the method is the use of semi-empirical 

scattering formulas to describe optical scattering in the skin and subcutaneous fat layers. As 
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was shown in section 3.6.1, optical scattering plays a large role in the corruption of PA spectra 

due to optical fluence attenuation. Calibrating for optical scattering in the in vivo case could 

therefore help improve the accuracy, as semi-empirical scattering functions give only a general 

indication of the scattering properties of real biological tissues. 

 

3.7 Conclusion  

 

A method for correcting measured PA spectra for the effects of spectral fluence attenuation 

based on arterial fluence calibration was proposed. The method involved calibrating a 

multilayer optical fluence model for the concentrations of tissue chromophores by fitting to the 

PA measured optical fluence spectrum of an artery. The calibrated fluence model was used to 

correct measured venous PA spectra for spectral fluence attenuation effects to calculate 

fluence-corrected 𝑠𝑂2
𝑉. The method was demonstrated on simulated, phantom, and in vivo 

experiments. 

The method was found to give a good match between the fluence-corrected and known 𝑠𝑂2
𝑉 

values, despite the tendency of the optical model to overestimate chromophore concentrations 

in the arterial fluence calibration procedure. Chromophore overestimation was primarily 

caused by the limitation of the optical model to account for optical fluence attenuation in three 

dimensions. Accurate 𝑠𝑂2
𝑉 values could be obtained as scaling errors introduced as a result of 

this were cancelled when calculating 𝑠𝑂2
𝑉. The high accuracy of the fluence-corrected 𝑠𝑂2

𝑉 

measurements demonstrates the ability of the calibrated fluence model to predict the shape of 

the optical fluence spectrum at the vein under the influence of optical attenuation from multiple 

chromophores. 

To increase the accuracy of the method in determining absolute chromophore concentrations, 

more complex optical models that can handle 2D or 3D geometries such as FEM methods could 

be employed. The method has application in clinical settings where accurate quantification of 

𝑠𝑂2 is required, such as monitoring cerebral oxygen consumption during surgery, which is 

currently achieved by invasive central venous catheterisation, or in longitudinal preclinical 

research studies where accurate absolute quantification at different study timepoints is 

required.  
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Chapter 4: Preoperative measurement of cutaneous 

melanoma and nevi thickness with photoacoustic imaging. 

 

The following chapter is based on publication [135]. 

 

4.1 Introduction 

 

Melanoma is a tumour that results from the malignant transformation of melanocytes and is the 

most lethal form of skin cancer. Despite accounting for <5% of all skin cancers, it is responsible 

for 75% of skin-cancer-related deaths [136,137]. Early diagnosis and treatment is essential, 

with a 98% survival rate for cases discovered before the tumour metastasizes to the sentinel 

lymph nodes and organs [138]. The histopathologically measured melanoma thickness, known 

as the Breslow thickness, is the most important clinical indicator for melanoma staging, guiding 

treatment, and determining prognosis. 

 

Although the recommended technique for diagnosing cutaneous melanoma is excisional biopsy 

with narrow margins, partial biopsy techniques, such as punch and tangential biopsies, are 

routinely used to diagnose suspect lesions, particularly in cosmetically sensitive areas, with up 

to 27% of melanomas being diagnosed with partial biopsy [139,140]. Partial biopsies are 

associated with an increased risk of inaccurate histopathologic measurement of tumour 

thickness and misdiagnosis, due to undersampling of the primary lesion [141]. Microstaging 

inaccuracies for melanoma have been reported in 16% to 43% of non-excisional biopsy 

techniques [142]. Current guidelines suggest that the most irregular and pigmented part of a 

suspect lesion is the most favourable for biopsy; however, this does not always correspond to 

the most histologically advanced area of the lesion [141,143,144], and thus the full lesion 

thickness may be unavailable to the pathologist. In cases where undersampling occurs, 

surgeons can be faced with a choice of planning a full surgical excision  based on a provisional 

Breslow thickness, in the hope that it represents the thickest portion of the lesion, or to perform 

a repeat biopsy to obtain the full lesion thickness prior to definitive surgery [145]. Thus, a 

preoperative, noninvasive measurement of tumour thickness could guide the surgeon in 
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determining biopsy depth and sample location and could improve patient management and 

eliminate the need for additional biopsies. 

 

Many noninvasive imaging modalities have been used for the in vivo assessment of melanoma 

and benign skin lesions, but many have significant limitations. Dermoscopy [146] is routinely 

used to examine subsurface tumour characteristics and pigmentation and has aided the 

diagnosis of melanoma. However, its penetration depth is limited by optical diffusion, and it 

cannot image beyond the papillary dermis. Other optical imaging methods, such as optical 

coherence tomography [147], confocal microscopy [148,149], and two-photon microscopy 

[150], while providing good contrast and resolution, are likewise depth limited and do not have 

sufficient penetration to determine melanoma depth. Magnetic resonance imaging and positron 

emission tomography [151,152] have been used in the assessment of melanoma, however, they 

have poor resolution in the skin, are expensive, and are not routinely available for clinical 

dermatological imaging. Ultrasound (US) imaging has likewise been used to clinically assess 

cutaneous melanoma. As with photoacoustic imaging (PAI), US image depth and resolution 

are dependent on the frequency of the sound used. Low frequency US systems in the 3-10 MHz 

range are used for sentinel lymph node imaging, while systems in the 20-50 MHz range, 

achieving axial and lateral resolutions greater than 80 μm and 200 μm, respectively, and 

penetration depths of ≈ 3.8 mm, are used for imaging primary lesion architecture with high 

resolution [153]. Higher frequency US systems in the 50-100 MHz range can increase the axial 

and lateral resolutions to ≈ 10 μm and 30 μm, respectively, however, at the expense of 

penetration depth (≈ 1.1 mm), and hence are not suited for imaging lesion depth except in the 

most superficial cases. The main drawback for US imaging for melanoma is it’s poor image 

contrast, as the difference in acoustic impedance between melanoma and the surrounding tissue 

is low [154]. 

 

PAI is a noninvasive biomedical imaging modality which combines the advantages of optical 

and US imaging, namely high optical absorption contrast with high US resolution, for deep 

tissue imaging in the diffusive regime, while minimizing their disadvantages [155]. In PAI, a 

pulsed source of electromagnetic energy, typically a short-pulsed laser, is used to heat 

biological tissue through optical absorption. The resultant thermoelastic expansion generates 

an acoustic wave that can be detected at the tissue surface in the same way as conventional US 

imaging. PAI derives its means of contrast from optical absorption and is thus sensitive to 

endogenous biological absorbers, such as melanin and haemoglobin, allowing it to image 
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melanin distribution within the skin and pigmented skin lesions, as well as their associated 

microvasculature networks [156]. By varying the laser wavelength, PAI can acquire functional 

information such as blood oxygen saturation and haemoglobin concentration measuring 

angiogenesis—a hallmark of cancer [157,158]. Moreover, since US scattering is 2 to 3 orders 

of magnitude weaker in biological tissue than optical scattering, PAI can image beyond the 

optical ballistic regime (∼1 mm in soft tissue) while maintaining high spatial resolution. 

 

Several preclinical studies, employing PAI systems with various scanning configurations, have 

demonstrated its effectiveness in assessing the axial and lateral extent of cutaneous skin lesions, 

including melanoma, and their associated microvasculature [159–161]. PAI systems with 

handheld, linear-array probes are most likely to succeed in clinical applications due to their 

high frame rate, field of view, and ease of application [162,163]. Furthermore, linear-array 

systems allow for the simultaneous coregistration of PA and B-mode US images, which 

combine the optical absorption contrast and functional information of PAI with the structural 

imaging capabilities of US [164]. 

 

In this study, we introduce a high-frequency, handheld linear-array PAI system to the clinic to 

test its feasibility, in terms of ease of application, image quality, scanning time, and accuracy 

in measuring pigmented skin lesion thickness in vivo. To this end, patients with cutaneous 

lesions suspicious for melanoma were recruited to undergo a preoperative PA scan. PA lesion 

thickness measurements were compared with the histologically determined thickness measured 

from resected surgical samples. 

 

4.2 Materials and Methods 

 

After ethical approval from our institutional review board, 27 patients with pigmented 

cutaneous lesions that aroused a clinical suspicion of melanoma were recruited to undergo PAI. 

All patients were informed and gave consent before participation. During scanning, patients 

were required to wear laser safety goggles for protection from laser radiation. 

 

PA scans were conducted using a 41 MHz linear-array PA probe coupled with a tuneable OPO 

(680 to 970 nm) laser source, the details of which are outlined in section 2.10. The transducer-
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array length (14 mm) allowed for the entire section of most lesions to be assessed in a single 

scan. If the lesion diameter was greater than the probe length, however, multiple scans were 

required to capture the full lesion volume. By scanning the linear-array probe along a 1D 

stepper motor, 3D images of skin lesion morphology could be formed by taking a 2D scan at 

regular intervals. The frame density of 3D scans was set to 290 frames per scan length, which 

was varied depending on the lesion diameter. A single 3D scan took ∼3 min to acquire, and 

during scanning the patient was required to keep still to minimise movement artefacts. 

 

The PA probe was coupled to the skin with US gel and scanned laterally across the lesion in 

several scanning directions to assess its full volume. Single-wavelength PA scans were taken 

at 680 nm. Care was taken to ensure that the PA probe was placed perpendicular to the skin 

surface to maximize the amplitude of the detected PA signal. The frame with the deepest 

portion of the lesion was selected, and the maximum lesion thickness was measured from the 

top of the epidermis to the deepest discernible lower boundary. 

 

In addition to single-wavelength PA scans, an imaging technique known as spectral unmixing 

(SU) [165] was employed. SU uses multiwavelength PA scans to produce a PA image that 

maps the spatial distribution of a selected chromophore, in this case melanin and melanin-

containing cells (e.g., melanocytes and basal keratinocytes), by means of their distinct optical 

absorption spectrum within the near-infrared wavelength region. The SU scanning procedure 

consisted of first taking a spectroscopic scan of the most pigmented part of the lesion over the 

wavelength range of 680 to 970 nm in steps of 10 nm, that is used to capture the absorption 

spectrum of melanin, and a second multiwavelength scan where the laser sequentially switched 

between 5 wavelengths (680, 700, 750, 850, and 900 nm). The multiwavelength scan is then 

used to produce a PA image (called an SU image or scan) that exclusively shows pixels which 

match the absorption spectrum of the lesion taken with the fist scan. Since SU separates the 

absorption signature of melanin-containing cells from other endogenous chromophores in the 

tissue, it was hypothesized that it may provide a more accurate measure of lesion thickness. To 

test this, SU thickness measurements were compared with thickness measurements from 

single-wavelength PA scans. Furthermore, SU scans were used to track the extent of lesion 

growth along the epithelium in skin adnexa, such as hair follicles and sweat glands, in cases 

where said measurements were reported by histology. Adnexal depth was measured vertically 

from the lesion surface to the deepest adnexal structure connected to the primary lesion. On 

average, the full SU scanning procedure took ∼7 min. 
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The maximum PA lesion thickness, and the depth of lesion extension in the skin adnexa 

measured with SU, was compared with the histological measurements from resected surgical 

specimens. PA thickness measurements were made blinded to results of the histological 

thickness. Correlation between PA measurements and histological measurements was 

determined by means of the correlation coefficient (CC) obtained from a linear regressive fit. 

The percentage error between the PA measurements and the histological measurements was 

equal to the difference between the PA and histology thickness divided by the histological 

thickness (100×). Two-tailed t-tests were employed to test the statistical significance between 

results. 

 

4.3 Results 

 

A total of 32 pigmented cutaneous lesions were scanned on 27 patients, with histology 

confirming a diagnosis of melanoma in six cases. All patients displayed primary tumours, 

located on the trunk, extremity, head, or neck (lesions immediately adjacent to the eyes were 

excluded due to laser safety risk), without visible ulceration, which allowed application of the 

probe. Benign lesions included compound and intradermal melanocytic nevi (8 and 5, 

respectively), seborrheic keratosis (3), and dysplastic nevi (4), whereas malignant tumours 

included in situ (3) and invasive melanomas (3). Benign lesions were very ill-defined in some 

cases, with lower structural boundaries being invisible in three cases. Melanoma lower 

boundaries were determined in all cases. 

 

On the PA images, lesions boundaries could be clearly distinguished from the surrounding soft 

tissue, with well-demarcated lower boundaries distinguished by high optical absorption. Skin 

layers, such as the epidermis, dermis, and subcutaneous tissue could be identified (figure 4.1). 

Superficial lesions, such as compound nevi and thin seborrheic keratoses, appeared as 

symmetrical masses with well-defined regular borders with no visible presence in the dermis. 

In situ melanomas had more uneven boundaries but were not seen to invade past the basal layer 

of the epidermis, as confirmed by histopathology (figure 4.2(a)). Invasive lesions, such as 

intradermal nevi and invasive melanoma, generally had irregular borders, due to uneven 

proliferations of melanoma cells and melanocytes, and could be distinguished from superficial 
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lesions through growth of the primary lesion through the dermal–epidermal junction (figure 

4.2(d)). SU scans showed the presence of melanin-containing cells extending through skin 

appendages connected to the primary lesion (figure 4.2(g)). 

 

 

 

Figure 4.1. Coregistered PAI image of in situ melanoma on upper left extremity. Handheld linear-array 

based PAI was able to image pigmented lesion and skin architecture with high contrast, speed, and 

resolution. 

 

Figure 4.2. Coregistered linear-array based PAI of melanoma and benign skin lesions. (a) Coregistered 

PAI image of in situ melanoma with a PA depth of 0.3 mm. (b) In situ melanoma on chest. (c) Histology 
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of excised melanoma, with Breslow depth of 0.15 mm. Original magnification ×4. (d) Coregistered PAI 

image of invasive melanoma on back, showing signs of dermal invasion, with a PA depth of 1.85 mm. 

(e) Invasive melanoma on back. (f) Histology after full excision, with a Breslow depth of 1.6 mm and 

Clarke level IV. Original magnification ×4. (g) SU image of dysplastic nevus showing adnexal 

extension, with a PA depth of 0.36 mm and adnexal depth of 1.6 mm. (h) Dysplastic nevus on lower 

left extremity. (i) Histology of excised nevus, with a histological depth of 0.39 mm and adnexal depth 

of 2.08 mm. Original magnification ×4. 

Statistical analysis and plots of in vivo thickness measurements against histological thickness 

are shown in table 4.1 and figure 4.3. In figure 4.3, the slope of the linear fit indicates the 

sensitivity of the imaging system in estimating lesion depth. For PA and SU, the slope was 

found to be >1.1, indicating a tendency to over-estimate lesion thickness. 

 

Table 4.1. CC, median percentage errors, and statistical significance of PAI and SU measurements of 

lesion thickness and adnexal depths, for melanomas and benign lesions. 
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Figure 4.3. Correlation between in vivo measurements of melanomas (black circles) and benign lesions 

(clear circles) and histological measurements from biopsied samples (black line shows 1:1 agreement 

for PAI measurements and histological measurements). (a) Plot of primary lesion thickness measured 

with PAI against histological thickness. (b) Plot of adnexal tumour extension measured with SU against 

histological depths. 

For benign lesions, PAI and SU gave a high correlation with the histological thickness, with a 

CC of 0.98 (P < 0.001) for both. For cases where an in vivo measurement was possible, the 

mean PA thickness was 0.96 mm (range, 0.14 to 2.2 mm), giving a 13.4% error with the 

histological thickness of 0.84 mm (0.12 to 2.05 mm), whereas the mean SU thickness was 0.86 

mm (0.13 to 2.0 mm), with a percentage error of 13.1%. Benign lesions thickness was 

overestimated in 69% of cases. For melanomas, a CC of 0.99 (P < 0.001) was obtained for both 

PAI and SU. The mean percentage error for PA was 22.3%, for a mean PA thickness of 0.58 

mm (0.17 to 1.85 mm) and mean Breslow thickness of 0.47 mm (0.15 to 1.6 mm). For SU, the 

mean percentage error was 22.1%, with a mean thickness of 0.56 mm (0.17 to 1.74 mm). Both 

PA and SU overestimated melanoma thickness in all cases. Adnexal measurements were 

reported in histology for 12 lesions, with SU depth measurement being possible in 10 cases. 

The CC between SU adnexal depth and histology was 0.93 (P < 0.001). Mean histological 

depth was 1.56 mm (0.46 to 2.9 mm) compared with a mean SU depth of 2.15 mm 

(0.47 to 3.6 mm), with a percentage error of 37.8%. Two-tailed t-test analysis yielded no 

statistically significant differences between results for all measurement groups. 

 

3D rendered scans of an in situ melanoma and benign lesion are shown in figure 4.4. 3-D PA 

scans provided a map of the overall lesion architecture, allowing for the thickest point to be 
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identified and correlated to the surface topography, which can be difficult with 2-D images. 

However, in some cases, 3-D scans had to be discarded due to movement artefacts. 

 

 

 

 

Figure 4.4. Rendered 3-D PA images of pigmented skin lesions taken using a stepper motor. (a) Large 

diameter melanoma in situ located on ventral aspect of wrist. (b) 3-D PAI scan (area 14 mm × 235 mm) 

of dashed region in (a) showing complex pigmentation pattern. (c) Compound melanocytic nevus 

located on lower left extremity. (d) 3-D PAI scan (area 4 mm × 4 mm) of lesion in (c). 3-D PA scans 

assessed lesion volume and allowed for the thickest portion to be registered to the surface, which can 

potentially guide incisional biopsy location and depth. 

 

4.4 Discussion 

 

PAI represents a new technique for the in vivo evaluation of melanoma and benign skin lesions 

in dermatology. The main strength of PAI is its ability to image molecular changes at clinically 

significant depths. In this study, we have demonstrated the feasibility of PAI in measuring the 

in vivo depth of pigmented melanocytic nevi and melanomas on patients in the clinic. The use 

of a handheld, linear-array PA probe provided an easily applicable means of imaging the entire 

lesion architecture with high contrast, speed, and resolution. 

 

PAI was found to accurately measure primary lesion thickness, for both melanocytic nevi and 

melanomas, as evidenced by the high CC obtained. In general, PAI, tended to overestimate 

lesion thickness compared with the histologically measured thickness. This was expected, as 
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dehydration of the resected samples in the histological sectioning process results in sample 

shrinkage, which is further compounded by loss of in vivo skin tension [166]. Although care 

was taken to ensure registration of the PAI measurement location with the histological sections 

obtained from biopsy, this cannot be guaranteed and could therefore effect measurement 

correlation. Moreover, unlike histology, handheld B-mode and 3D scans allow for the entire 

lesion volume to be assessed, and the deepest portion to be selected for measurement. 

 

Lower lesion boundaries could not be determined for nevi in three cases, possibly due to strong 

optical attenuation from absorption in highly pigmented lesions or possible suboptimal 

directional placement of the PA probe. 

 

PAI’s ability to image the skin layers and lesion architecture with high contrast enabled it to 

distinguish between invasive and superficial lesions by their penetration through the dermal–

epidermal boundary. Benign intradermal lesions were identified as such in all cases; however, 

epidermal lesions were misread as having a dermal presence in two cases due to irregular 

border profiles. For melanomas, PAI was able to structurally distinguish in situ melanomas 

from invasive melanomas in all cases. In cases where a melanoma diagnosis is made with an 

undersampled biopsy, preoperative knowledge of lesion penetration through the dermal–

epidermal boundary could expedite and inform the treatment process, as this is a critical step 

in the metastatic development of melanoma. 

 

SU had a slightly lower measurement error for primary lesion thickness; however, since the 

contrast ratio between the background tissue and pigmented lesions is high in the NIR, its 

accuracy over single-wavelength PAI at 680 nm was negligible. It is therefore recommended 

that single wavelength PAI is sufficient for imaging lesion lower boundaries. SU was able to 

track lesion extension in skin appendages in most cases and can potentially guide the surgical 

management of adnexal-based malignant tumours [167,168]. However, it had a large 

measurement error due to difficulty ensuring registration between in vivo sections and 

histology, and in the case of hair follicles, melanin presence in hair shaft made it difficult to 

determine where lesion extension ended. 

 

The high correlation between PAI depth measurements and histopathology allows for the 

establishment of a linear depth index [166], which accounts for measurement errors, such as 

shrinkage effects. While PAI is more suited to imaging pigmented melanomas (>90% of cases), 
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it can potentially be used to image amelanotic melanomas as they still contain a low 

concentration of melanin. Our results show that handheld linear-array PAI could help guide 

biopsy depth and sample location, and thus improve staging and diagnostic accuracy and 

prevent the need for additional biopsies. Demonstrating the staging potential of PAI in the 

clinic is important, as it has the potential to diagnose melanoma and other skin cancers with 

the injection of targeted antibodies coupled with PA sensitive contrast agents [169]. While PAI 

shares the same means of detection and associated electronics as US imaging, it can have a 

considerably higher cost if pulsed nanosecond lasers are employed as the excitation source. 

However, it is still relatively inexpensive when compared with PET and MRI. PAI systems 

which employ inexpensive laser diode sources as the excitation means can significantly reduce 

costs, rendering PAI on the same cost level as US imaging [170]. 
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Chapter 5: Photoacoustic imaging of tumour oxygenation 

level in breast cancer and neoadjuvant chemotherapy 

patients. 

 

5.1 Introduction 

 

Breast cancer is the most frequently occurring malignancy in women worldwide and is the 

leading cause of cancer mortality, resulting in up to half a million women dying of the disease 

in 2008 alone [171]. In the United States, breast cancer is the second most common cause of 

death among women after lung cancer [172]. Early detection and accurate diagnosis of breast 

cancer is vital to ensure patient survival, with imaging technologies playing a crucial role. 

Imaging methods for breast cancer detection have made significant advances in recent years, 

however, there currently exists no imaging modality with sufficient sensitivity and specificity 

to enable it to be sufficient for standalone application [173–175]. 

Currently, X-ray mammography is the gold standard for screening asymptomatic women for 

breast cancer and has been shown to decrease mortality [176–178]. In screening, X-ray 

mammography demonstrates an overall sensitivity and specificity of 80% and 90%, 

respectively [19]. However, sensitivity has repeatedly been shown to decrease for younger age 

groups and for denser breasts [179]. The sensitivity of X-ray mammography in dense breasts 

containing a high fraction of fibroglandular tissue, more common in younger women (<50 yr), 

can fall as low as 45%, in comparison to near 100% sensitivity in predominantly fatty breasts, 

more common in older women [179–181]. This decreased sensitivity is caused by the increased 

radiographic absorption of fibrous and glandular breast tissue compared to fat, which obscures 

tumours on X-ray images. In addition, fibroglandular tissue may have similar X-ray absorption 

properties to breast tumours [182,183]. To overcome these limitations, optical imaging 

methods employing lasers are being investigated to detect lesions obscured by overlapping 

breast tissue common in women with dense breasts. X-ray mammography has the additional 

drawbacks of using ionizing radiation and involves painful breast compression during 

scanning. 
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US imaging is usually employed alongside mammography in breast cancer screening and has 

an important role in lesion detection, image-guided biopsy, and lymph node diagnosis 

[184,185]. US images differences in tissue density and can distinguish between a solid tumour 

and fluid filled cysts by the difference in echogenicity. However, it suffers from suboptimal 

sensitivity and specificity in many cases and has poor contrast in soft tissue. In addition, it is 

limited by inter-operator dependence. 

Diffuse optical imaging (DOI) technologies using NIR light have been applied to quantitatively 

characterise the optical absorption and scattering properties of breast tissue in either 

transmission or reflectance modes [186–188]. DOI has reported average levels of haemoglobin 

in malignant tumours to be a factor of two higher than breast parenchyma [189]. The main 

drawback of DOI is its poor spatial resolution owing to the highly scattering nature of tissue in 

the NIR, which can mask heterogenous distributions of blood and obscure tumour morphology 

for all but the largest of tumours. 

MRI can detect the increased microvascular density and haemoglobin concentration associated 

with malignant tumours for high-sensitive imaging of cancer by imaging the extravasation of 

contrast agent from the blood vessels. MRI demonstrates higher sensitivity to breast lesions 

than mammography (at the expense of specificity) and has been explored as an alternative to 

improve diagnostic accuracy in dense breasts [190,191]. The American Cancer Society has 

recommended that MRI be used as an annual screening test for women with a greater than 20% 

risk of breast cancer development in their lifetime [192]. Dynamic contrast enhanced MRI is 

the most widely used MRI technique for breast cancer detection, employing gadolinium-based 

exogenous contrast agents [193]. While it has many advantages, MRIs drawbacks include the 

requirement of exogenous contrast agents, its expense, and the fact that it is not routinely 

available for clinical screening. 

When malignant breast tumours reach approximately 1-2 mm in diameter (≈ 106 cells) the inner 

core can no longer be sustained by nutrient diffusion, resulting in hypoxia [194]. The hypoxia 

causes the increased secretion of pro-angiogenic growth factors from tumour cells such as 

vascular endothelial growth factor, leading to the formation of new microvasculature 

characterised by its chaotic structure and leaky capillaries [195]. The formation of new tumour 

vasculature in this manner is referred to as pathological angiogenesis. The chaotic distribution 

of the new vasculature leads to heterogenous prefusion and avascular regions, resulting in 

further hypoxia. Total haemoglobin concentration has been shown to be higher in malignant 



76 

 

tumours compared with the surrounding healthy breast tissue, which enables their detection 

with optical imaging technologies due to the increased optical contrast [187]. 

Haemoglobin is the primary endogenous biological component that is evaluated by NIR optical 

imaging techniques due to its high optical absorption and tissue concentration. Increased 

haemoglobin concentration at tumour sites has been shown to correlate with abnormal 

angiogenesis and an increase in microvascular density [189], a hallmark of cancer. The 

absorption coefficient of haemoglobin in whole blood (150 g/L) is ≈ 0.62 cm-1 at 756 nm, 

whereas the absorption coefficient of haemoglobin-free breast tissue parenchyma at this 

wavelength has been reported to be much lower, in the range of 0.04-0.05 cm-1, and the reduced 

scattering coefficient of all breast tissue lies in the range of 8 and 12 cm-1 [196]. The average 

breast effective optical attenuation coefficient is therefore in the range of 1.0-1.3 cm-1, which 

is not much greater than the reported range for X-rays at mammographic energies of 0.5-0.8 

cm-1 [196]. However, the optical contrast difference between highly perfused tissues (e.g. a 

malignant tumour) and less perfused tissues (e.g. fat, glandular tissue) is estimated to differ by 

a factor of 4, which is significantly greater than the same contrast difference observed with 

mammographic X-rays. This fact is the basis for the belief that PAI at NIR wavelengths can be 

used to detect breast cancer lesions using nothing more than endogenous contrast associated 

with the increased haemoglobin concentration due to pathological angiogenesis observed in 

tumours. 

In contrast to X-ray mammography, it has been reported that PAI shows no significant 

difference in image contrast between high and low density breasts, which is very promising for 

its application in breasts with a high fraction of radiodense glandular tissue, where the 

sensitivity of X-ray mammography is reduced [197]. In addition, PAI has been shown to have 

a very good to excellent correspondence with MRI for the detection of breast malignancies 

[197]. 

PA imaging of the breast was first proposed in 1994 and since then several breast imaging 

prototypes have been developed [198]. Dedicated PA mammography systems are generally 

designed with a large field of view, with spatial resolution being sacrificed in favour of 

increased penetration depth (up to 5 cm) with the selection of lower central frequency 

transducers (< 2 MHz).  

The laser optoacoustic imaging system (LOIS) for the detection of breast cancer was proposed 

over two decades ago by Oraevsky et al [199], and since then has gone through considerable 
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development. A more recent publication describes a system designed to image a single breast 

in a hemispherical volume using an arc-shaped array of 64 ultrawide-band acoustic transducers 

[200]. The LOIS system schematic is shown in figure 5.1. A Q-switched alexandrite laser (75 

ns, 750 mJ/pulse, 10 Hz) operating at 757 nm irradiates the breast with a 70 mm beam diameter 

incident normal to the imaging plane and a single frame can be captured in the craniocaudal or 

mediolateral projections. The system spatial resolution in the imaging plane on breast phantoms 

was reported to be at least 0.5 mm, a considerable improvement over DOI, however, cross-

plane spatial resolution was relatively poor. 3D images can be acquired by rotating the imaging 

device around the breast; however, cross-plane resolution is relatively poor. 

 

Figure 5.1. Schematic diagram of LOIS optoacoustic imaging system. Reproduced with permission 

from [200]. 

The Twente photoacoustic mamoscope, developed by Manohar et al in 2004 [201,202], 

employed a parallel plate geometry in which a single breast is placed for transmission mode 

imaging. The system schematic diagram is shown in figure 5.2. The detection mechanism 

consisted of a flat high-density ultrasound detector matrix composed of 590 PVDF transducers 

with an individual transducer detection frequency of 0.5 MHz (80% bandwidth). A 1064 nm 

Q-switched Nd:YAG laser (5 ns, 50 mJ/pulse, 10 Hz) with a 16 mm beam diameter served as 

the excitation source. Scans are acquired by translating the light-coupled scanning mechanism 

across the breast, with the total scan time reported to be 20 minutes and a spatial resolution of 

3.5 mm. Clinical studies with this system have shown promising results, with 32 of 33 

measured breast malignancies being imaged with high contrast and good co-localisation with 

conventional breast imaging techniques (X-ray mammography and ultrasonography) [203]. 

The drawbacks of the system include the need for breast compression, long scan time, and the 

limited field of view which prevents whole-breast coverage in a single scan. 
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Recently the Twente photoacoustic mamoscope 2 was introduced, which overcomes the 

limitations of the previous system [204]. The new system employs a tomographic imaging 

configuration which images the breast pendant inside an imaging tank filled with water while 

the woman lies on a bed in the prone position. The imaging tank configuration is depicted in 

figure 5.3. The breast is illuminated with a large laser beam directed at the nipple and through 

nine optical fibre bundles positioned around the breast near the chest wall. The light source 

consisted of a dual laser system comprising an Nd:YAG and an alexandrite Q-switched laser 

operating at 1064 nm and 755 nm, respectively. US signals are detected with 12 arc-shaped 

detection arrays, each curving along the pendant breast. Each array contained 32 

piezocomposite elements with a central frequency of 1 MHz. During scanning, the imaging 

tank rotates in steps around the breast for a tomographic scan. The systems in vivo performance 

was tested on the breasts of two healthy volunteers, with the resulting images showing the 

breast vasculature, breast contour, and nipple anatomy with high optical contrast. The system 

resolution was estimated to be 0.96 mm and 1.06 mm in the elevational and lateral directions, 

respectively. 

 

Figure 5.2. Schematic diagram of the Twente photoacoustic mamoscope showing parallel plate 

geometry. Reproduced from [201] with permission. 
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Figure 5.3. (a) Top view drawing of the imaging tank and (b) photograph of the imaging tank. Figure 

reproduced with permission from [204]. 

Kruger et al [196] developed a PA mammography system employing a hemispherical detection 

aperture in which the breast is placed with the patient lying in the prone position. Water is used 

in the hemispherical cup as the means of acoustic coupling. The hemispherical detection array 

(shown in figure 5.4) contains 512 discrete ultrasonic transducer elements, each having a 2 

MHz central detection frequency and a 70% bandwidth. The excitation source consisted of a 

7-mm beam diameter, pulsed alexandrite laser (75 ns, 300 mJ/pulse, 10 Hz) operating at 756 

nm, and was directed vertically upward through the center of the array and focused on the 

breast with a converging lens with a beam diameter of 60 mm, resulting in a surface fluence of 

10 mJ/cm2 at the beam center. The detection array is scanned in a spiral shape with a radius 

varying from 24 to 96 mm, creating a field of view that can accommodate a wide range of 

breast sizes. Imaging depth was reported to be 53 mm. The system spatial resolution was 

reported at 0.42 mm with a maximum imaging depth of 53 mm. Demonstrations showed the 

system capable of imaging breast vasculature as far as the chest wall, showing promise for 

future clinical applications. 
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Figure 5.4. Drawing of 3D PA mammography system hemispherical detection array mounted on an 

XY translation stage. Reproduced from [196] with permission. 

In recent years NIR optical imaging techniques have been used to monitor neoadjuvant 

chemotherapy response in breast cancer tumours [186,205,206]. Neoadjuvant chemotherapy, 

or preoperative systemic therapy, is in widespread use as a standard treatment for locally 

advanced breast cancer and is used on breast cancer patients with operable tumours prior to 

definitive surgery [207]. One of the main goals of neoadjuvant chemotherapy is to achieve a 

reduction in tumour volume via regression prior to lumpectomy, thereby allowing smaller 

surgeries and less tissue damage, potentially conserving the functional and cosmetic aspect of 

the breast. Another main objective is to combat or reduce the probability of tumour metastases 

prior to either lumpectomy or mastectomy. Patients who display a pathologically complete 

response to neoadjuvant chemotherapy have a higher probability of overall survival and a 

reduction in disease reoccurrence. Unfortunately, however, between 8 and 20% of women with 

locally advanced breast cancer experience no clinical or pathological response despite 

undergoing months of treatment and thus endure toxic side effects with no therapeutic benefit 

[85,86]. It is therefore of critical importance to determine which patients are responding and 

which are not so that alterations to treatment strategy can be made. One way this is achieved is 

by monitoring for non-invasive biomarkers indicative of treatment response that would enable 

physicians to make evidence-based decisions to change treatment to improve therapeutic 

outcome. 

 

Previous neoadjuvant studies with DOI monitoring for pathological complete response in 

breast cancer tumours have shown reductions in concentrations of oxy- and 
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deoxyhaemoglobin, as well as water, within the first week of treatment and continuing until 

definitive surgery [86]. The results indicate a consistent response between different tumour 

types and chemotherapy regimens. A clinical study by Tromberg et al [85] showed that 

functional biomarkers measured with quantitative DOI on the first day after neoadjuvant 

chemotherapy administration correlated with non-responding patients. In the study, 23 patients 

with 24 primary breast cancer tumours in total underwent quantitative DOI to measure absolute 

concentrations of oxy- and deoxyhaemoglobin, water, and lipid in the tumours and normal 

breast tissue. Measurements were made immediately before the start of chemotherapy, 1 day 

after, and at various other timepoints over a 7-day period. The DOI measurements were 

compared with postsurgical pathological response for each patient, where it was observed that: 

1. a statistically significant oxyhaemoglobin flair was observed in partially responding or 

pathologically complete responding tumours on day 1 of treatment. 2. Non-responding patients 

showed no oxyhaemoglobin flair and a subsequent decrease in oxyhaemoglobin concentration 

in tumours on day 1. 3. The observed differential in oxyhaemoglobin concentration was enough 

to distinguish responding from non-responding tumours. The results are shown in figure 5.5. 

represented as oxyhaemoglobin percentage, or sO2 level. The results demonstrate that an early 

indication of non-responding patients is possible on the first day of treatment, potentially 

allowing treatment strategy to be altered and needless patient trauma to be avoided. 

 

 

Figure 5.5. Change in oxygenation level of responding and non-responding tumours on days 1-7. 

Reproduced from [85] with permission. 
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5.2 Materials and methods. 

 

The aim of the study was to investigate the efficacy of handheld linear-array PAI in the 

management of breast cancer in the following areas: 

(a) Image breast lesion morphology. 

(b) Predict tumour malignancy by measuring intratumoural hypoxia. 

(c) Monitor for changes in intratumoural oxygen level post administration of neoadjuvant 

chemotherapy to determine responding from non-responding patients. 

To achieve this, 31 patients with breast lesions suspicious of malignancy were recruited from 

the symptomatic breast unit (SBU) in Galway University Hospital to undergo a PA scan of the 

suspect lesion. Before recruitment, each patient was informed of the nature of the study and 

signed a consent form. Ethical approval for the study was granted by the Clinical Research and 

Ethics Committee of Galway University Hospital. During scanning, the patient and PAI system 

operators were required to wear laser safety goggles that blocked light in the wavelength ranges 

under study. 

The criteria for inclusion in the study were that the patient was (1), over 18 years of age, (2), 

capable of providing written and informed consent, and (3), that the suspect lesion be relatively 

superficial i.e., within 2-3 cm from the skin surface in order to be within the imaging depth 

range of the system. The latter was determined before scanning from physical examination of 

the patient by a breast surgeon and/or from conventional imaging (US or X-ray mammography) 

by a consultant radiologist. 
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Figure 5.6. Vevo® LAZR PAI system setup in the SBU, showing laser cart, computer station, and 

examination table. 

The PAI system setup in the SBU is shown in figure 5.6. The scanning procedure consisted of 

lying the patient in the supine position on the examination table and then applying the linear-

array probe to the breast to take coregistered PA and US scans of the tumour mass and control 

breast (contralateral breast). Each scanning session took approximately 15-20 minutes to 

complete. The tumour mass in the suspect breast was initially located using B-mode US. 

Following this, coregistered PA and US scans were taken of the lesion with single-wavelength 

mode at 800 nm, followed by an sO2 and relative haemoglobin concentration (HbT) scan using 

the in-built algorithm in the Vevo® LAZR system (VisualSonics Inc.). The system algorithm 

employed two wavelengths, 750 nm and 850 nm, to produce parametric maps of absolute sO2 

and relative HbT (figure 3.3), and was based on the following equations developed by Wang 

et al [208]: 

 

𝜇𝑎
𝜆1(𝑟) =

𝑃𝜆1(𝑟)

Г 𝐹𝜆1(𝑟)
, 

 

5.1 

𝜇𝑎
𝜆2(𝑟) =

𝑃𝜆2(𝑟)

Г 𝐹𝜆2(𝑟)
, 5.2 
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𝐻𝑏𝑇(𝑟) =
𝑎1𝜇𝑎

𝜆1(𝑟) − 𝑎2𝜇𝑎
𝜆2(𝑟)

𝑎3
, 

 

5.3 

𝑠𝑂2(𝑟) =
𝑎4𝜇𝑎

𝜆2(𝑟) − 𝑎5𝜇𝑎
𝜆1(𝑟)

𝑎6𝜇𝑎
𝜆1(𝑟) − 𝑎7𝜇𝑎

𝜆2(𝑟)
, 

 

5.4 

where 𝜇𝑎
𝜆1(𝑟)  and 𝜇𝑎

𝜆2(𝑟) are the absorption coefficients, 𝑃𝜆1(𝑟) and 𝑃𝜆2(𝑟) are the peak 

photoacoustic pressures, 𝐹𝜆1(𝑟) and 𝐹𝜆2(𝑟) are the optical fluences, at wavelengths 𝜆1 and 𝜆2 

(750 nm and 850 nm, respectively), and at the voxel at position 𝑟, respectively, and 𝑎1−7 are 

coefficients. As can be seen from equations 5.1 and 5.2, the method assumes a linear 

relationship between optical absorption and the peak photoacoustic amplitude for a given 

voxel, and no correction for optical fluence attenuation of the incident light is made. The system 

allows for the average sO2 and HbT values within a region of tissue defined by the user to be 

calculated. For the choice of wavelength selection, 800 nm was chosen for single wavelength 

scans as here the optical scattering is relatively low while sensitivity to haemoglobin is 

relatively high, while for the sO2 algorithm, 750 nm and 850 nm were used due to the high 

sensitivity of haemoglobin to oxygen at 750 nm and 850 nm, respectively. In addition to 

measuring sO2 and HbT within the tumour (termed the intratumoural space), the same 

measurements were carried out in a region outside the tumour (termed the extratumoural space) 

at the same depth, and in the contralateral breast. The scanning procedure for any patients 

recruited that were scheduled to begin neoadjuvant chemotherapy was to carry out single 

wavelength, sO2, and HbT scans immediately pre-treatment (day -1), and post treatment at days 

1-7. However, follow-up scans post treatment for these patients was not possible due to 

logistical reasons, as will be discussed later. 

Scans were initially carried out using US gel as the acoustic coupling medium, however, in 

most cases the reflection artefact, caused by US wave reverberation between the skin surface 

and the transducer surface, appeared at the tumour depth which caused it to be obscured. To 

correct for this, an ultrasound gel pad (Aquaflex® Ultrasound Gel Pad, Parker Laboratories, 

USA), shaped to fit the probe shape, was placed on the end of the probe (shown in figure 5.7). 
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The gel pad was secured to the probe head with clear plastic film, which was then taped to the 

body of the probe. This allowed for a constant distance between the probe head and the skin 

surface to be maintained and resulted in the reflection artefact being pushed below the imaging 

depth range. 

 

 

Figure 5.7. (Left) PA imaging probe (15 MHz) with US gel pad showing a section of the pad cut out to 

fit the shape of the probe head. (Right) PA probe with Gel pad attached at the head and held in place 

with clear plastic film wrapped over the probe and secured with tape on the body of the probe. 

At the beginning of the study PA scans were carried out using the 21 MHz linear-array probe 

(outlined in section 2.10), which was the lowest frequency probe available at the time. 

However, it was found that the maximum achievable penetration depth (≈ 5 mm) in breast 

tissue in vivo was not sufficient to image superficial breast lesions. Other factors that negatively 

affected image quality at this time included suboptimal laser energy caused by optical 

misalignment when moving the PAI system to the SBU, and the use of US gel as the coupling 

medium instead of the gel pad. In total, 16 patients were scanned with the 21 MHz probe, 

however, due to the above listed reasons, image quality was poor, and it was not possible to 

image lesion morphology. 

To improve image quality, a lower-frequency, prototype 15 MHz probe was acquired from 

VisualSonics Inc. The 15 MHz probe followed the same design as the 21 MHz and 40 MHz 

probes outlined in section 2.10, and had a 5 x 32 mm transducer element array, bandwidth 

range of 8-19 MHz, lateral and axial resolutions of 250 μm and 100 μm, respectively, and a 
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focal depth of 13 mm. When the probe was initially obtained it was found to have severe 

reverberation artefacts caused by the lack of a spectrally neutral acoustic covering on the 

transducer surface. Upon reporting this, the probe was returned to the manufacturer to allow 

for said covering to be added. In addition, to improve the laser pulse energy the system was 

realigned by a laser technician from VisualSonics Inc. With these changes made, image quality 

and penetration depth (≈ 13 mm) improved, and the first PA images of lesion morphology were 

obtained. In total, 15 patients were scanned with the 15 MHz probe, which included 6 benign 

lesions (4 fibroadenomas and 2 cysts), 5 malignant lesions (including 2 neoadjuvant 

chemotherapy patients), and 4 healthy breast patients scanned as a control. For the 2 

neoadjuvant patients scanned, follow-up scans were not possible post administration of 

chemotherapy due logistical reasons, as outlined in section 5.2.3. The data taken from these 

patients was instead added to the malignant tumour group. The mean age of patients scanned 

was 46 with a range of 19-77 years. Since the scans taken with the 21 MHz probe were 

suboptimal, only the scan results from the 15 MHz probe are presented here. 

 

5.3 Results and discussion 

 

5.3.1 Benign lesions 

 

Excisional biopsy confirmed 6 out of the 11 lesions scanned with the 15 MHz probe to be 

benign. This included 4 fibroadenomas and 2 breast cysts. In addition, 4 scans were taken of 

healthy breasts (with no lesions) to establish a baseline sO2 reading for the system, this was 

done to see if any differences in tissue oxygenation level were found between these and the 

control breasts on the suspect lesions. The healthy breast scans were performed on healthy 

women who were consented after screening.  

Of the 6 benign lesions scanned, 3 were found to be too deep to scan (> 1.3 mm in depth), 

which included 1 fibroadenoma and 2 breast cysts. PA absorption contrast was visible on the 

upper surface of each fibroadenoma within the system depth range. The average intratumoural 

sO2 values measured within the 3 fibroadenomas scanned (patients 1-3), as well as in the 
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control breasts, are shown in table 5.1, while the average sO2 within the healthy breast tissue is 

shown in table 5.2 (patients 4-7). 

 Table 5.1. Average sO2 values measured from within the fibroadenomas (intratumoural) and from the 

contralateral breasts (control), for patients 1-3. 

Patient no. Average intratumoural sO2 Average control sO2 

1 68.3 ± 2.1% 66.1 ± 1.9% 

2 65.0 ± 2.0% 69.8 ± 2.1% 

3 70.1 ± 2.1% 66.3 ± 1.8% 

 

Table 5.2. Average sO2 values measured from within healthy breasts for patients 4-7. 

Patient no. Average sO2 

4 70.3 ± 2.4% 

5 67.6 ± 1.1% 

6 65.9 ± 1.7% 

7 69.5 ± 1.4% 

 

An example side-by-side PA and US scan of a fibroadenoma on patient 1 is shown in figure 

5.8. The fibroadenoma can be seen circled as the dark anechogenic region in the US image at 

an image depth of ≈ 21 mm. The surface of the lesion can be seen circled in the corresponding 

PA scan at ≈ 6 mm from the tissue surface. Figure 5.9. shows a parametric sO2 map of the 

fibroadenoma on the same patient. Regions of high tissue oxygenation are indicated in red, 

lower oxygenation in blue, and regions of very low oxygenation in black. The scan shows the 

oxygenation level is approximately constant with depth and no significant difference in sO2 is 
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observed between the intratumoural and extratumoural tissue. The average sO2 level within the 

intratumoural region outlined in figure 5.9 was measured at 68.3 ± 2.1%. For the 3 benign 

lesions scanned thus far, no signs of tumour hypoxia or difference in oxygenation level was 

observed between the intra and extratumoural regions. In addition, no significant difference in 

sO2 was found between the intratumoural regions (mean sO2 = 67.8 ± 2.6%) and the control 

breasts (mean sO2 = 67.4 ± 2.1%). 

 

Figure 5.8. Coregistered US image (left) and PA image (right) of a fibroadenoma (shown marked) at 

an image depth of ≈ 21 mm. The highly absorbing region on the PA image at an image depth of ≈ 27 

mm is an image artefact caused by an air bubble in the gel pad. 

 

Figure 5.9. Coregistered US image (left) and PA image (right) of the fibroadenoma shown in figure 

5.8. The average intratumoural sO2 is measured in the yellow region. 

The sO2 values measured in the 4 healthy breast patients (mean sO2 = 68.3 ± 1.97%) also 

showed no significant difference compared with the values measured in the benign lesions or 

the control breasts. An example sO2 and US scan of a healthy breast patient, patient 4, is shown 

in figure 5.10. The average sO2 in the marked region was measured at 70.3 ± 2.4%. No 

significant variation in sO2 was found between the 4 healthy patients scanned. 
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Figure 5.10. Coregistered US image (left) and parametric sO2 map (right) of a healthy breast patient. 

The average tissue sO2 is measured in the yellow region. 

 

5.3.2. Malignant tumours and NAC patients 

 

In total 5 consenting patients with malignant tumours, as confirmed via excisional biopsy, were 

scanned using the 15 MHz probe. Of the 5 that were scanned, 1 was too deep to be imaged (> 

1.3 mm), while the upper boundary of the tumour morphology on the remaining lesions was 

visible on the PA scans at 800 nm. Two of the 5 patients with malignant tumours were 

scheduled to begin neoadjuvant chemotherapy soon after the scan date, however, due to 

logistical issues caused by the patients undergoing treatment at their regional facilities, it was 

not possible to conduct further PA scans. The sO2 data obtained from these patients was to be 

used as the baseline sO2 measurement in a longitudinal study monitoring sO2 status within the 

tumour post treatment, but since this was not possible, the sO2 data is best interpreted as a sign 

of tumour hypoxia which may indicate malignancy. The average sO2 values measured in the 

intratumoural and extratumoural regions in the same breast, and in the control breast, for the 

malignant tumour patients (patients 8-11) are shown in table 5.3. 
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Table 5.3. Average sO2 values measured from within the tumour (intratumoural), outside the tumour 

in the same breast (extratumoural), and from the contralateral breast (control) for patients 8-11. 

Patient no. Average intratumoural 

sO2 

Average extratumoural 

sO2 

Average 

control sO2 

8 48.3 ± 4.9% 66.1 ± 4.5% 69.8 ± 1.3% 

9 49.3 ± 6.3% 66.2 ± 3.9% 71.5 ± 2.1% 

10 55.5 ± 3.8% 63.3 ± 3.0% 66.7 ± 2.9% 

11 69.6 ± 1.1% 71.1 ± 1.6% NA 

 

Figure 5.11 shows a side-by-side PA and US image of a malignant breast tumour in the 1 

o’clock position, with the tumour region circled. The patient in question (patient 8) was a 48-

year-old woman that was scheduled to begin neoadjuvant chemotherapy soon after scanning. 

The tumour can be seen as the dark, anechogenic region in the US image, at a depth of ≈ 8 mm 

from the tissue surface. A region of high optical contrast at the same depth can be seen on the 

corresponding PA image matching the morphology observed on the US, which is assumed to 

be from the tumour surface. 

 

Figure 5.11. Coregistered US image (left) and PA image (right) of a malignant breast tumour (shown 

marked) in patient 8 at an image depth of ≈ 22 mm. The highly absorbing region on the PA image at an 

image depth of ≈ 27 mm is an image artefact caused by an air bubble in the gel pad. 
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Figure 5.12. Coregistered US image (left) and parametric sO2 map (right) of the same malignant breast 

tumour shown in figure 5.11. The green and yellow regions show the average sO2 and average 

haemoglobin concentrations (relative units) in the intertumoral and extratumoural regions, respectively. 

Figure 5.12 shows a parametric sO2 map of the tumour from the same patient in figure 5.11. 

The average sO2 was measured within the tumour and a region of normal breast tissue at the 

same depth, shown marked in the green and yellow regions in figure 5.12, respectively. A dark 

region of low oxygenation level can be seen outlining the tumour surface in the green region, 

as well as areas within the tumour, which appear lower than the surrounding tissue. The average 

sO2 in the tumour region was measured at 48.3 ± 4.9%, while the average sO2 in the tissue 

outside the tumour was 66.1 ± 4.5%. Additionally, the sO2 in the control breast was as 69.8 ± 

1.3%. The absolute sO2 difference between the intratumoural and extratumoural regions within 

the same breast of 17.9%, and the same difference between the tumour region and the control 

breast of 23.1%, may indicate tumour hypoxia and possible malignancy. The average 

haemoglobin concentration measured in the intratumoural region in figure 5.12 was also 

112.2% greater than in the extratumoural region, which may indicate increased vascular 

density. 

A coregistered PA and US scan of a malignant breast tumour in the 2 o’clock position on a 61-

year-old woman (patient 9), not set to undergo neoadjuvant chemotherapy, is shown in figure 

5.13. The tumour can be seen circled in the US scan as the slightly darker, anechogenic region. 

The corresponding PA image appears to show the tumour surface at an image depth of ≈ 20 

mm, denoted by a region of high optical absorption. Increased PA absorption contrast is also 

visible within the tumour area. Figure 5.14 shows the corresponding sO2 scan of the same 

region. The intratumoural region shows a reduced oxygenation level compared to the rest of 

the breast and is delineated by regions of low oxygenation level on the upper and lower 

boundaries. The average sO2 in the intratumoural region (green area) was measured at 49.3 ± 

6.3%, while the average sO2 was 66.2 ± 3.9% in the extratumoural region (yellow area) at the 
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same depth and 70.1 ± 2.1% in the control breast. The absolute sO2 difference between the 

intra- and extratumoural regions is therefore 16.9%, and 20.8% between the intratumoural 

region and the control, respectively. As in the previous case, the lower oxygenation level in the 

tumour may indicate hypoxia and could indicate tumour malignancy. The average total 

haemoglobin concentration in the intratumoural region was 135.8% greater than in the 

extratumoural region, which may also indicate an increased vascular density. 

 

Figure 5.13. Coregistered US image (left) and PA image (right) of a malignant breast tumour (shown 

marked) in patient 9 at an image depth of ≈ 20 mm. 

 

Figure 5.14. Coregistered US image (left) and parametric sO2 map (right) of the same malignant breast 

tumour shown in figure 5.13. The green and yellow regions show the average sO2 and average 

haemoglobin concentrations (relative units) in the intertumoral and extratumoural regions, respectively. 

Figure 5.15 shows a US and sO2 scan of patient 10, a 50-year-old woman with a malignant 

breast tumour in the 10 o’clock position. The average sO2 was measured at 55.5 ± 3.8% within 

the tumour (green region), 63.3 ± 3.0% in the extratumoural tissue (average of both yellow 

regions in figure 5.15), and 66.7 ± 2.9% in the control breast. Although not as large as in 

patients 1 and 2, the absolute sO2 difference between the intertumoral regions and 

extratumoural and control regions of 7.8% and 11.2%, respectively, may still be evidence of 

tumour hypoxia and malignancy. The dark region at the top of the sO2 scan in figure 5.15 from 
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≈ 14-17 mm, indicating a lack of blood, is likely caused by excessive pressure by the probe on 

the skin surface. Examining the total haemoglobin level in each of the three regions beneath 

provides evidence for this, which shows a 423% increase in relative haemoglobin concentration 

in the extratumoural region on the right-hand-side (region 2) compared with the intratumoural 

region, while the extratumoural region on the left-hand-side (region 3) shows a 20% reduction 

for same. This indicates increased blood prefusion in the areas directly below the dark region 

caused by blood being pushed out of the tissue close to the surface by the application of the 

probe. Care is therefore needed in future scans to avoid applying excessive pressure on the 

probe and any signs of vascular occlusion should be corrected for. 

 

Figure 5.15. Coregistered US image (left) and parametric sO2 map (right) of a malignant breast tumour 

in patient 10. The green and yellow regions show the average sO2 and average haemoglobin 

concentrations (relative units) in the intertumoral and extratumoural regions, respectively 

Figure 5.16 shows the coregistered US and sO2 scan of patient 11, a 41 year-old-woman with 

a malignant tumour in the 1 o’clock position. The sO2 scan shows no discernible difference in 

tissue oxygenation level within the tumour compared with the surrounding tissue. This was 

confirmed by sO2 measurements form the intra- and extratumoural regions of 69.6 ± 1.1% and 

71.1 ± 1.6%, respectively, which show no significant difference in sO2. No data was collected 

from the control breast due to time constraints on the scanning day. Total haemoglobin 

concentration in the tumour region was found to be 26% less than in the intratumoural region, 

which may indicate a decreased vascular density in this part of the tumour. 
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Figure 5.16. Coregistered US image (left) and parametric sO2 map (right) of a malignant breast tumour 

in patient 11. The green and yellow regions show the average sO2 and average haemoglobin 

concentrations (relative units) in the intertumoral and extratumoural regions, respectively. 

Of the 4 malignant tumours where sO2 measurements were possible, 3 showed possible 

evidence of tumour hypoxia indicating malignancy, while 1 did not. The results of the study 

thus far show that diagnosis of tumour malignancy with handheld linear-array PAI may be 

possible for superficial breast lesions that meet the study criteria. However, thus far the number 

of patients scanned with the 15 MHz probe is low and additional data is needed for a more 

robust validation.  

Given that the sO2 algorithm employed by the system does not account for optical fluence 

attention effects on the measured PA signal amplitude, the absolute sO2 values may have 

questionable accuracy, especially in deep tissue. However, it has been demonstrated that even 

in cases where no spectral fluence compensation is applied to measured PA spectra, the 

absolute difference in sO2 between neighbouring measurement sites is minimally affected 

[123]. This fact indicates that the absolute differences in tissue oxygenation between the 

intratumoural regions and the extratumoural and control regions, respectively, are valid despite 

the error in the overall sO2 magnitude. This fact was the basis for not applying the fluence 

compensation method developed in chapter 3 in this study. 

The ability to image changes in intratumoural oxygenation level holds promise for the eventual 

monitoring of oxyhaemoglobin concentration within the tumour after the administration of 

neoadjuvant chemotherapy. Confirmation of the diagnostic potential of PAI relying on 

endogenous contrast alone may lead to its eventual incorporation with US imaging in breast 

cancer screening. Incorporation may be relatively easy to achieve given that US and PAI can 

be performed simultaneously with the same probe and without much additional effort or change 
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in protocol, with the major differences being the requirement of a laser source and the need for 

laser safety goggles to be worn by the patient and clinical staff. 

In terms of the future development of linear-array PAI systems for use in breast imaging, 

replacing nano-second pumped laser systems with high-energy pulsed laser diodes would serve 

to reduce the system cost, bringing PAI systems more in line with current US systems, and 

would also reduce the bulk of the system. The PAI system used in this study, which employed 

a flashlamp pumped Q-switched ND:YAG laser, was quite bulky and as a result was found to 

be difficult to manoeuvre around the bedside, and took up a large space in the examination 

room (see figure 5.6). Furthermore, Q-switched ND:YAG laser systems require regular 

maintenance, which gives them a disadvantage for regular clinical use. Diode lasers, on the 

other hand, are virtually maintenance free, requiring little to no servicing. In addition, laser 

diodes are available in a broad range of wavelengths in the NIR and would therefore not 

compromise the functional aspect of the system. The main drawback of laser diodes for PAI is 

the lower achievable pulse energy (typically > 100 μJ) as they are limited by the catastrophic 

optical damage peak power limit that affects semiconductor devices. To overcome this, laser 

diode arrays can be constructed which stack individual laser diode bars together to achieve 

pules in the mJ range while maintaining nanosecond pulse durations [209]. PAI systems 

employing such arrays have been employed for wide-field PAI illuminating large tissue 

volumes, and could potentially be applied for breast imaging [210].  

 

5.4 Conclusion 

 

In this study hand-held, linear-array PAI was introduced to the breast clinic in order to assess 

its efficacy in the areas of: (1) imaging the morphology of suspect breast lesions, (2) measuring 

the oxygenation status of suspect lesions with a view to predicting malignancy, and (3), 

assessing the intratumoural oxygenation changes that may be characteristic of patients 

responding or non-responding to neoadjuvant chemotherapy. Liner-array PAI at 15 MHz was 

found to be able to image the upper boundary of the lesion morphology for superficial lesions 

(< 13 mm) in most cases. US imaging, however, was still used as the primary means of locating 

the lesion position. No identifiable structural differences in lesion morphology were observed 

between benign and malignant lesions. Due to logistical issues, no follow up scans on the 
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neoadjuvant chemotherapy patients recruited were possible post administration of treatment. 

For malignant breast lesions, sO2 and relative HbT scans at two wavelengths (750 nm and 850 

nm) showed differences in oxygenation level between the intratumoural tissue and the 

extratumoural tissue and control breast, respectively, in 3 of the 4 cases where a scan was 

possible. These results provide an early indication that the oxygenation differences measured 

within the tumour region may show the efficacy of linear-array PAI in predicting lesion 

malignancy in vivo. However, at this stage the number of patients scanned is low and further 

recruitment is required to provide a more robust validation. Handheld linear-array PAI was 

found to be easily applicable to the breast and allowed for real-time assessment. To increase 

image depth, transducer arrays with lower central frequencies could be employed, however, 

this would have to be scaled with the available laser power and resultant SNR to ensure PA 

signals are detectable. 
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Chapter 6: Silica enhanced dual plasmonic gold nanostars 

for photoacoustic imaging and photothermal therapy 

 

The following chapter is based on publications [211,212]. 

 

6.1 Introduction 

 

Gold nanoparticles (GNPs) are extensively used in many biomedical applications, including 

imaging, diagnostics, and therapy [213–215]. GNPs are favourable over other metal 

nanoparticles due to their unique properties of small size to volume ratio, thermal stability, 

inertness, and general nontoxicity [216]. GNPs can be easily synthesised into a variety of sizes 

(1-100 nm) and shapes that control their optical and electronic properties and can be tuned to 

absorb in the NIR wavelength region, which has important significance for biomedical imaging 

applications. When coupled to various biomolecules and ligands, GNPs enable the 

development of new biomedical applications for the treatment and diagnosis of disease and can 

be used for targeted delivery to specific tissues [217–221]. Applications include their use as 

molecular imaging contrast agents [222–225], disease biomarkers [226], vehicles for drug and 

gene delivery [227,228], and therapeutic agents [229,230], due to their favourable properties. 

The optical properties of GNPs depend on the property of surface plasmon resonance (SPR), 

whereby an incident EM field of specific frequency induces the resonant oscillation of 

conduction band elections on the metallic surface [231]. The resonant photons can be confined 

by the GNPs, which results in a large increase in the EM field and subsequently enhances all 

of the nanoparticles optical properties, such as scattering and absorption. The size and shape of 

the nanoparticle also influences the nature of the SPR and consequently can be varied or tuned 

to produce absorption bands in different regions of the EM spectrum. The phase of the electron 

oscillations are predominantly dipolar in nature and are approximately constant over the 

nanoparticle’s volume, however, as the nanoparticle’s size become comparable to the 

wavelength of the incident EM wave, higher order modes of oscillation can be produced such 

as quadrupole, octapole etc., which have specific effects on the optical properties [232]. 



98 

 

One such plasmonic near-field enhanced process is surface-enhanced Raman scattering (SERS) 

[233,234], where the cross-section of Raman scattering from molecular vibrations is 

proportional to the square of the intensity of the electric field, which results in an amplification 

of the Raman scattering by several orders of magnitude (typically 5 to 6) due to the 

enhancement of the electric field resonant with the particles local SPR frequency. The 

amplification is mostly from enhanced-field hotspots – regions of intense localised surface 

plasmon electric fields at the nanoparticle crevices and interstices [235]. Aggregated GNPs 

(such as spheres and rods) and similar metal nanoparticles owe the majority of their local SERS 

enhancement from hotspots located at the interparticle junction. The local SERS enhancement, 

however, decreases rapidly with increasing interparticle distance, as is the case in isolated 

colloidal suspensions of GNPs. An alternative method to enhance the local plasmonic EM field 

is to increase the complexity of the nanoparticle geometry via the creations of nanoprotrusions 

on the particle surface. The rough surface topography creates localised gaps that allows for EM 

field enhancement, eliminating the need for particle aggregation. Gold nanostars (GNS), with 

their complex multibranched topography, can produce significant SERS enhancement at the 

points due to the ‘lightning rod’ effect [236,237]. The development of dual-plasmonic gold 

nanostars (DPGNS) that contain much longer branches and sharper tips than previously 

developed nanostars has been reported [211]. The longer, sharper tips allow for enhanced 

hotspots, producing localised SPR absorption at longer wavelengths (1000-1200 nm), while 

maintaining the previously reported absorption peaks in the visible/NIR region of ≈ 700 nm. 

Importantly for photothermal conversion efficiency, DPGNS efficiently convert the absorbed 

EM radiation by the localised surface plasmons at the tips into thermal energy through phonon-

phonon and electron-phonon processes. 

Previous studies employing GNP-based contrast agents for biomedical imaging applications 

typically used nanoparticles tuned to absorb at approximately 800 nm [238–240]. Currently, 

however, there is a lack of GNPs designed to operate at longer wavelengths (beyond 1000 nm). 

Imaging in the 1000-1350 nm wavelength region, termed the second biological window, has 

specific advantages due to the nature of the optical properties of biological tissue [241,242]. 

Optical scattering decreases by up to two orders of magnitude compared with the visible-NIR 

(700-1000 nm) region, depending on the tissue type [18], allowing for increased penetration 

depth and SNR. For example, the reduced scattering mean free path (1/𝜇𝑠
′ ) in human skin 

increases from 0.35 mm at 700 nm to 1.4 mm at 1064 nm, with a further increase to 1.7 mm at 

1200 nm, with a similar pattern being reported for other tissues such as the breast and brain. 
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Light penetration is therefore mainly limited by absorption, however, oxy- and 

deoxyhaemoglobin absorption is low (𝜇𝑎 = 0.1 mm-1 and 0.02 mm-1 for oxy- and 

deoxyhaemoglobin at ≈ 1100 nm, respectively). Absorption by water can severely degrade 

optical penetration depth due to the increase in absorption after 900 nm, and due to the high 

water concentration in biological tissues, however, this is minimised to similar levels as in the 

visible-NIR outside of the absorption peaks at 950 nm and 1450 nm. 

Photoacoustic imaging (PAI) is a novel, hybrid biomedical imaging technology that combines 

US detection with optical contrast for deep tissue imaging in the diffusive regime and has been 

shown to achieve an imaging depth of 5-6 cm in the visible-NIR wavelength region [20,240]. 

PAI relies on several major endogenous biological chromophores, including haemoglobin, 

melanin, lipids, and water, to provide image contrast. In situations where the PA signal is depth 

limited or there is a lack of endogenous contrast available, exogenous contrast agents, either 

oral or injectable, can be used to enhance optical contrast and potentially break through the 

imaging depth limit. Furthermore, receptor-targeted contrast agents can be used for many 

clinical applications, such as cancer diagnosis, molecular typing of disease, and lesion 

localisation, potentially broadening the applications of PAI [243,244]. Targeted contrast agents 

can also function as dual contrast agents and photoabsorbers in photothermal therapy (PTT), 

allowing for simultaneous imaging, monitoring, and targeted therapy [211,245]. 

 

GNPs serve as excellent PA contrast agents due to their high optical-to-acoustic conversion 

efficiency (representing the fraction of incident photons that are converted to heat and how 

efficiently this heat is diffused to the surrounding tissue during thermoelastic expansion and 

PA wave generation) [246]. These nanoparticles can exist in a variety of shapes, including 

nanospheres, rods, shells, cages, and stars. The PA imaging contrast of gold nanorods, tuned 

to produce an SPR absorption peak beyond 1000 nm, has been demonstrated in phantom 

studies, however, the same has not been done in vivo in the same wavelength region [247]. This 

may be due to the blue-shifting tendency of the SPR peak when the GNRs become aggregated 

in clusters within cells [248,249]. Single-walled carbon nanotubes (SWNT) can also be used 

in the second biological window and exhibit good PA image contrast [250], however, the 

nonbiodegradable nature of SWNTs and their needle-like structure has been reported to cause 

chronic toxicity in lung tissue [251]. DPGNS have been shown to produce strong PA image 

contrast in agar phantoms in the visible and NIR ranges [212], due to their high photothermal 

efficiency and heat dissipation. The heat disputation efficiency and PA signal amplitude of the 
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particles can be further increased with the addition of a material with a high thermal 

conductance, such as silica [252,253]. Silica is also favourable since it is a non-absorbing 

material and thus does not interfere with the PA absorption profile. PA image contrast for silica-

coated DPGNS was also displayed in vivo at 1064 nm. Due to their high photothermal 

conversion efficiency, silica-coated DPGNS were used as theranostic nanoprobes for dual PAI 

monitoring and PTT therapy in vivo [254,255]. 

 

In this study, the increased PAI contrast and photothermal transfer of silica-coated DPGNS, 

synthesised to produce absorption bands in the visible and NIR wavelength regions, is first 

demonstrated in optical phantoms. Next, the efficacy of silica-coated DPGNS mediated PTT, 

with PAI monitoring, is investigated on MDA-MB-231tumours in mice in a longitudinal study. 

PAI is used to estimate the relative nanoparticle concentration at different study time pints 

through analysis of the intratumoural PA signal amplitude. The effect of the PTT treatment is 

assessed through the change in total tumour volume, histological analysis of the excised 

tumours, and comparison with untreated control groups. 

  

6.2 Materials and Methods 

 

All the chemicals used in this study were obtained from Sigma Aldrich (Dublin, Ireland). All 

of the water used in this study was obtained from Milli-Q ultrapure-water purification system 

by Merck Millipore Limited (Dublin, Ireland). All glasswares used were washed with 

aquaregia (mixture of 3:1 ratio of concentrated hydrochloric and nitric acid, respectively) and 

rinsed with deionized water. 

 

6.2.1 Synthesis & surface modification of DPGNS 

 

The synthesis procedure for producing PEGylated DPGNS has previously been reported in 

[232]. To produce a local SPR absorption peak to match the PA laser excitation wavelength of 

1064 nm, DPGNS were synthesised with a gold precursor (hydrogen tetrachloroaurate 

(HAuCl4)) and reducing agent (ascorbic acid) ratio of 2:1. Silica coating of the PEGylated 

DPGNS, to enhance the photothermal conversion efficiency and thus the PA signal amplitude, 
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was performed using the Stöber method [252,253,256–258] for the production of silica 

nanoparticles. The procedure consisted of adding 1.2 ml of PEGylated DPGNS to 1.8 ml of 

isopropanol under vigorous shaking, with 2 M ammonia in isopropanol solution then being 

added dropwise until the PH of the reaction solution reached 11. To complete the procedure, 

400 ml tetraethyl orthosilicate in isopropanol solution was added under gentle stirring and the 

reaction solution was allowed to settle for 2 hours. The DPGNS absorption spectrum is shown 

in figure 6.1, showing the absorption peaks in the 650–700 nm and 1000-1350 nm wavelength 

ranges. 

 

Figure 6.1. Absorption spectrum (a.u.) of DPGNS tuned to absorb in the 650–700 nm and 1000-1350 

nm wavelength ranges. 

 

6.2.2 PAI of phantoms 

 

Details of the PAI system used in this study can be found in section 2.10. The PAI contrast 

capabilities of non-silica coated DPGNS at 700 and 1064 nm were first tested on agarose 

phantoms containing different nanoparticle concentrations, and in mouse tissue ex vivo. The 

phantom consisted of 4 agarose tubes with DPGNS concentrations ranging from 0, 17, 33, and 

50 μM, for each tube, respectively, while the ex vivo imaging was performed on the thigh tissue 

of a mouse sacrificed immediately prior to imaging. To compare the difference in PA signal 

amplitude between the silica-coated and non-silica-coated DPGNS, and to test the PA signal 

in the DPGNS absorption peak ranges of 650–700 nm and 1050–1200 nm, PA scans were taken 
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on a tissue phantom containing each particle type at the same concentration. The phantom 

consisted of two capillary tubes embedded side-by-side in an agarose-intralipid background, 

with each tube containing either 400 μg/ml of aqueous DPGNS or silica-coated DPGNS, 

respectively. The agarose and intralipid were added to water at a 2% and 1% volume fraction, 

respectively. PA scans were taken with a 21 MHz linear-array PA probe at 700 nm and 1064 

nm, respectively, with the PA probe being coupled to the phantoms with US gel. 

 

6.2.3 In vivo PAI of DPGNS 

 

To test the PA contrast in vivo, scans were taken of silica-coated DPGNS injected in a mouse-

tumour model. Prior to the study commencement, ethical approval was granted from our local 

ethical approval board (Animal Care Research Ethics Committee) and national authorization 

(The Health Products Regulatory Authority) for all procedures performed. 7 to 8-week-old 

female athymic nude mice (Charles River, UK) were subcutaneously injected with MDA-MB-

231 tumour cells into the hind legs to induce tumour growth. A 200 μl suspension of 1 × 107 

cells in a 50:50 mix of RPMI:Matrigel were initially injected. When the tumour volume 

(measured with US) reached 100 mm3, 50 μl of DPGNS at a 400 μg/ml concentration were 

injected intratumourally. Baseline PA images of the tumour volume were taken before and after 

the commencement of laser treatment (PTT), at days -1, 3, 7, 14, and 21. For each PA scan, 

care was taken to align the center PA probe with the center of the tumour and to ensure the PA 

probe was the same distance from the tumour surface to ensure similar experimental conditions 

at each timepoint. VevoLab software (VisualSonics Inc. Toronto, Canada) was used to analyse 

the US, PA and the coregistered PA-US images. 

The MDA-MB-231 cell line is commonly used to model late-stage breast cancer. It was 

originally isolated from a pleural effusion of a patient with invasive ductal carcinoma and is a 

highly aggressive, invasive, and poorly differentiated triple-negative breast cancer with limited 

treatment options [259,260]. As such, it was chosen as a good model on which to test the current 

treatment. 
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6.2.4 PTT of tumours in vivo 

 

Mice with the MDA-MB-231 tumour xenografts were separated into four groups, with 7 

tumours (n=7) in total in each group, and with each tumour having a volume of 100 mm3 at the 

beginning of the study. Prior to PTT (day 0), each group had 50 μl of 400 μg/ml silica-coated 

DPGNS injected intratumorally (as per previous PTT protocols [254,261]).  Group 1, the 

treatment group had tumours administered with DPGNS and underwent PTT. Group 2, used as 

a control group for PTT, contained no DPGNS, but instead had tumours injected with 

phosphate buffered saline (PBS) before undergoing PTT. Group 3 had DPGNS administered 

but did not undergo PTT, and group 4 contained the untreated control group, with tumours that 

contained no DPGNS, PBS, or underwent PTT. 

Although subcutaneous injection of the DPGNS inevitably results in an inhomogeneous 

particle distribution, the absolute PA signal amplitude has been shown to be higher from 

intratumoural injection compared with intravenous administration [262]. The injection of 

DPGNS was guided by US to ensure that the tip of the needle was inserted just beyond the 

tumour epicenter. The needle was then slowly drawn out while simultaneously pressing down 

on the syringe plunger, releasing the DPGNS solution gradually. This was done to maximise 

the DPGNS particle distribution within the necrotic core of the tumour. 

A schematic of the experimental setup and study timeline is show in figure 6.2. To initiate PTT, 

the tumours were irradiated with a 1064 nm continuous-wave (CW) DPSS laser (Dragon 

Lasers, China) with a radiant flux of 0.5 W/cm2 for 10 minutes. During PTT, the surface 

temperature of the tumours was monitored using an FLIR A325 infrared thermal camera (FLIR 

Systems, Inc. OR, USA) with a spectral range of 7.5–13 μm. A photo of the experimental setup 

is shown in figure 6.3, showing the PAI system, PTT laser, animal stage (with mouse) and 

thermal camera. Coregistered PA-US scans at the 700 and 1064 nm wavelengths were taken 

just before PTT treatment commenced, and afterwards on days -1, 3, 7, 14, and 21. On day 21, 

the mice in each study group were sacrificed by CO2 inhalation. The tumours were then excised 

and sent for histological analysis. The excised samples were fixed in 4% paraformaldehyde 

and embedded in paraffin blocks, where they were subsequently sectioned and stained with 

haematoxylin and eosin (H&E) to enable the tumour cellular damage as a result of the treatment 

to be assessed. 
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Figure 6.2. (A) Schematic of PTT and PAI experimental setup. (B) Timeline of the in vivo study. 

 

 

Figure 6.3. Experimental setup, showing the PAI system, consisting of the PA laser source, imaging 

station, and PA imaging probe. Also shown is the PTT laser source (right), thermal camera, and animal 

stage with mouse attached. During treatment/PAI, the mouse vital signs, including heart rate, respiration 
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rate, and temperature, were monitored. The 1064 nm PTT laser source is shown directed onto the target 

with a fibre optical cable.    

Statistical analysis for all data was performed using Graph-Pad PRISM (GraphPad Software 

Inc., USA). The PA amplitude data from the tumours was measured from the PA images 

reconstructed in MATLAB using a delay-and-sum beamforming algorithm. The images were 

reconstructed using the raw PA data exported from the Vevo LAZR system. Pearson’s R2 

correlation was used to analyse the relationship between the PA signal amplitude and the 

concentration of DPGNS within the tumours. One-way analysis of variance (ANOVA) was 

used to compare the PA signal amplitude at 700 and 1064 nm. The percent tumour tissue area 

on the 40x histological slides was measured using ImageJ (National Institutes of Health (NIH), 

USA), with the tumour cells (alive and dead) being identified by their positive reaction to H&E 

staining. The mean percentage of tumour tissue area between groups was calculated using a 

one-way ANOVA. Student Newman-Keuls Multiple Comparisons post-hoc test was used for 

all post-hoc analysis. 

 

6.3 Results and Discussion 

 

6.3.1 Initial PA characterisation of DPGNS. 

 

To initially demonstrate the PA absorption contrast of the non-silica-coated DPGNS, tuned to 

produce a SPR absorption peaks in the wavelength ranges of 650–700 nm and 1050–1200 nm, 

an optical phantom containing different concentrations of DPGNS particles was made. The 

phantom consisted of 4 agarose tubes approximately 5 mm in dimeter, placed side-by-side with 

DPGNS concentrations ranging from 0, 17, 33, and 50 μM, for each tube, respectively. PA 

scans were taken at 700 and 1064 nm to demonstrate the PA sensitivity at each of the DPGNS 

SPR absorption. The PA and US scan results are shown in figure 6.4, with the PA image being 

on the right-hand-side and the US image being on the left, and with panels (A) and (B) showing 

scans taken at 700 and 1064 nm, respectively. Both panels (A) and (B) show the PA image 

contrast in each tube increasing with increasing DPGNS concentration (from left to right). 

Analysis of the PA amplitude in each tube showed a linear relationship between the PA 
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amplitude and the DPGNS concentration for both the 700 and 1064 nm laser excitations (R2 = 

0.923, p < 0.001). 

 

Figure 6.4. B-mode PA and US scans of an optical phantom consisting of 4 agarose tubes (≈ 5 mm in 

diameter) arranged from left to right in order of increasing concentration of DPGNS. Panels (A) and 

(B) show PA scans taken at 700 and 1064 nm, respectively. The agarose tubes were placed in US gel 

to provide coupling to the PA-US probe. 

Based on the strong PA signal observed in the phantom study, the PA image contrast was then 

tested in an animal model. To this end, 10 μL of DPGNS at a concentration of 50 μM was 

injected intramuscularly into the thigh of a euthanised mouse, using US as a guide. Figure 6.5 

shows a PA and US image of the mouse before (panel A) and after injection (panel B) of the 

DPGNS solution. The PA scan was taken at 1064 nm. As can be seen in figure 6.5, a large rise 

in the PA signal due to the introduction of the DPGNS is observed post injection. 

Correspondingly, the resulting cavity caused by the injection of the DPGNS solution can be 

seen in the US image. 
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Figure 6.5. B-mode PA and US scans of a euthanised mouse thigh taken at 1064 nm, showing the 

injection of 10 μL of DPGNS at a concentration of 50 μM. Panel A and panel B show the mouse thigh 

before injection and post injection, respectively. 

 

6.3.2 Initial PA and photothermal characterisation of silica-coated DPGNS 

 

Figure 6.6 shows a transmission electron microscopy (TEM) image of silica-coated and non-

silica-coated DPGNS in panels (B) and (A), respectively. The silica coating observed on the 

DPGNS in figure 6.6 (B) is approximately 10 nm on average. The silica coating of the DPGNS 

is designed to increase the PA signal generation through the increase in the photothermal 

efficiency, or heat transfer, to the surrounding environment, as the gold-water interface exhibits 

high thermal resistance [252,253]. To test this, PA scans on a phantom containing silica-coated 

and non-silica-coated DPGNS were taken. 
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Figure 6.6. TEM image of non-silica-coated and silica-coated DPGNS in panels A and B, respectively. 

The silica coating in panel B is approximately 10 nm on average. The scale bar in both panels is 100 

nm. 

The phantom consisted of two capillary tubes embedded in an agarose-intralipid background 

tissue, with each tube containing an aqueous solution of either silica-coated or non-silica-

coated of DPGNS. Figure 6.7 shows two coregistered PA-US scans of the phantom, taken at 

700 and 1064 nm, respectively. The scans show the increased PA contrast of the silica-coated 

DPGNS compared to the non-silica-coated DPGNS, confirming the photothermal enhancement 

properties of the silica coating. 

 

 

Figure 6.7. Coregistered PA-US scans of an agarose-intralipid phantom containing two capillary tubes 

filled with an aqueous solution of silica-coated DPGNS (right) and non-silica-coated DPGNS (left). 

Panels A and B show scans taken at 700 and 1064 nm, respectively. 
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The aqueous solution of DPGNS is particularly suited for PA signal generation as the thermal 

expansion coefficient of water at atmospheric pressure is drastically reduced at 3.98°C [263]. 

At temperatures above this, PA signals due to the thermal expansion of water vanish. The 

amplitude of the PA signal from the DPGNS depends on its photothermal efficiency and the 

thermal conductivity of the surrounding media, water in the case of an aqueous solution. The 

compressibility of water is negligible at room temperature and therefore any PA waves 

generated in the solution come from the DPGNS themselves. Since all other factors influencing 

the generation of PA waves in the phantom were kept constant (e.g. Grüneisen parameter, 

illumination profile etc.), the observed increase in PA signal amplitude between the two tubes 

can only result from the interfacial heat resistance changes caused by the silica coating. The 

silica coating reduces the interfacial thermal resistance between the gold-silica and silica-water 

interfaces and results in a higher temperature gradient, increasing the PA signal. 

To test the ability of both variants of DPGNS to generate heat under laser illumination, cuvettes 

containing aqueous solutions of silica-coated and non-silica-coated DPGNS were illuminated 

with a 1064 nm laser, with the laser power ranging from 0.5 to 2 W/cm2. The temperature of 

the DPGNS was measured using a FLIR A325 infrared thermal camera (FLIR Systems, Inc. 

OR, USA). The thermal images are shown in figure 6.8 (A) and (B). The temperature of the 

silica-coated DPGNS (panel A) increased from room temperature to 45°C in under 10 minutes 

with increasing laser power, while the non-silica-coated DPNGNS (panel B) reached ≈ 42°C 

under the same conditions. The addition of silica increases the thermal transfer from the 

nanoparticle’s surface to the aqueous solution due to the higher emissivity (0.9) and thermal 

conductance of silica [252,264]. This is verified by the temperature plot in figure 6.8 C, which 

shows a higher temperature increase of 2-3°C for the silica-coated DPGNS. 
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Figure 6.8. Photothermal efficiency of DPGNS. Thermal camera images of cuvettes filled with aqueous 

solutions of silica-coated (A) and non-silica-coated (B) DPGNS, irradiated by a 1064 nm laser with an 

irradiance ranging from 0.5 to 2 W/cm2. (C) Temperature plot vs time of the cuvettes undergoing laser 

heating in (A) and (B), as well as water. (D) Absorption spectra (via spectrophotometer) of non-silica 

coated DPGNS, as well as silica-coated DPGNS after exposure to laser irradiation ranging from 1 to 4 

W/cm2 (spot size 1 mm2). 

 

Figure 6.8 (D) shows the absorption spectra of both variants of DPGNS. It can be seen that the 

10 nm silica coating resulted in a 30 nm redshift of the absorption spectra. This is due the 

change in the dielectric constant of the surrounding medium which has a direct effect on the 

local SPR absorption of the nanoparticle [257,265]. Figure 6.8 (D) also shows the effect of 

laser heating on the absorption spectra of the silica-coated DPGNS, which were exposed to a 

1064 nm laser with an irradiance ranging from 1 to 4 W/cm2. An amplitude reduction in the 

absorption spectrum with increasing laser energy can be observed, however the spectrum shape 
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and position of the absorption peaks remained mostly unchanged, which indicates the 

preservation of the aspect ratio of the nanostar branches. This is likely caused by the thermal 

stability added to the DPGNS from the silica coating, which protects their shape. 

 

6.3.3 PA monitoring of PTT in a mouse-tumour model 

 

The in vivo PAI contrast ability of silica-coated DPGNS and the efficacy of PAI for monitoring 

PTT treatment with silica enhanced DPGNS in mice tumours was next investigated. Adult 

athymic mice were injected with MDA-MB-213 tumour cells on both the left and right flanks 

to initiate tumour growth. When each tumour volume had grown to a volume of 100 mm3 (day 

-1), baseline PA images were acquired. Aqueous colloidal solutions of silica-coated DPGNS 

were injected intratumourally into the relevant treatment groups, and PA scans at 700 and 1064 

nm were when acquired on day 0. 

The initial demonstration of silica-coated DPGNS PAI contrast in vivo is shown in figure 6.9. 

The PA signal amplitude within the tumour (not including the skin) was found to be higher at 

1064 nm (C) compared with excitation at 700 nm (B), demonstrating the higher PA amplitude 

at longer wavelengths. This is quantified in figure 6.9 (D), where the average PA signal 

amplitude at 1064 nm was nearly twice that at 700 nm. Contrasting with this, the average PA 

signal from the untreated tumour (A) was minimal. The higher PA signal amplitude at 1064 

nm is caused in part by the fact that the absorption coefficient of plasmonic GNPs increases 

when in resonance with the incident light at longer wavelengths [22], producing a greater 

photothermal conversion and subsequent thermoelastic expansion. In addition, it has been 

reported that the lower background signal from the surrounding tissue at longer wavelengths 

can results in a 50-70% increase in PA signal amplitude from GNPs when excited at 1064 nm 

compared with 700-800 nm [22]. The increased tissue penetration depth at 1064 nm also serves 

to increase the local fluence rate and hence DPGNS absorption and PA signal amplitude. 
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Figure 6.9. In vivo PAI of silica-coated DPGNS. Coregistered PA-US images of mice tumours for (A) 

untreated tumour at 700 nm, while (B) and (C) show tumours injected with silica-coated DPGNS 

imaged at 700 and 1064 nm, respectively. (D) Plot of the relative, average PA amplitude inside the 

tumour volume corresponding to the images (A), (B), and (C). Student Newman-Keuls Multiple 

Comparison post hoc test found an increase in laser wavelength to cause a significant difference in PA 

amplitude at 700 and 1064 nm (p < 0.001). Data are expressed as means and SDs. ***p < 0.001 versus 

control; ^^^p < 0.001 versus 1064 nm wavelength. 

Thermal imaging was used to monitor the photothermal efficacy of the DPGNS during PTT in 

vivo for the relevant study groups, which included the PTT treatment and PTT control groups. 

PTT therapy commenced after the intratumoural injection of the aqueous solution of silica-

coated DPGNS on day 0, and consisted of irradiating the treatment area with a 1064 nm CW 

laser operating at 0.5 W/cm2 for 10 minutes. The laser irradiance used was kept lower than the 

maximum permissible exposure (MPE) safety level for skin as specified by ANSI [12] for the 

700-1100 nm wavelength range. Figure 6.10 shows thermal images of mice in the treatment 

and control groups whilst undergoing laser irradiation, as well as a plot of the relative change 

in tumour volume at the study time points. Following laser irradiation, the surface temperature 

of the tumours with silica-coated DPGNS, as recorded by the thermal camera (figure 6.10 (B)), 

rose rapidly by 8-9°C, while the tumours containing SBP or no DPGNS rose on average by 

1°C (figure 6.10 (C)). The 8-9°C temperature rise from the baseline tumour temperature of 
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35°C put the treatment group into the hyperthermia range (41-48°C), the clinically relevant 

range for PTT [238,266,267]. This laser-induced temperature rise and subsequent heating of 

the surrounding tissue was predicted to result in cellular destruction through protein 

denaturation and aggregation, and cell membrane destruction. Laser heating produced no 

significant temperature rise in any other parts of the animal. Note that the high temperature 

observed at the base of the animal in figure 6.10 (B) and (C) is from a heating pad used to keep 

the animal warm whilst undergoing laser treatment. 

 

Figure 6.10. PTT treatment of mice tumours. (A) photo of mouse with tumours on each flank circled. 

(B) Thermal image of mouse in the treatment group (with tumours containing silica-coated DPGNS) 

undergoing laser irradiation (CW laser operating at 1064 nm and 0.5 W/cm2 for 10 minutes), where a 

rapid increase in temperature of 8-9°C in the tumour (marked area) was observed compared with the 

surrounding tissue (bassline temperature 35°C). (C) Thermal image of control group mouse undergoing 

laser treatment showing no temperature increase in the tumour (marked area). (D) Tumour-growth curve 
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of the 4 different study groups, consisting of: treatment group containing DPGNS and undergoing PTT, 

tumours containing DPGNS but without PTT, tumours containing PBS and given laser irradiation, and 

the untreated control group. No significant difference in mean relative tumour volume was found for 

the treatment group (F(3, 24) = 0.397, p > 0.05) or measurement day (F(3, 72) = 1.581, p > 0.05). Error 

bars represent the standard deviation (n = 7). (NS = nanostars). 

The tumour growth curve shown in figure 6.10 (D) shows an initial reduction in the relative 

tumour volume after PTT for the treatment group (NS + laser) at day 3, followed by a gradual 

increase in tumour volume up to day 21. This suggests that the tumours initially regressed soon 

after PTT, but that tumour-growth recovered after day 3. It can also be seen that the presence 

of DPGNS or laser irradiation alone own did not produce an initial reduction in tumour volume. 

The recommencement of tumour growth after day 3 can be explained by the thermo-resistance 

exhibited by cells after heating to approximately 41°C, resulting in protein denaturation and 

cell inactivation. Cells that survive inactivation develop temporary thermal resistance and can 

begin to proliferate again [238]. This resistance to heat-induced apoptosis may be due to the 

increased expression of a class of proteins called heat shock proteins which occurs during PTT 

[268]. The heat shock proteins prevent the aggregation of denatured proteins and initiate 

protein refolding [269,270]. Cellular thermal resistance can be overcome by increasing the 

temperature over a longer period of time, causing more severe hyperthermia inducing longer-

term cell inactivation. The effected cells become unable to cope with the increased thermal 

stress and can undergo thermal-induced cellular necrosis or apoptosis [269]. The effectiveness 

of PTT in this study could therefore be increased by increasing the laser irradiance used (0.5 

W/cm2), which was much lower than the ANSI standard safety limit for MPE at 1064 nm of 1 

W/cm2 [12]. An increase of laser irradiance from between 0.6-1 W/cm2 and conducting 

multiple PTT treatment sessions could help increased the effectiveness of PTT in future studies. 

A PA amplitude spectrum taken across the OPO range of 680-970 nm of an absorbing region 

of a silica-coated DPGNS administered tumour (in the treatment group) is shown in figure 6.11 

(A). The PA spectrum shows a distinct absorption peak at approximately 700 nm, matching the 

first local SPR peak of the DPGNS, and also shows a second absorption band beginning to 

form beyond the OPO range, which is likely due to the second SPR absorption peak beyond 

1000 nm. Since the PA system used does not enable a spectral scan outside of the OPO range, 

this was unable to be verified. Figure 6.11 (B-D) shows coregistered PA-US scans of a tumour 

from the treatment group at days 3, 7, and 14, where it can be seen that the DPGNS 
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concentration deceases over time, indicating that the DPGNS were gradually diffused out of 

the tumour and were almost completely removed by day 14 (as verified by the spectral scans). 

 

 

 

 

Figure 6.11. In vivo PA spectra of silica-coated DPGNS. (A) Average photoacoustic amplitude spectra 

(680-970 nm, relative units) from DPGNS administered tumour from scan region marked in yellow. 

(B-D) Coregistered PA-US images (700 nm) of a DPGNS administered tumour (from treatment group) 

at days 3, 7, and 14 post-treatment, respectively. 

Figure 6.12 shows the comparison of relative PA amplitude from silica-coated DPGNS 

administered tumours at different study timepoints for the treatment group and the group that 

received DPGNS but no PTT. Figure 6.12 (A) shows the PA-US scans (1064 nm) from a 

representative tumour from the treatment group at the study bassline (day -1) and post-

treatment on days 3, 7, 14, and 21, while panel (B) shows the same for a DPGNS administered 

tumour only. A strong increase in the PA signal from within the tumour can be observed on the 

PA-US scans on day 3 for both groups, which can visually be seen to diminish as the study 

progressed. This is quantified in panel (C) where the relative PA amplitude from within the 

tumours is plotted at each study timepoint. It can be seen in panel (C) that the PA signal 

amplitude for both groups strongly diminishes after day 3, indicating the gradual removal of 

the DPGNS. However, there is a noticeable reduction in PA amplitude of the treatment group 

compared with the untreated group on days 3 and 7. 
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Figure 6.12. (A-B) Coregistered PA-US scans taken at 1064 nm of a representative silica-coated 

DPGNS administered tumour from the treatment group (A) and the untreated group (no PTT) (B). (C) 

Plot of average PA signal amplitude from inside the tumours shown in (A) and (B) at each study 

timepoint. Post hoc analysis of PA signal amplitudes using a two-sided dependent samples t-test found 

a significant difference in PA signal amplitude for all measurement days post DPGNS administration 

compared with the baseline measurement (Day -1) for both the treated and untreated group (p < 0.05). 

Data are presented as means and standard error of mean. **p < 0.01 vs Day -1, ***p < 0.001 vs Day -

1, #p = 0.066 vs Day -1, ^p < 0.05 vs Day -1, ^^^p < 0.001 vs Day -1. 

 

Contrasting with the PA scans taken at 700 nm (figure 6.12 (B)), the DPGNS signal can still 

be seen on the 1064 nm scan past day 7. The PA signal amplitude on day 14 is also noticeably 

higher than on day -1, which may indicate the presence of deep-lying DPGNS which have yet 

to be removed, showing the potential of silica-coated DPGNS for deep tissue imaging 

applications at longer wavelengths. The similar PA amplitude from the tumours in both groups 

indicates the strong photo-stability properties of the silica-coated DPGNS and shows the 
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potential for further PTT sessions and the use of a higher laser irradiance to achieve a more 

favourable therapeutic outcome.  

 

Following animal sacrifice on day 21, the tumours were excised and sent for histological 

analysis, where H&E standing was performed on the histological sections. The histological 

sections were assessed for evidence of changes in cellular morphology or damage as a result 

of treatment. Histological sections of tumours from all 4 study groups at magnifications of x10 

and x40 are shown in figure 6.13. Histological results showed apoptotic-like cells in the 

treatment group (figure 6.13 (A)), with shrunken cell sizes and increased intercellular distance 

compared with the other groups (figure 6.13 (B-D)) (similar to findings from other 

nanoparticle-mediated PTT studies [254,271,272]). The histological sections from the 

remaining groups (figure 6.13 (B-D)) showed typical MDA-MB-231 tumour morphology and 

showed no signs of treatment-induced cell destruction. 

Figure 6.13. Histological sections with H&E staining from tumours from each study group at 

magnifications of x10 and x40, respectively, for (A) the treatment group (DPGGS + PTT), (B) DPGNS 

and no PTT, (C) PBS and PTT, and (D) control group (no DPGNS, PBS, or PTT). 

 

The extent of tissue abnormality on the histological sections was quantified by calculating the 

percentage area of H&E stained cellular tissue. No distinction was made between live and dead 
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cellular tissue and only H&E positive stained tissue was used for quantification. The 

quantification results are shown in figure 6.14, which show a noticeable decrease in the 

percentage area of cellular tissue in the treatment group, at 39.8%, compared with the other 

study groups, which had values of 75.3% for the control group, 77.2% for the DPGNS alone 

group, and 82.1% for the PBS + PTT group. A one-way ANOVA statistical analysis found the 

percentage mean cellular area to be significantly different between the treatment groups (F(3,7) 

= 21.75, p < 0.01). Although the tumours in the treatment group began to regrow after day 3, 

histological analysis confirmed the destruction of tumour cellular tissue as a result of treatment. 

The morphological features found in the treatment group from histology, such as fragmentation 

of the nucleus and blebbing of the cells (marked in figure 6.14 (B)), indicates apoptosis as a 

result of thermal-induced stress, as has been previously reported [271,272]. 

 

 

Figure 6.14. Quantification of tumour cellular area post treatment. (A) A one-way ANOVA test found 

the percentage difference in total cellular area to be significant between different groups (F(3,7) = 21.75, 

p < 0.01). A student’s Newman-Keuls Multiple Comparisons post hoc test found the tumours in the 

treatment group to a significantly lower cellular area compared to the other groups. Data are expressed 

as means and SDs. **p < 0.01 vs control, ^^p < 0.01 DPGNS + Laser; (B) H&E stained histological 

section from a tumour in the treatment group with apoptotic cells with fragmented nuclei marked with 

arrows. 

 

The results indicate that a single silica-coated DPGNS mediated PTT session was sufficient to 

cause cell damage and/or death. However, in order to increase the therapeutic outcome, it is 

proposed that multiple PTT sessions (and an increase in laser power) be carried out in future 

studies. Such an approach may yield an increase in tumour cell death and an overall reduction 
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in tumour volume. Future studies could also utilise targeted nanoparticles injected 

intravenously to study particle biodistribution, as monitored with PAI. 

 

6.4 Conclusion 

 

DPGNS were synthesised to produce absorption bands in the 650–700 nm and 1000-1350 nm 

wavelength ranges. The unique multi-branched structure of DPGNS serves to enhance the 

localised SPR effect compared with other nanoparticles and results in enhanced photothermal 

transfer capabilities. The addition of a 10 nm silica layer on DPGNS was found to further 

increase the photothermal conversion efficiency by 2-3°C. This results in an increase in the PA 

image contrast, as confirmed in phantom studies. Since photothermal conversion efficiency is 

the mechanism which decides PA contrast and the effectiveness of PTT, silica-coated DPGNS 

can be used as a dual-model nanoprobe for simultaneous PTT and monitoring with PAI. The 

photothermal capabilities of silica-coated DPGNS were demonstrated in vivo in a mouse 

tumour, where a 8-9°C localised rise in temperature was recorded when irradiated with a 0.5 

W/cm2 laser at 1064 nm during PTT. 

 

The effectives of DPGNS mediated PTT was investigated in a longitudinal study on MDA-

MB-231 mice tumours, where the mice were divided into a treatment group (DPGNS+PTT) 

and various control groups. PAI was used to image the distribution of DPNGS and calculate 

their relative concentration at different study timepoints and between different groups. The 

results found a reduction in tumour volume in the treatment group on day 3 post-treatment, 

likely caused by PTT induced hyperthermia. However, tumour growth recovered post day 3, 

resulting in no overall loss in tumour volume by the study’s conclusion on day 21. The tumour 

regrowth can be explained by thermal resistance developed by tumour cells due heat induced 

stress causing inactivation, with the surviving cells becoming able proliferate again. 

Histological analysis on the excised tumours revealed a significant percentage decrease in 

tumour cellular area from the treatment group compared with the control groups. PAI of the 

treatment group and the DPGNS administered only group at different study timepoints showed 

a very similar PA signal amplitude, indicating the photostability of the DPGNS under PTT. 

The results showed that a single DPGNS mediated PTT session was enough to bring about 
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tumour cell death, however, in order to increase the therapeutic outcome, additional PTT 

sessions and an increase in the incident laser power are recommended.  
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Chapter 7: Conclusion and future work 

 

PAI is an emerging modality that is has broad applications in biology and medicine. It has the 

potential to revolutionise the screening, diagnosis, and management of metabolic diseases, 

particularly cancer, and is already playing an increasingly important role in basic physiological 

research and pre-clinical studies. Many new developments are happening in this fast-growing 

field, with major prospects on the horizon, and also many challenges. 

PAI can provide in vivo molecular and functional imaging using endogenous optical contrast 

alone. Exogenous contrast agents extend the capabilities of PAI to targeted molecular and 

genetic imaging. The scalability of PAI allows it to image on multiple length scales, from 

organelles to whole bodies, and from superficial structures to internal organs, giving it the 

unprecedented ability to link macroscopic and microscopic domains using the same optical 

contrast mechanism. 

Clinical and preclinical applications have been widely studied in the past decade. PAI is 

beginning to find clinical application in several major areas, including melanoma imaging, 

breast cancer detection, guided sentinel lymph node needle biopsy for cancer stating, 

chemotherapeutic response imaging, blood oxygenation and prefusion imaging, and metabolic 

imaging. Several preclinical PAI systems have been commercialised, however, few systems 

have been approved for clinical use due to the need to pass rigorous validation and regulatory 

approval. 

The clinical applications of this thesis serve to further the integration of PAI in clinical practice 

with positive results in the areas of melanoma and breast imaging, while the quantitative 

method proposed offers a solution to correcting for the effects of wavelength-dependent 

fluence variations in soft tissue. In addition, the PA contrast capabilities of novel gold 

nanoparticles were demonstrated in vivo, showing their potential for targeted molecular 

imaging applications. 

In this thesis, handheld linear-array PAI was introduced to the clinic for breast and melanoma 

imaging applications. For the breast imaging study, patients were recruited to assess the 

capability of PAI to image suspect breast lesion morphology and to measure intratumoural 

oxygenation level. The results showed that linear-array PAI at 15 MHz was capable of imaging 
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the upper surface of lesions within a depth of 13 mm from the skin surface for both benign and 

malignant lesions. More significantly, the intratumoural oxygenation measurements from 

malignant lesions showed strong indication of malignant status in the majority of cases, where 

clear differences in sO2 were observed between the intra- and extratumoural spaces and control 

breast. However, it is noted that the number of patients scanned is low and therefore additional 

recruitment is planned to obtain a more robust validation. For future studies, it is recommended 

that lower-frequency PAI probes be used to improve imaging depth. Handheld linear-array PAI 

could be incorporated in breast cancer screening with conventional US imaging given that both 

modalities can be performed simultaneously with and with the same probe. PAI can potentially 

provide an early, point-of-care diagnosis that could expediate patient treatment. Validation of 

the diagnostic potential of handheld linear-array PAI using endogenous optical contrast alone 

could therefore increase the effectiveness of breast cancer screening and improve patient 

therapeutic outcome. 

The study criteria also included for PA scans to be performed on women undergoing 

neoadjuvant chemotherapy to monitor for changes in intratumoural oxygenation level before 

and after treatment, with a view to predict responding from nonresponding patients. Baseline 

oxygenation measurements were taken on 2 neoadjuvant patients recruited, however, follow 

up scans were not possible due to logistical reasons. Confirmation that an easily applicable 

handheld PA probe can detect changes in intratumoural oxygen level as a predictive biomarker 

to determine responding from non-responding patients early in treatment would greatly 

improve neoadjuvant chemotherapy patient management and therapeutic outcome. It is 

therefore planned to recommence neoadjuvant patient recruitment in the near future, under the 

same study protocol, to test linear-array PAI’s efficacy for this application. 

In the melanoma imaging study, patients with suspect cutaneous lesions were recruited to 

undergo preoperative PAI with a 40 MHz probe to measure lesion thickness. PAI was found to 

be effective at imaging lesion architecture with high contrast and resolution. The PAI measured 

lesion thickness was found to correlate strongly with histological thickness for both benign and 

malignant lesions. The results found that handheld PAI could be used to guide sample depth 

and location for partial biopsies which have a high rate of undersampling, thereby increasing 

microstaging accuracy and preventing the need for repeat biopsies in many cases. Additionally, 

it could be used to guide surgical safety margins for full excisional biopsies. 
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The invasion of cutaneous melanoma through the basement layer of the epidermis into the 

blood rich dermis greatly increases the risk of melanoma metastases to the sentinel lymph 

nodes and organs. In such cases, treatment strategy must be altered to improve patient 

prognosis. Since PAI can potentially diagnose melanoma using exogenous contrast agents, its 

ability to detect intradermal lesion growth was tested. Benign intradermal lesions were 

identified as such in all cases, however epidermal lesions were misread as having a dermal 

presence in two cases due to irregular border profiles. Notably, in situ melanomas were 

distinguished from invasive melanomas in all cases. The results indicate the efficacy of linear-

array PAI in imaging intradermal lesion invasion in vivo, thereby increasing staging accuracy 

and informing treatment strategy if a melanoma diagnosis were possible. 

A method to correct for the effects of optical fluence attenuation on measured PA spectra based 

on the method of arterial fluence calibration was proposed and implemented. The method 

involves fitting a PA forward model incorporating a model of optical diffusion to the measured 

arterial signal and solving for the concentrations of the various chromophores that govern the 

extent of optical attenuation encountered as the light propagates. The determined parameters 

were used in the same model to correct the venous PA spectrum for optical fluence variation 

effects and subsequently to make fluence-corrected venous sO2 measurements. The method 

was tested on coupled MC-PA simulations, phantoms, and in vivo in the human forearm. The 

parameters determined in the arterial calibration procedure, namely the melanosome volume 

fraction, blood volume fraction and sO2 level (in the dermis and subcutaneous fat) were found 

to be overestimated in each case, which was caused by the 1D nature of the optical model used. 

However, the determined parameters when used in the venous forward model were found to 

accurately match its shape and therefore a good correlation between the measured and known 

venous sO2 values was obtained. For future studies, the accuracy of the method could be 

increased by incorporating a more robust optical model that models light in 3D into the forward 

model, such as an MC model. 

The problem of compensating for spectral fluence variations is a longstanding problem in 

quantitative PAI and solving it is essential for obtaining accurate quantitative measurements. 

Many different corrective methods have been proposed, however, no one method currently has 

universal applicability. The method proposed here has the advantage of being able to be applied 

virtually anywhere in soft tissue due to the ubiquity of arteries and arterioles (depending on if 

they can be resolved), and the fact that oxygen diffusion primarily takes place in the capillary 

network, meaning arterial sO2 level is systemic. Moreover, it can account for differences in 
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blood perfusion, oxygenation level, and melanosome volume fraction at different measuring 

sites.  

For fluence compensation in tissue environments with complex geometries containing multiple 

tissue types with variations in tissue density, such as from bones or cartilage, we are currently 

investigating the use of an MC-PA lookup table method. The method involves performing MC 

simulations on a tetrahedral-based MC solver [273] coupled with a PA wave simulator that 

allows for changes in tissue density and speed of sound to accounted for [274]. The 

experimentally measured PA signals are fitted to the simulated PA data to account for fluence 

attenuation effects and solve for the concentrations of given chromophores in vivo. The method 

has the additional benefit of being able to account for complex illumination patterns. 

The PA image contrast capabilities of silica-coated DPGNS were tested in phantom and in vivo 

studies. DPGNS are novel nanoparticles that can be tuned to produce SPR absorption bands in 

the second biological window (1000-1350 nm) by extending the branch-tip length. Moreover, 

the addition of a nonabsorbing silica coating increases the photothermal efficiency and 

enhances PA image contrast. This was demonstrated in phantom studies where an increase in 

the PA signal amplitude was observed in silica-coated DPGNS compared to non-silica-coated 

DPGNS. The distribution and relative concentration of DPGNS in a mouse-tumour model after 

DPGNS-mediated PTT was also measured. PAI scans on each study group were taken before 

PTT treatment on day -1 and after treatment on days 3, 7, 14, and 21. The results showed the 

in vivo concentration of DPGNS in the treatment group and control group to be very similar on 

each scan day, indicating the photostability of the particles and showing that additional PTT 

sessions using a higher laser power were possible. In addition, the scans showed a significant 

DPGNS presence in the tumour on day 7 indicating relatively slow tissue clearance. 

Exogenous contrast agents can increase the sensitivity and specificity of PAI and allow for 

deeper imaging. DPGNS and other gold nanoparticle variants have the distinct advantage over 

other exogenous contrast agents (e.g. organic dyes) of being optically tunable to a specific 

wavelength range, in this case the 1000-1350 nm range where optical penetration depth in 

biological tissue is increased. Bioconjugation of DPGNS with various ligands allows for 

targeted molecular imaging, therapy monitoring, and drug delivery, giving them many potential 

applications. Our group is currently investigating the efficacy of the DPGNS reported in this 

thesis for use as a PA contrast agent coupled with stem cells for the treatment of osteoarthritis. 



125 

 

The study involves imaging the uptake and distribution of DPGNS tagged stems cells in the 

knee joint in a longitudinal study using PAI in the 1000-1350 nm wavelength range. 

In light of the uniqueness and versatility of PAI, its continued development, of which this thesis 

contributes in part, is expected to lead to more high-impact applications in biomedical studies 

and clinical practice.  
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