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Abstract 

Photoacoustic (PA) imaging is an emerging imaging modality that relies on the PA 

effect. The PA effect is caused by exposing an optically absorbing sample to near-infrared 

light which causes the sample to experience a temporary temperature increase through 

optical absorption. The heated region undergoes thermoelastic expansion and produces an 

abrupt and localized pressure change. This change results in a transient PA wave that 

propagates out toward the sample surface for collection by an ultrasound (US) transducer. 

Through image reconstruction, the optical property of the sample can be obtained. 

PA imaging is promising in detecting brachytherapy seeds during prostate 

brachytherapy. The high absorption coefficient of the metallic seeds leads to high PA 

imaging contrast. One major drawback is the limited imaging depth due to high optical 

attenuation of the excitation light in tissue. One of the goals of this thesis is to conduct 

initial feasibility tests of enhancing the PA contrast through brachytherapy seeds 

modifications. Seed coated with a contrast enhancing material shows an increase of 18 dB 

in signal-to-noise ratio (SNR) and two time increase in the imaging depth (5 cm). Another 

method of silver coating leads to a 5 dB improvement in the SNR of the modified seeds. An 

alternative approach in using dyed ethanol solution as a contrast enhancing agent by filling 

the spaces between two seeds is also reported. The result showed improvement comparable 

to the black paint method.  

Another goal is to propose a novel method of tissue typing in PA imaging. A 

temperature change in tissue can lead to changes of several tissue parameters which can be 

used for tissue typing. One of the parameters is the speed of sound in tissue, which 

increases in water-based non-fatty tissue and decreases in fatty tissue as temperature is 

raised. We show that on average, 6.9±1.5 %/min increase and 4.2±1.5 %/min decrease in 

PA intensity are observed in porcine liver and bovine fat samples respectively through one 

minute of laser heating. These results demonstrate that by analyzing the PA intensity 

change of the illuminated sample, one can extract characteristic information that can lead to 

tissue type differentiation. 
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Chapter  1: Introduction 

Technological advancements in medical imaging have given physicians and 

technicians important tools to diagnose diseases noninvasively. Standard modalities 

employed in current diagnostic imaging include x-ray, x-ray computed tomography (CT), 

magnetic resonance imaging (MRI), ultrasonography (US), and various optical imaging 

modalities. Each modality can give a unique set of information about tissues. For 

example, x-ray and CT provide excellent contrast between soft tissue and bones in the 

human body with deep imaging penetration. However, these two modalities expose the 

patients to potentially harmful ionizing radiations.  MRI, on the other hand, utilizes non-

ionizing magnetic field to generate high resolution and strong contrast between soft 

tissues which cannot be achieved with x-ray or CT. The downside of MRI is its high 

operation and maintenance cost and low mobility. Ultrasonography, on the other hand, is 

a highly mobile and relatively inexpensive imaging modality that can provide large 

imaging depth as well as good resolution. Conventional US relies on the difference in 

acoustic impedance (product of speed of sound and density) to generate contrast, which 

can suffer in soft tissues that have low variations in the impedance value.  Optical 

imaging can provide arguably the highest resolution amongst the various modalities with 

the use of non-ionizing near-infrared light. The major drawback of optical imaging is its 

shallow imaging depth due to the high optical attenuation in tissue, severely limiting the 

clinical application.  

Photoacoustic (PA) imaging is a hybrid modality between US and optical 

imaging. It is emerging as a highly promising imaging modality in recent years. The 
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inherent multimodal property of PA imaging allows it to benefit from both worlds of 

acoustics and optics, making it a viable candidate for many applications. Since its 

inception, PA imaging has been widely researched for various application areas such as 

skin, vasculature, breast, brain, and prostate [1–5]. This thesis focuses on using PA 

imaging for prostate-related application. In this chapter, a brief history of PA imaging 

followed by a general summary of the various PA imaging systems currently being 

researched are presented. Advantages and challenges faced by PA imaging are also 

discussed, which lead to the motivation of our work. The chapter concludes with an 

outline of the entire thesis.  

 

1.1 A brief history 

PA imaging relying on the principle of PA, or optoacoustic (OA) effect was first 

discovered separately by Tyndall and Bell in 1880 [6,7]. Sound wave was generated from 

either a solid or gaseous material upon being irradiated by periodically modulated light. 

It was also observed that the resulting acoustic signal had clear dependence on the 

material of the sample, which was attributed to the variation in the optical absorption of 

the sample. The PA effect provided a way for measuring spectra beyond the visible 

regime otherwise undetectable at that time. In spite of the novelty and potential of such 

technique, research on the PA effect remained relatively inactive until the invention of 

the laser in the 1960s. High power, well controlled directionality, and spectral purity 

provided by the laser gave researchers the means to consistently generate reliable light 

source for excitation. This brought much needed interest back to the PA field. The first 
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wave of research on PA centered mainly on gas analysis and photochemical studies [8,9]. 

Applying the PA effect for imaging was not realized until 1980 when Bowen published 

his proof of concept for the potential of PA imaging in biological tissues [10]. By the 

turn of the millennium, a series of PA imaging studies of various applications were 

published [3,11–13]. The popularity of PA imaging for diagnostic as well as therapeutic 

medicine has grown rapidly since.   

 

Figure 1.1: Number of publications containing the keywords "photoacoustic" or "optoacoustic" 

from 1970 until present. The numbers are tabulated with search results gathered on Web of 

Science (Thomson Reuters, USA). 

 

1.2 Photoacoustic imaging system 

The most essential components of any PA imaging system are the light source 

and the US transducer. The former is to successfully generate the PA effect, and the latter 

is to receive the PA waves caused by the PA effect. Over the years, many innovations 

and optimizations have been made to transfer the PA imaging technique into a clinically 

viable imaging modality.  



4 

 

PA tomography (PAT) is currently the most common configuration due to its 

simplicity and inexpensiveness. The simplest case of PAT uses a single US transducer 

attached to a mechanical scanning stage, which acquires a set of PA waves at each point 

in space as the transducer is scanned circularly around the sample as shown in Figure 1.2. 

A pulsed laser with large beam diameter is directed at the sample to generate PA waves 

from a large volume. A 2D image can be reconstructed from the recorded data by 

applying the standard back-projection algorithm [14]. Due to the requirement of a water 

bath for 360
o
 scanning, such a setup has limited clinical application and is usually used 

for small-animal imaging [4,15–17]. Yang et al. use a modified version of this setup by 

replacing the single transducer with a linear array transducer in order to gather more PA 

waves at each scanning position [18]. Although such a PAT system can provide 

relatively high resolution images, it suffers from long acquisition time due to the 

mechanical scanning process.   

 

Figure 1.2: A simplified drawing of a single transducer PAT system setup 
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 Recently, several groups have published modified PAT system targeted at breast 

imaging [19,20]. In these approaches, either a curved array or a hemispherical array of 

transducers is employed to capture PAT of the breast. A hemispherical transducer and the 

detected PA image are shown in Figure 1.3. The sensitivity of the system is shown to be 

comparable to x-ray mammography, and it can acquire images at around 5 Hz. Such 

setup, however, has severely restricted applicability since it requires the sample to be 

accessible from a large set of angles.  

 

Figure 1.3 (a) hemispherical detector used in breast imaging, and (b) resulting PA image of the 

blood vessels within the breast. Source: Paul Beard, “Biomedical photoacoustic imaging”, Figure 

4 (a) and (c), © 2011 The Royal Society [20].  

 

  The last group of PAT systems uses a commercially available US transducer, 

typically a linear array. The excitation light source is usually delivered by optical fibres 

physically coupled to the side of the US transducer as shown in Figure 1.4.  Such a 

system has lower cost, high acquisition speed, and can be easily integrated with 

conventional US system for multimodal imaging since both systems share the same 
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transducer. The main drawback is the lower imaging quality due to a lack of a full-angle 

view of the targeted area. Unlike the previous PAT configuration, this setup is designed 

for imaging features that cannot be imaged from multiple angles. Such a configuration is 

called the limited-view PAT system, while the previous ones are known as the full-view 

PAT systems. One example of the limited-view PAT is the system for in-vivo detection 

of skin melanoma and the surrounding vasculatures [1].  

 

Figure 1.4: Drawing of a single linear array PAT system with excitation light delivered through 

fibres attached to the transducer. Source: Paul Beard, “Biomedical photoacoustic imaging”, 

Figure 7 (a), © 2011 The Royal Society  [20].   

 

1.3 Photoacoustic imaging in prostate brachytherapy 

A clinical application that is garnering attention in the use of limited-view PAT is 

urology. In particular, real-time imaging during prostate brachytherapy is of great interest 

to researchers. Brachytherapy is a form of radiotherapy where a number of radiating 



7 

 

sources are planted into and around the targeted cancerous region for localized and long-

term radiation treatment [22]. Each radiating source is called a “seed”, which resembles a 

tiny metallic cylinder that encloses the radiating source inside. During prostate 

brachytherapy, these seeds are inserted into the targeted area. Accurate placement of the 

seeds according to the preoperative dosimetric treatment plan is essential in delivering a 

sufficient dose to the cancerous regions with a minimal dose to healthy tissues. The 

current standard modality used for intraoperative monitoring of the seeds placement is 

transrectal US (TRUS) imaging [23].  

PA imaging is a viable candidate for imaging seeds due to its absorption-based 

imaging principle. Since PA contrast is generated through the PA effect, which in short is 

a process of converting photon energy first to thermal energy and then to acoustic 

energy, the optical absorption coefficient of the sample determines the conversion 

efficiency between photon energy and thermal energy. Several groups have shown that 

PA imaging of brachytherapy seeds is a viable method since the optical absorption 

difference between metal and soft tissue is larger than the corresponding acoustic 

impedance difference which determines the contrast in US imaging [5,24–26].   

 

1.4 Problem statement and motivation 

Despite the high contrast in seed imaging, challenges still exist with PA 

brachytherapy imaging and they are mainly twofold: shallow imaging depth and limited-

view angle. A PA system has deeper imaging depth than most of the optical imaging 

modalities while maintaining relatively high resolution since the received PA signals are 
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in the form of acoustic waves. This does not necessarily mean that PA imaging can reach 

the same depth as an US system. PA imaging depth is still ultimately constrained by the 

penetration depth of excitation photons. Although it is not required for the penetrating 

photons to be well focused in order to achieve high resolution, it is still essential for the 

photons to deliver enough energy to generate the PA effect. In practice, brachytherapy 

seeds are placed as far as 7 cm away from the TRUS probe. The depth constraint coupled 

with the limited-view problem pose a serious challenge in PA imaging of the deeper 

brachytherapy seeds. Many groups have proposed modified reconstruction algorithms for 

limited-view PAT imaging in order to increase the image quality as well as penetration 

depth [27–30]. 

The focus of the first part of this thesis is on improving the PA imaging depth of 

brachytherapy seeds by modifying the seeds directly. This approach was motivated by 

the use of nanoparticles as a contrast enhancing agent in PA imaging [31]. The 

methodology for coating the seeds with contrast enhancing material is investigated and 

presented. The aim is to devise an efficient coating scheme that can allow deeper PA 

imaging depth in tissue. If successful, the PA imaging depth can be improved without 

any added hardware cost (e.g. for a better transducer) or increased computational time in 

post-processing.  

The second part of the thesis outlines our work on an intensity-based tissue typing 

method using PA imaging. Previously, tissue typing has been reported by analyzing a 

time series data which is a set of continuously acquired US B-mode frames over a period 

of several seconds [32]. The thermal effect induced by the US beam is attributed as one 
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of the possible causes for tissue dependent variations in the time series data. We 

hypothesize that by capturing the time series data in PA imaging, tissue typing may also 

be a possibility since thermal effect by the laser could be more significant than by the 

US. Moreover, the speed of sound c in tissue is reported to have a temperature 

dependence that is characteristic to the type of tissues [33]. In pulse-echo US imaging, 

the change in c is observed in the temporal shift of the reflected signals, and groups have 

successfully measured temperature change in biological tissue by analyzing such shift 

[34–36]. The change in c is detected differently in PA imaging. The initial amplitude of 

the PA wave caused by the PA effect is shown to be proportional to c
2
. Therefore, by 

analyzing the PA signal intensity change as the tissue temperature is raised we hope to 

extract tissue specific information from the PA data.  

In this thesis, firstly a PA system is developed using a commercial US system for 

limited-view PAT imaging. Secondly, methods of enhancing PA contrast of 

brachytherapy seeds are investigated, and the improved performance of such seeds is 

demonstrated on our PA system. Lastly, a novel method of tissue typing using PA 

imaging is proposed and the results presented.  

 

1.5 Organization of the thesis 

Chapter 1: A brief overview of the theoretical background of PA imaging is given. 

Literature review on the current state of PA imaging is conducted. Finally, 

challenges faced with PA imaging are discussed and our goals for this 

thesis are proposed.  
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Chapter 2: Theoretical background with regard to PA imaging is presented. Aspects 

such as generation, propagation, attenuation, and mechanisms of contrast 

are discussed.  

 

Chapter 3:  The PA imaging system setup developed is introduced. Key changes made 

to the system for optimization and improvements are presented. The 

reconstruction algorithm employed for obtaining PA images is discussed. 

PA images of phantoms are acquired to characterize the system 

performance and imaging quality. 

 

Chapter 4: PA imaging for detecting brachytherapy seeds is presented. Specifically, 

methods of improving the PA contrast of the seeds are reported and the 

results verified by the PA imaging system.  

 

Chapter 5:  A novel method of intensity-based tissue typing using PA imaging is 

presented. The analysis method and the results of such method performed 

on two tissue types are presented and discussed. 

 

Chapter 6: The concluding chapter summarizes the work presented in the thesis and 

discusses the possible future directions of the project.   
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Chapter  2: Photoacoustic Theory 

PA imaging is an emerging medical imaging technique that obtains the optical 

absorption information of the sample through the detection of acoustic waves produced 

by the PA effect. The PA effect is caused by exposing an optically absorbing sample to 

electromagnetic pulses (e.g. near-infrared light for biological tissue imaging), which 

causes the sample to experience a temporary temperature increase due to absorption. The 

heated region undergoes thermoelastic expansion and produces an abrupt and localized 

pressure change. This change results in a transient PA wave that propagates from the 

excitation region out toward the surface of the sample for collection by a US transducer. 

Unlike conventional US, the collected acoustic waves contain optical information of the 

sample. Therefore, PA imaging is considered to be a hybrid modality that measures the 

optical information (optical regime) carried by acoustic waves (acoustic regime). In this 

chapter, an overview on the theoretical background of PA imaging is presented.    

 

2.1 Thermal and stress confinement 

In order to generate the PA effect in a tissue sample, a short laser pulse on the 

order of nanoseconds is usually delivered onto the sample. There are two physical 

conditions, known as the thermal and stress confinements, that must be fulfilled for 

successful generation of the PA effect, and the laser pulse width needs to be sufficiently 

short to meet these conditions. Equation 2.1 describes the dissipation time scale of the 

absorbed laser energy through thermal conduction in the tissue sample [37]:   
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 (2.1) 

where    is the characteristic linear dimension of the absorption structure, and    is the 

thermal diffusivity of the sample. For soft tissues,    is typically around 1.4 × 10
-7 

 m
2
/s 

[38]. Considering that the typical imaging resolution of a PA imaging system being at 

millimeter to sub-millimeter range,    = 50 µm is a reasonable lower limit approximation 

of tissue structure size that can be resolved. This leads to an estimated thermal 

dissipation time,    , of several hundred microseconds. Thermal confinement states that 

the pulse width of the illumination light needs to be shorter than     in order to neglect 

the effect of heat diffusion during the excitation process. Otherwise, no heat can be built 

up quickly enough to result in a localized temperature increase. The second condition, 

stress confinement, is related to the stress relaxation time in tissue described by: 

    
  

 
 (2.2)  

where c is the speed of sound in the medium. Using the average speed of sound value in 

soft tissue of 1540 m/s and    mentioned earlier, the stress relaxation time    is measured 

in the tens of nanoseconds. Once the pulse width of the light is shorter than   , the stress 

confinement condition is met where high thermoelastic pressure can be rapidly built up 

before stress relaxation takes place. This is why a laser pulse on the time scale of 

nanoseconds is necessary to generate the PA effect.  
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2.2 Photoacoustic wave generation 

Once the thermal and stress confinements conditions detailed above are satisfied, 

the sample excited by a delta laser pulse undergoes a localized pressure change described 

by:  

        
   

  
       (2.3) 

where    is the optical absorption coefficient of the sample in cm
-1

, F is the local optical 

fluence in mJ/cm
2
,    is the isobaric volume expansion coefficient in K

-1
,    is the 

specific heat capacity at constant pressure in J/(g K), and c is the speed of sound. The 

terms enclosed in parenthesis in Equation 2.3 make up a dimensionless parameter called 

the Grueneisen parameter, Γ. This parameter relates the pressure change    to the 

deposited optical energy F, and is measured to be ~0.8 in fatty tissue and ~0.2 in blood 

[39].  

The initial pressure rise depends on the optical absorption and the Grueneisen 

parameter, assuming the local laser fluence rate is constant over the imaging area. In 

tissue, the variation in    among different constituents is much larger than that of the 

Grueneisen parameter, and therefore the key information carried in the PA wave is the 

optical property (    of the sample.   

 

2.3 Photoacoustic wave propagation 

The propagation of a PA wave        at position   and time   generated from an 

initial pressure rise of       is governed by the generalized wave equation: 
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 (2.4) 

where      is the heating function of the laser pulse and can be approximated as a delta 

function. Equation 2.4 is usually solved by applying a Green’s function, and the detailed 

solution can be found in [40].   

 When a spherical absorber of radius R and uniform optical absorption coefficient 

   is excited by a laser pulse, the resultant PA wave has a N-shaped waveform [41]. 

Figure 2.1 shows the resultant pressure wave in the 1D case. The width of the N-shaped 

wave in temporal domain is equal to twice the quotient of R/c, where c is the speed of 

sound in the sphere. 

 

Figure 2.1: Pressure wave generated from a spherical absorber of radius R and speed of sound c. 

 

 Three crucial pieces of information can be obtained from the N-shaped wave 

generated from the source. Firstly, the amount of time between the firing of the laser and 

the detection of the wave represents the distance of separation between the source and the 

detector. Secondly, the physical size of the absorber can be measured by examining the 
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time difference between the two edges of the N-shaped wave. Lastly, the amplitude of 

the arriving PA wave can be used to quantitatively extract information on the optical 

absorption property of the absorber according to Equation 2.3. 

The N-shaped PA wave generated above can also be analyzed in the frequency 

domain. For an absorber of radius R, and speed of sound c, its frequency amplitude 

spectrum      can be calculated according to [42]: 

      
 
  

 
     

  

 
      

  

 
 

 
  

 
 
  (2.5) 

The spectrum magnitude of two spherical absorbers with different sizes is shown in 

Figure 2.2. As the diagram illustrates, for PA imaging where a nanosecond excitation 

laser pulse is used to generate the PA wave, the resulting frequency content can extend 

possibly to hundreds of megahertz depending on the dimension of the absorber. 

Typically, smaller the absorber size, broader the bandwidth becomes. However, not all of 

the generated frequency content can be detected due to the finite detection bandwidth of 

the transducer.  

 

Figure 2.2: Frequency spectrum of two spherical absorbers of radius 1 mm and 100 µm.  
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2.4 Photoacoustic wave attenuation 

There are several factors that can affect image quality, where signal attenuation 

often plays a key role. Its effect on the image quality is especially apparent in optical 

imaging. An optical imaging modality often has to make a compromise between either 

large imaging depth or high imaging resolution because of high photon attenuation in 

biological tissue. Transport mean free path (TMFP) describes the average distance a 

photon can travel before being attenuated. It is a parameter used to establish two regimes 

which a photon propagating through tissue can be in. Any photons that are collected 

within the TMFP are considered in the ballistic or quasi-ballistic regime. Otherwise, they 

are considered in the diffusive regime [43]. In order to achieve high spatial resolution, 

only ballistic or quasi-ballistic photons can be used. Optical imaging systems using such 

photons are generally referred to as ballistic imaging system. Considering that the 

average TMFP in soft tissue with a near-infrared light source is at most 1 mm, ballistic 

imaging modalities such as confocal microscopy or multiphoton microscopy have very 

limited imaging depth in order to achieve high spatial resolution of a few micrometers 

[44–46]. Such shallow imaging depth severely restricts the clinical applicability of the 

imaging technique [47]. Conversely, diffuse optical imaging uses photons in the diffusive 

regime. Modalities such as diffuse optical tomography are no longer limited by the 

TMFP and can penetrate several centimeters into tissue in near-infrared. The trade-off is 

their poor resolution typically in the millimeter  range [47].  
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Figure 2.3: Illustration comparing three modalities: optical, PA, and US. Photons in optical 

modalities are attenuated optically twice, whereas they are only attenuated once in PA before 

being converted to acoustic wave, which is attenuated less in tissue.   

 

The inherent bi-modal nature of PA imaging allows it to overcome the diffusion 

limited imaging depth faced by optical systems without sacrificing spatial resolution. As 

discussed in the previous section, unlike other optical systems, optical information in a 

PA system is transported by acoustic waves over a broadband of frequency. As Figure 

2.3 illustrates, photons are attenuated only in the excitation path before conversion to 

acoustic waves through the PA effect. On the other hand, information obtained in other 

optical modalities undergoes optical attenuation twice in both the excitation and 

collection paths. The acoustic attenuation in tissue is frequency dependent and is 

estimated to be 0.6 dB cm
-1

MHz
-1 

[48]. The lower frequency PA signal is attenuated 

several orders of magnitude less than the optical counterpart [49]. The higher frequency 

signal over ~15 MHz is still attenuated quickly in tissue. Considering the fact that an US 
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transducer has limited detection bandwidth, the higher frequency signal is not detected 

regardless of the attenuation. Therefore, PA imaging is capable of imaging deeper than 

common optical modalities.  

 

2.5 Photoacoustic contrast mechanism 

As shown in Equation 2.3, PA imaging contrast originates from the mechanical 

( ,   , thermodynamic (  ), and optical (    properties of tissue. The Grueneisen 

parameter expresses the first three parameters as a single entity, and it describes the 

thermo-mechanical property of the tissue. The optical absorption coefficient is the 

dominating source of PA imaging contrast in biological tissue since it can vary several 

orders of magnitude among various tissue constituents. The Grueneisen parameter, 

however, has much lower variation in soft tissue. PA imaging is thus often referred to as 

an absorption based modality.  

Figure 2.4 shows the optical absorption coefficient of the main absorbers in 

biological tissue. Below 1000 nm, both oxy-haemoglobin (HbO2) and deoxy-

haemoglobin (HHb) are the most absorbing tissue constituents, with several orders of 

magnitudes higher absorption than water or lipid. This allows high contrast PA imaging 

of the vasculature [2].  The spectra differences between HHb and HbO2 can be used for 

measuring haemoglobin concentration and blood oxygenation level [50].  Although 

melanin has higher absorption than haemoglobin, the melanin distribution is considered 

to be highly localized to the skin and retina, where blood is a major tissue constituent 
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throughout the body [51,52]. Above the 1000 nm regime, both water and lipid start to 

dominate over hemoglobin in optical absorption.    

 

Figure 2.4: Optical absorption coefficient,   , of various tissue chromophores. Black dash line: 

melanin; Red line: oxy-haemoglobin (HbO2); blue line: deoxy-haemoglobin (HHb); black solid 

line: water; yellow line: elastin; green line: collagen; pink and brow lines: lipid [21].  
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Chapter  3: Photoacoustic Imaging System 

In this chapter, an overview of our PA imaging system is presented. The system is 

a type of the limited-view PAT configuration where the laser illuminates a large tissue 

area, and a commercial linear array US transducer is used as the detector. Specific 

information regarding each part of the setup is detailed below. Optimization and 

improvement made to the synchronization and acquisition scheme are also presented. 

The back-projection algorithm used in reconstruction of PA images from the received 

raw data is described. Finally, imaging phantoms are tested for characterizing the system 

performance.   

 

Figure 3.1 The schematic of the essential pieces in the PA imaging system. ND:YAG: Surelite II 

neodymium-doped yttrium aluminum garnet laser; OPO: optical parametric oscillator.  

 

3.1  Light source 

As mentioned in Chapter 2, the illumination light plays a key role in PA imaging. 

Its pulse width needs to be sufficiently short to successfully induce the PA effect, and its 

wavelength determines which constituent of the tissue is the dominating source of 
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imaging contrast. The ability to tune the laser to a specific wavelength depending on the 

application is vital for the system to image various types of absorbers.  

 A Surelite II laser coupled with an optical parametric oscillator (OPO), both 

manufactured by Continuum, Inc. (Santa Clara, CA, USA), is used as the light source. 

Surelite II is a Q-switched pulsed neodymium-doped yttrium aluminum garnet 

(ND:YAG) laser. The laser outputs 532 nm light at 10 Hz repetition rate with peak 

energy of 350 mJ. The pulsewidth is 5 ns. The peak energy is adjustable for possible 

clinical applications where the illumination energy is required to meet the ANSI safety 

limit. The 532 nm light from the Surelite II laser then pumps an OPO unit for wavelength 

tuning. The OPO is a passive unit capable of converting the incoming pump light of 

frequency    into two outgoing waves known as the signal and the idler of frequencies 

   and    respectively through nonlinear optical interaction [53]. The sum of the 

frequencies of the two output waves equals to the input wave frequency:    

          (3.1) 

 By utilizing either the signal or the idler output, we can tune the output 

wavelength from 680 nm to 2500 nm. Shorter wavelength such as 700 nm is typically 

used for imaging blood-rich tissue such as porcine liver, and longer wavelengths of 930 

nm or 1210 nm are chosen for fatty tissue due to the high absorption peaks of lipid at 

those wavelengths as shown in Figure 2.4. The OPO peak output energy is wavelength 

dependent and can reach as high as 120 mJ at around 700 nm. Given a typical 

illumination area of ~3 cm
2
, this energy translates to a fluence rate, F, of 40 mJ/cm

2
. 

Table 3.1 summarizes the laser specifications.  
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Table 3.1: Specifications of the pump laser source and the optical parametric oscillator 

Laser Specifications 

Pump laser source 

Type ND:YAG 

Repetition rate 10 Hz 

Center wavelength 532 nm 

Output energy 350 mJ 

Optical parametric 

oscillator (OPO) 

Tunable wavelength range 680 – 2500 nm 

Peak output energy 120 mJ 

Pulse width 5 ns 

 

3.2 Photoacoustic wave detection 

A commercially available 38mm wide 128-element linear-array ultrasound 

transducer (Model: L14-5/38mm) is used as the PA wave receiver. The center frequency 

of the transducer is 7.2 MHz with 70% fractional bandwidth. Since a typical PA wave is 

considered to be broadband, the US transducer effectively acts as a band-pass filter, 

discarding frequency content outside of the bandwidth. In clinical applications which 

require up to several cm of imaging depth, the high frequency PA signal is already 

attenuated acoustically before reaching the US transducer. The received data is then 

acquired through a module called the SonixDAQ (Ultrasonix Medical Corporation, BC, 

Canada). It is a specialized research module developed for receiving raw acoustic data 

simultaneously from all 128 channels at 40 MHz sampling rate. The stored raw data is 

uploaded to a Windows based US unit (SonixMDP, Ultrasonix Medical Corporation) via 

a USB 2.0 interface. The SonixMDP is also responsible for hardware initialization and 

running acquisition software as well as tuning the output wavelength of the laser system 

through a RS-232 connection.  
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3.3 Synchronization and acquisition 

For an imaging system that consists of separate transmission and receiving units 

such as ours, accurate synchronization plays a key role in the data acquisition process. It 

is also the main aspect in the system setup where several designs are investigated for 

optimization and improvement.  

 

Figure 3.2: Two synchronization trigger signal setups. Dashed lines: trigger signal pathway; 

double solid lines: DL1-156 zero insertion force (ZIF) connector; single solid line: USB 2.0 

connection. a) the original setup where the Surelite II triggers the SonixMDP which in turn 

triggers both the SonixDAQ and the transducer; b) trigger signal from Surelite II is inverted 

through a signal generator which in turn triggers the SonixDAQ directly. Note that SonixMDP 

acts as a bridge in transferring received data from the transducer to the SonixDAQ in (a), and in 

(b) a specialized connector is used instead. 

 

In the first design, data acquisition is synchronized to the laser source (Figure 

3.2(a)). A trigger signal generated from Surelite II upon each laser pulse is first passed 

into the SonixMDP. A trigger signal relayed from the SonixMDP then activates the 

SonixDAQ to start data acquisition for one frame. Each subsequent firing of the laser 

pulse results in an additional frame to be stored inside the SonixDAQ until a user set 
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buffer size is filled. Finally the entire set of frames is uploaded via USB 2.0 to the 

SonixMDP. Two major problems, however, arise from this design.    

First of all, the start of frame acquisition by the SonixDAQ, tDAQ, lags behind 

tpulse, the time each laser pulse is fired at the sample, as shown in Figure 3.3. The time 

difference is found to be approximately 15 µs. Since the PA wave is being generated 

precisely at tpulse, such a lag restricts how close the sample can be to the surface of the 

transducer. Moreover, in order to reconstruct the image successfully, the beginning of 

each frame needs to be padded with the correct amount of zeroes to compensate for the 

lag. The cause of such delay is determined to be of two origins: shape of the trigger 

signal and inherent hardware and software delay within the SonixDAQ. The output 

trigger signal from Surelite II is an inverse square wave of duration ~12 µs. While the 

falling edge of the triggering square wave corresponds to tpulse, SonixDAQ is designed to 

be triggered on the rising edge. In addition, there are several µs of lag caused by both the 

hardware and the data acquisition software of the SonixDAQ.  

 

Figure 3.3: Trigger signals and frame acquisition timeline. The start of each frame did not 

coincide with each laser pulse. Samples within the first 15 µs cannot be measured. Not drawn to 

scale.  
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 The second problem is related to data acquisition. As shown in Figure 3.2 (a), the 

SonixMDP acts as a bridge between SonixDAQ and the US transducer. Received data 

from the transducer passes through SonixMDP first before being amplified and stored 

into the onboard buffer in the SonixDAQ. This introduces a large amount of electronic 

noise to the raw data as shown in Figure 3.4 (a). A low-pass filtering with cutoff 

frequency at 15 MHz is implemented to remove most of the noise while some vertical 

noise artifacts remain unfiltered.  

 
Figure 3.4: Comparing raw SonixDAQ received data. a) original setup without filtering; b) 

original setup with low-pass filtering; and c) improved setup without filtering. Arrows denote the 

vertical and horizontal pattern noise artifact. Each image is approximately 2 × 4 cm.   

 

 To solve both the above mentioned problems, a revised design is implemented 

(Figure 3.2 (b)). There are two major changes in the second design. Firstly, a specialized 

connector manufactured by Ultrasonix allows the US transducer to make a direct 

connection to SonixDAQ, bypassing the SonixMDP. This essentially reduces the role of 

the SonixMDP to only storing data in memory. The raw data received in this fashion is 

shown in Figure 3.4 (c). It should be noted that this set of data is displayed without any 

filtering. Not only is the noise reduced, more details are also preserved since low-pass 

filtering is not required. There is, however, one major drawback to this design. With the 

transducer being directly connected to a passive data receiving module, it can no longer 

actively transmit any US pulses. It does not affect PA imaging since the transmission is 
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generated from the laser and the transmitting mode has to be turned off to avoid 

interference with the PA wave. This will be problematic when both US B-mode imaging 

and PA imaging are required to be performed with the same setup. In this case, the 

transducer has to be able to both transmit and receive and therefore it needs be connected 

to the SonixMDP similar to the first design. Since the frame rate of PA imaging is 

limited by the repetition rate of the laser pulse at 10 Hz, the US B-mode imaging can be 

acquired between two laser pulses. Another change in the design is the direct triggering 

of the SonixDAQ by Surelite II. A signal generator is placed between the two for 

inverting the square wave generated by the laser. Such a trigger pattern, however, does 

not fully reduce the time lag to zero between the laser and the SonixDAQ. There are still 

approximately 5 µs of lag caused by both the hardware and software, which restricts the 

system in imaging samples close to the transducer.  
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Figure 3.5: Top: the finalized synchronization and acquisition system setup. Bottom: the 

corresponding trigger signal and frame acquisition timeline. Not drawn to scale.  

 

 With help from Hamid Moradi, an additional optimization is made to the setup to 

resolve the time lag issue. As shown in Figure 3.5, in the third design, a signal generator 

is used as the trigger source that triggers both Surelite II for firing a laser pulse and 

SonixDAQ to start data acquisition. Similarly, the SonixDAQ is triggered on the rising 

edge and frame acquisition starts shortly thereafter. As shown in Figure 3.5, the only 

difference is that tpulse now takes place ~200 µs after tDAQ. This is due to the operating 

nature of the Q-switched laser unit. In short, the external trigger sent to the laser only 

triggers the flash lamp, a process within the laser cavity that builds up population 

inversion. Upon receiving a Q-switch trigger which is controlled internally by the laser, 



28 

 

the laser outputs a nanosecond high energy pulse [54]. The time delay between the flash 

lamp trigger and Q-switch trigger, usually several hundreds of µs, is called the Q-switch 

delay. This delay can be adjusted and it controls the output power of the laser. This delay 

has resulted in tDAQ happening prior to tpulse. By placing an accurate amount of delay in 

the acquisition software before each frame acquisition, one can synchronize tDAQ and tpulse 

properly. This delay time is determined experimentally to be 209 µs. For future 

implementation, two trigger signals can be used to trigger the laser, where the first signal 

triggers the flash lamp and the second one triggers the Q-switch. In this approach, the 

second signal can also trigger the SonixDAQ and synchronize tDAQ more precisely with 

tpulse.  

3.4 Photoacoustic image reconstruction 

The goal of image reconstruction in PA imaging is to obtain a map of the initial 

pressure distribution,   , generated by the PA effect, from the raw data acquired by the 

SonixDAQ. Retrieving    is quite essential to PA imaging because it contains several 

important tissue parameters, most noticeably the absorption coefficient (Equation 2.3). 

Back-projection, k-space reconstruction, and the inverse Radon transform are a few of 

many reconstruction techniques developed for PA imaging [14,55,56]. In this project, 

back-projection is chosen as the reconstruction algorithm for its simplicity and 

versatility.  
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Figure 3.6: 2D illustration of the back-projection principle. The PA source, located rn away from 

the nth channel in a linear array transducer, generates a PA wave that is detected at time tn= rn/cm, 

where cm is the speed of sound of the medium.  

 

 When a PA wave is generated from a source, it propagates out toward the surface 

of the sample. When a transducer records a pressure wave at time t after the laser 

excitation, the physical distance between the transducer and the PA source, r, can be 

calculated by r=tcm, where cm is the speed of sound of the medium. As Figure 3.6 

illustrates, the detected signal needs to be projected onto a circular arc of radius r to 

account for all possible locations the particular PA source might be at. The overlapping 

point of all the arcs produced by the transducer array indicates the location of the PA 

source.   
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Figure 3.7: Reconstruction of a small point-source like object using (a) 1 channel, (b) 2 channels, 

(c) 3 channels, (d) 10 channels, and (e) 128 channels of the acquired data. Scale bar denotes 

1mm.  

  

 In theory, only two transducers are needed to pinpoint a point source in 2D PA 

imaging. In practice, however, many more transducers are required for high quality 

image. Figure 3.7 compares the image reconstruction of a point-source like object when 

different numbers of transducers (selected from a 128 element linear array transducer) 

are used. Figure 3.7 (a) illustrates the reconstructed image if only the data received by 

one transducer is used. As we can see, only a single arc of signal is reconstructed with no 

possible information on where the source is located. Figure 3.7 (b) is the result of 

reconstruction from a pair of transducers. Although the point source can be vaguely 

identified at the overlapping point of the two arcs, it has extremely poor quality. Since 

the overlapping point is the sum of the two arcs, its signal intensity is only twice as much 
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as the arcs, equivalent of a 6dB signal-to-noise ratio (SNR). As more channels are used, 

the reconstructed image becomes more point-source like. One major improvement with 

using all 128 channels is the suppression of the reconstruction artifacts due to the back-

projecting arcs. Mathematically, the intensity of the reconstructed point source with 128 

channels of data is 42 dB stronger than the arcs, whereas it drops to 20 dB for the 10 

channel case.  

 

3.5 System characterization 

To demonstrate and characterize the PA system, several phantoms are 

manufactured and the reconstructed images are analyzed in the following sections. 

  

3.5.1 Axial and lateral resolution 

A common method in determining spatial resolution is to measure the full-width-

half-maximum (FWHM) of the point-spread-function (PSF). For PSF measurement, an 

object with spatial dimensions much smaller than the system resolution is typically used. 

For PA imaging, one approach is to focus the excitation light onto a piece of black foil in 

order to generate a point-source image [18]. A different approach by imaging the cross-

section of a single strand of human hair embedded in gelatin phantom is chosen in our 

study as shown in Figure 3.8. The average diameter of a human hair strand is ~70 

microns which is well below the theoretical resolution of our system according to 

Equation 3.2 [57].  
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The result is shown in Figure 3.9 with the axial and lateral profile through the 

maximum peak plotted in scale on the side. The image can be regarded as a close 

approximation to the PSF of our system. The FWHM values, which correspond to the 

spatial resolutions, are determined to be 0.44 mm and 0.52 mm for axial and lateral 

directions respectively.  

 

Figure 3.8: Setup used to image the cross-section of a hair strand. The red disk represents the 

illumination area. Not drawn to scale.  

 

In conventional pulse-echo US imaging, axial resolution is determined by half the 

spatial pulse length, which is defined as the product of the number of cycles in a pulse 

and its wavelength [58]. This is why a high frequency US transducer (i.e. center 

frequency of 50 MHz) can resolve objects in the order of several tens of microns since it 

can transmit pulses with much shorter wavelength. Ultimately, the resolution in US 

imaging depends on the frequency content of the received signals. Similarly, axial 

resolution in PA imaging is also a function of the frequency spectrum of the received 
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signal. When a band-limited transducer is used, the higher cut off frequency (       ) of 

the transducer determines the axial resolution.   

 

Figure 3.9: The reconstructed PA image of the cross-section of a hair strand. The axial FWHM 

distance is 0.44 mm, and lateral FWHM is 0.52 mm. Scale bar denotes 1 mm.  

  

Equation 3.2 describes the theoretical PSF of PA imaging with a limited 

bandwidth US detector [59]: 

      
  

   
 
      

  
             (3.2) 

where              , R is the displacement from the point source, and J1() is the first-

order spherical Bessel function of the first kind. For example, the transducer used in our 

system has a higher cut off frequency (       ) at 14 MHz. The theoretical axial 

resolution can be estimated from Eq. 3.2, and it is 0.10 mm for our transducer. There are 
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several factors that may have affected the degraded axial resolution obtained in the 

previous experiment. First of all, Equation 3.2 assumes the US transducer is a point 

detector that has an ideal flat frequency response in the bandwidth. In practice, a 

transducer has finite dimension and a frequency response that resembles a Gaussian 

shape. Second, it assumes that the detected PA signal propagates through a lossless 

medium. This cannot hold true in reality, as any medium will attenuate the acoustic 

signal to a certain degree. As mentioned earlier, higher frequency signals are attenuated 

more quickly than the lower ones, effectively altering the frequency content of the 

received signal. Lastly, the received signal is convoluted with the electrical impulse 

response of the transducer which further degrades the resolution.  

 

Figure 3.10: Theoretical PSF for a transducer with a high cut off frequency of 14 MHz. The 

FWHM is 0.10 mm.  

  

3.5.2 Field of view 

In the imaging plane, the field of view (FOV) is limited by the spot size of the 

excitation light. Since NIR wavelengths are often used, visual measurement of the spot 

size is rather difficult and inaccurate. A method is devised to obtain a quantitative 
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measurement of spot size by imaging an array of black dots printed onto a piece of paper 

(Figure 3.11). Each dot is approximately 0.1 mm in diameter and spaced 1 mm apart.  

 

Figure 3.11: Setup used to image the arrays of dots printed on a piece of paper. The red disk 

represents the illumination area. Not drawn to scale. 

 

 Figure 3.12 displays the reconstructed PA images of the same dot array pattern 

under three different laser wavelengths. A circle of 20 mm diameter is drawn on each 

figure for visual reference. It is observed that the PA intensity does not have a smooth 

Gaussian distribution. This can be caused by the non-Gaussian distribution of the laser 

beam. Another reason is that the printed dots may have uneven shades of black, resulting 

in varying amount of absorption for each dot. Also, the misalignment of the paper 

phantom within the image plane of the transducer may also affect the distribution of the 

PA intensity.  
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Figure 3.12: PA images of printed dot arrays with (a) 700 nm, (b) 800 nm, and (c) 900 nm 

excitation wavelength. Dashed circles of 20 mm in diameter are shown for reference. Scale bar in 

(a) denotes 1 mm.   

 

 From Fig. 3.12, an effective FOV is found to be ~3 cm
2
 circular area in this PA 

system. The FOV can be increased by expanding the laser beam but eventually it is 

limited by the laser fluence that are required to excited PA signal. In tissue imaging, the 

incident light is quickly scattered and diffused before reaching the desired imaging depth, 

resulting in a more uniform distribution of energy. An optical diffuser can also be used to 
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improve the uniformity of the laser energy distribution, removing any hot-spots in the 

energy distribution.  

 

3.5.3 Limited-view PAT limitation 

In this section, an important limitation of limited-view PAT configuration such as 

ours is presented. As Figure 3.13 illustrates, when imaging samples with structures that 

are perpendicular to the transducer surface, it becomes extremely difficult for PA 

imaging to detect such structures. The reason lies within the directionality of the PA 

wave. For a single point source, the generated PA wave is spherical. The PA wave 

generated from a line source, however, exhibits a clear horizontal wavefront that 

propagates away from the line source. If the transducer is placed perpendicularly to the 

line structure, it cannot receive the PA wave that propagates in the perpendicular 

direction. For circles, it becomes increasingly difficult to identify the arc as the tangential 

line to the arc approaches 90
o 

relative to the transducer, whereas for a square pattern, 

there are nearly no signals received from the two vertical sides. In order to detect the 

missing structures, the transducer needs to be rotated to acquire PA signals from 

additional angles. In most in-vivo applications such as prostate imaging, however, multi-

angle access is difficult. Paltauf et al. has proposed an iterative reconstruction method in 

order to compensate for lack of information in limited-view PAT [29].  
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Figure 3.13: PA image of (a) a printed circle pattern and (b) a printed square pattern. The original 

printed patterns are shown in the insets.  
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Chapter  4: Photoacoustic Imaging of Brachytherapy Seeds 

Prostate cancer is the leading incident cancer in the male population in developed 

countries [60]. Amongst the 100,000 newly reported cancer cases in Canadian men in 

2013, nearly a quarter of the cases were prostate cancer [61]. Since the introduction of 

prostate specific antigen (PSA) screening in the early 1990s, many cases of prostate 

cancer can be detected at an early-stage and a wide range of treatment options have 

become available for patients such as radical prostatectomy, brachytherapy, external 

beam radiotherapy and primary androgen deprivation therapy [62].  Brachytherapy is 

emerging as the second most popular form of therapy following radical prostatectomy for 

low-risk localized prostate cancer patients [63].  

Brachytherapy involves the implantation of radioactive sources known as seeds 

directly into the cancerous tissue region. These seeds are small cylindrical metallic 

casings with radioactive sources of either iodine-125 or palladium-103. In comparison to 

radical prostatectomy, brachytherapy can be performed on an outpatient basis with short 

recovery time and less severe side-effects [22]. Figure 4.1 illustrates a typical prostate 

brachytherapy procedure. The specialized US probe inserted into the rectum is the TRUS 

probe.  

As mentioned in Chapter 1.3, accurate placement of the seeds is essential and 

TRUS imaging enables the physician to monitor the inserted seeds in real-time and make 

necessary adjustments. Studies have shown, however, that TRUS imaging can sometimes 

suffer in imaging quality on visualizing  brachytherapy seeds due to their small size (the 

diameter is approximately three times the acoustic wavelength), speckle, acoustic 
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shadowing, and off-axis seed orientation [64]. An alternative method is to include X-ray 

fluoroscopy as a secondary modality to depict the distribution of seeds in addition to 

TRUS. X-ray, however, exposes both patients and clinicians to additional radiation, and 

imaging cannot be performed simultaneously with TRUS, rendering the procedure more 

time-consuming. Therefore, various attempts have been made to improve seed 

localization using ultrasound based techniques such as magnetically induced motion 

imaging [65], transurethral ultrasound imaging [66], and 3D TRUS imaging
 
[23].  

 

Figure 4.1: Drawing of a prostate brachytherapy procedure. Radiating seeds are inserted using 

brachytherapy needles, while the TRUS probe continuously monitors the seeds location. © Mayo 

Foundation for Medical Education and Research. All rights reserved. 

(http://www.mayoclinic.org/tests-procedures/prostate-brachytherapy/multimedia/permanent-

prostate-brachytherapy/img-20008710) 

 

PA imaging is shown to be a strong candidate for brachytherapy seed imaging 

due to its absorption-based imaging principle [5,25]. As Figure 4.2 illustrates, stainless 
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steel, a commonly used material in brachytherapy seeds, has high absorption. The 

challenge, as stated earlier, is the limited imaging depth due to high optical attenuation in 

tissue. In this chapter, as initial feasibility tests, we present the methods applied to 

modify brachytherapy seeds in order to increase its PA contrast. The difference in 

performance between the modified seeds and non-modified seeds are compared. 

 

Figure 4.2 Absorption spectra of the major tissue constituents with the addition of Cr2O3, a 

common surface passivation layer of stainless steel, and Fe2O3, the core of stainless steel [25].   

 

   

4.1 Methods 

Figure 4.3 shows the PA imaging set up. As detailed in Chapter 3.3, triggering is 

initiated by the laser source and relayed directly to SonixDAQ. The US imaging plane is 

adjusted to align with the seeds and held in stationary position throughout the 

experiment.  
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Figure 4.3: Setup diagram of the PA system used. Layers of chicken tissue were varied to 

simulate different optical penetration depth. Dashed line represents that the laser unit is triggering 

the SonixDAQ directly.  

 

Non-radiating brachytherapy seeds (OncoSeed Model 6711), 4.5 mm in length 

and 0.5 mm in diameter, from Oncura, Inc. (Arlington Heights, IL, USA) were used 

(Figure 4.4). Two different methods of seed modification were investigated. In the first 

method, a layer of black paint was used as an absorption enhancing material and applied 

as coating to the seeds. To study the effect of the coating, the coated seed was inserted 

into a polyvinyl chloride (PVC) phantom along with a bare seed and imaged under 

different wavelengths to obtain the PA spectrum of the seeds. Experiments comparing 

the imaging depth of the coated and the bare seeds were also performed.
 
 Lastly, a 

gelatine phantom was prepared to embed three pairs of coated and bare seeds for 

multiple-seed imaging. For the second method of modification, a layer of silver was 

chemically deposited on the seed through reduction reaction. A similar experiment was 

performed to characterize the enhancement effect from the silver coating.  
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Figure 4.4: Schematic drawing of a brachytherapy seed. 
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4.2 Results 

4.2.1 Black paint coated seed 

 

Figure 4.5: (a) B-mode and (b) PA imaging at 680 nm wavelength of the PVC phantom 

containing a coated seed and a bare seed. Horizontal and vertical scale bars denote 2 mm. (c) 

SNR of both coated and bare seeds from 680 nm to 1020 nm, representing the PA spectrum.  

Error bars denote the standard deviation of averaging 10 frames at each wavelength. 

 

One coated seed and one bare seed separated by 9 mm are inserted via a 

brachytherapy needle into a PVC phantom. Figure 4.5 (a) and (b) shows the B-mode 

image and the corresponding PA image at 680 nm excitation wavelength of the PVC 

phantom containing the coated and the bare seed. The seed detection in the B-mode 

image is poor mainly due to the air gap created by pulling out the brachytherapy needle 
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used to implant the seeds in the phantom. The same air gap does not pose problems in PA 

imaging since air does not generate any PA signal. In order to obtain the PA spectrum of 

the seeds, the excitation wavelength of the laser is tuned from 680 nm to 1020 nm in 20 

nm steps. Figure 4.5 (c) shows the resulting signal-to-noise ratio (SNR) in decibels of the 

PA spectrum of the two seeds. A 5 mm by 1mm region-of-interest (ROI) is manually 

centered at each seed location, from which the brightest 1 % of the pixels are used to 

calculate the signal intensity of each seed. The noise level is calculated from the 

background. The same technique is used to calculate the SNR for the other images in this 

chapter.  It is clear that the coated seed outperformed the bare seed over the entire 

scanned wavelengths with a mean increase of 18.5 dB in SNR. The largest SNR 

difference is observed around 960 nm wavelength with 21.4 dB increase.  

 

Figure 4.6: (a) PA image of coated and bare seeds under 20mm thick chicken tissue. Horizontal 

and vertical scale bars denote 2mm.  (b) PA spectrum of the coated and bare seeds. 

 

The same spectrum experiment is performed on the phantom with a 2 cm thick 

chicken tissue in the illumination path. The PA image and the spectrum are shown in 

Figure 4.6. The mean improvement in SNR is calculated to be 5.9 dB with the largest 
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increase of 9.3 dB at 900 nm. The spectrum exhibits larger fluctuations in comparison to 

the one without chicken tissue, likely showing the effect of optical attenuation by the 

tissue layer. The laser fluence rate during wavelength scanning is maintained as a 

constant at 15±0.6 mJ/cm
2 

for both spectrum experiments. 

 

Figure 4.7: PA images of coated and bare seed with increasing imaging depth by layering 

chicken breast tissue in the illumination path (from 0mm to 50mm). Horizontal scale bar denotes 

1 mm. 

 

To demonstrate the improvement in depth imaging, the excitation wavelength is 

fixed at 700 nm while the imaging depth is increased by adding layers of chicken breast 



47 

 

tissue from 0 mm up to 50 mm thickness. The local fluence rate on the surface is kept at 

20 mJ/cm
2
.
 
Figure 4.7 shows the resulting images of the coated and bare seed at various 

depths. The improvement is clear where the bare seed becomes undetectable at depths 

greater than 25 mm while coated seed is still visible at 50 mm depth.  The SNR of each 

seed is plotted against the imaging depth in Figure 4.8.  

 

Figure 4.8: SNR of coated seed and bare seed as optical penetration depth increases from 0 to 5 

cm 

 

For multiple seeds imaging, three coated and three bare seeds are placed on a 

previously hardened gelatin phantom and a gelatine solution is poured on top to 

subsequently cool and adhere to the bottom layer. Once the top layer hardens, the 

embedded seeds are constrained to be in-plane with the ultrasound transducer. Figure 4.9 

(a) and (b) shows the B-mode image and PA image of two columns of seeds in the 

gelatin phantom. The left column is all coated seeds and the right column is all bare 
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seeds. Since no needle is used in embedding these seeds, there is no air gap present and 

US can clearly detect the first two rows of seeds. The last row of seeds, however, is 

barely detected due to acoustic shadowing from the seeds in the front. The same 

shadowing effect is also observed in the PA images. The same phantom is covered with 5 

cm thick chicken tissue and the result is shown in Figure 4.9 (c). As expected from the 

previous result, bare seeds are no longer detectable, while the first two coated seeds are 

still generating enough PA contrast. The last coated seed suffers in contrast due to the 

combined effect of acoustic shadowing and attenuated illumination energy.   

 

Figure 4.9: (a) B-mode and (b) PA image of three coated seeds (left column) and three bare seeds 

(right column) in gelatin phantom. (c) PA image of the same phantom with 5 cm of chicken 

tissue in the path of the illumination light (700 nm). PA images are displayed on the same 

dynamic range with image intensity in (c) amplified by 20 times for visibility. Scale bars denote 

2 mm.  
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4.2.2 Silver coated seeds 

Gold or silver nanoparticles have increasingly become a popular choice for 

contrast enhancing agent in PA imaging. These metallic nanoparticles have been reported 

to be highly biocompatible and can absorb NIR light multiples to orders of magnitude 

higher than biological tissue [31,67–69]. The basic principle behind the increased optical 

absorption is attributed to a physical phenomenon known as the localized surface 

plasmon resonance (SPR) effect [70]. When photons impact the nanoparticles, they 

excite the conduction electrons on the surface. The metal particles then exert a restoring 

force on the electron cloud [71]. The opposing effects of the photons and the restoring 

force lead to an oscillation, which has a resonance frequency and localized SPR effect 

takes place when the incoming photons match the resonance frequency. At such point, 

the photons are most effectively coupled to the nanoparticles, maximizing the optical 

absorption efficiency [72].  

In this proposed coating method, a layer of silver is deposited onto the 

brachytherapy seeds. The roughness of the seed surface may lead to uneven deposition of 

silver particles, which, in turn, may resemble randomly distributed islands of silver of 

varying sizes.   

The actual coating method is based on a previously published coating technique 

for depositing silver onto titanium dioxide (TiO2) nanowires by Wen et al [73]. A pair of 

bare brachytherapy seeds is placed in a container with 20 mL de-ionized water, 10 mL 

ethanol, 0.5 mL of 1.0 M sodium hydroxide (NaOH), and 0.5 g of silver nitrate (AgNO3). 

The container is immersed in a temperature controlled water bath maintained at 50 °C for 
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16 hours. The principle deposition mechanism is the reduction of Ag
+
 ions to solid Ag 

particles by the presence of ethanol in the solution [74]. Figure 4.10 shows the digital 

photos of bare and coated seeds at 7X magnification. These images are captured by using 

a stereo microscope (Fisher Scientific, NH, USA) coupled with a CCD camera (DS-5M-

U1, Nikon, Japan). They demonstrate the success of the coating process, where in 

contrast to the metallic and lustrous outer surface of the bare seed, the coated seed shows 

less reflective surface due to the deposition of Ag particles.  

 

Figure 4.10: Digital photos of bare seed (top) and coated seed (bottom) at 7X magnification. 

Scale bar denotes 0.1 mm.   
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To demonstrate the PA contrast improvement in the silver coated seed, it is 

embedded in gelatin phantom next to a bare seed. Excitation wavelength is tuned from 

700 nm to 975 nm at 25 nm steps to obtain the PA spectrum of each seed, and the results 

for two pairs of silver coated and bare seeds are shown in Figure 4.11 and 4.12. On 

average, the silver coated seed shows a 4.9 dB increase in PA intensity compared to the 

bare seed for both sets of phantoms. The improvement of silver coating is less 

pronounced than our first method.   The lack of a peak in the spectrum of the coated seed 

illustrates either that the localized SPR does not take effect within the wavelengths tested 

or the coating is not successful in creating nano-sized silver islands on the seed. The fact 

that the deposited silver is observable by naked eyes suggests that silver may have been 

over deposited onto the seed. More iterations of this coating method with varying time 

length and reagents concentrations can be run to test for the feasibility of this method in 

generating localized SPR effect in the future.   

 
Figure 4.11: PA spectra of the first pair of silver coated and bare seed. Inset shows the PA image 

of both seeds.  
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Figure 4.12: PA spectra of the second pair of silver coated and bare seed. Inset shows the PA 

image of both seeds.  
 

4.3 Ethanol as contrast agent 

During a prostate brachytherapy procedure, the brachytherapy seeds are inserted 

into the patient as either individual seeds or a strand of several seeds held together by 

certain bio-compatible material. Between each seed in a strand, there is typically a seed 

length of empty space. In this section, we demonstrate that these spaces can be filled with 

certain material that acts as a contrast enhancing agent. This method does not require any 

modifications to the seed itself.  
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Figure 4.13: Top view of the phantom setup. Two bare seeds and a 0.8 mm inner diameter clear 

tube filled with ethanol were inserted into the PVC phantom. The red disk represents the 

illumination area. The drawing is not to scale. The B-mode image of the phantom is shown on the 

right. Scale bar denotes 1 mm.  

 

 Figure 4.13 illustrates the phantom setup. Two bare seeds are inserted via a 

brachytherapy needle into a PVC phantom. A clear tube in which the ethanol is injected 

into is inserted behind the seeds. The walls of the tube can be seen from the B-mode 

image, whereas the seeds are difficult to identify due to the gap of air left behind by the 

needle. Ethanol is chosen as the contrast enhancing agent. As stated by Equation 2.3, the 

initial pressure rise from the PA effect is a function of several parameters which includes 

the isobaric expansion coefficient (β) of the sample. Ethanol (1.5×10
-3

 K
-1

) has a much 

larger expansion coefficient than both stainless steel (51.9×10
-6

 K
-1

) or titanium 

(25.8×10
-6

 K
-1

 ) [75]. Despite the high expansion coefficient, ethanol has negligible 

absorption at around 700 nm where this experiment was carried out on. Market bought 

blue food dye solution was therefore added to the absolute ethanol at 20% by volume 

ratio.  
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Figure 4.14: (a) PA image of the phantom before the injection of ethanol; and (b), PA image of 

the phantom after ethanol injection. Image brightness in (a) is increased by 5 fold.  

 

 Figure 4.14 shows the PA images of the phantom before and after the injection of 

dyed ethanol. Before the injection, only the seeds are visible since air within the tube 

does not generate any PA signal (Figure 4.14 (a)). Once the dyed ethanol is injected, the 

PA intensity of the dyed ethanol overwhelms the seeds. SNR of the injected dyed ethanol 

is 10 dB higher than the seeds. Figure 4.15 shows a series of PA images of blue ethanol 

filled tube in PVC phantom as layers of chicken tissue are added to the path of 

illumination. There is improvement in the imaging depth, where dyed ethanol can be 
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seen clearly at 35 mm and vaguely at 45 mm depth in comparison to 25 mm achieved by 

bare seed as shown in Figure 4.7. This experiment demonstrates that dyed ethanol can be 

a potential contrast enhancing agent for prostate brachytherapy. Further experiment can 

be performed by testing different methods of dyeing the ethanol solution or using other 

high absorption contrast agents, since optical absorption is a key parameter in PA 

contrast generation.  

 

Figure 4.15: PA images of ethanol filled tube with increasing imaging depth. To increase the 

depth, layers of chicken breast tissue of different thickness were introduced in the illumination 

path (from 15mm to 45mm). The intensity is normalized within each frame in order to show the 

weak signal at deeper depth. The relative intensities among the frames are not directly 

comparable. The scale bar denotes 1 mm. 
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Chapter  5: Tissue Typing  

Despite ongoing advancement in image quality of both PA and US imaging, there 

are still many limitations. For instance, the detection of small cancerous tissue regions in 

some organs can be difficult [76,77]. Therefore, an accurate method of characterizing 

and differentiating tissue pathology in addition to the conventional imaging method is 

highly beneficial. In  PA and US imaging, frequency-domain analysis of the detected 

signals has shown great promise in quantitative tissue characterization [15,78,79]. 

Frequency-domain analysis is often exploited due to the fact that acoustic scattering and 

absorption in tissue are frequency-dependent processes that are affected by the 

microstructure of the tissue. In PA imaging, however, tissue information is not limited 

merely in the frequency-domain. 

In this chapter, a novel intensity-based method of tissue typing between fatty and 

non-fatty tissue is presented. As mentioned in Chapter 1.3, this method is based on the 

fact that PA intensity is a function of speed of sound of the illuminated tissue and the 

speed of sound itself has tissue specific dependence on temperature. By introducing a 

temperature change to the tissue samples and acquiring PA images through the process, 

we aim to differentiate between the two types of tissues through analyzing the PA 

intensity change. The specific heating and analysis method are presented with results 

from several samples tabulated. 
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5.1 Methods 

As shown in Chapter 2.2, the initial pressure rise caused by the PA effect has a 

dependence on several parameters of the tissue sample, two of which are the isobaric 

volume expansion coefficient, and speed of sound. Both of these parameters are 

temperature dependent. As Figure 5.1 illustrates, the rate of change of speed of sound in 

non-fatty tissue such as liver is 1.83 m/(°C∙s) and  in fat is -10.1 m/(°C∙s)  for fat at room 

temperature.  This opposite dependence on temperature is expected to be directly 

reflected in the change of the PA intensity, and we aim to differentiate between the two 

types of tissue by analyzing the intensity change. 

 

Figure 5.1: Speed of sound of water-based bovine liver and fatty-based bovine fat as a function of 

temperature. Figure adapted from [33].  
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Figure 5.2: Setup diagram of the PA system for tissue typing experiment. Inset shows the 

location of thermal-couple insertion for monitoring relative temperature change in the tissue 

sample. 

 

A PA imaging setup similar to the previous chapter is used as shown in Figure 

5.2. Two tissue types are analyzed ex-vivo in this study: bovine fat and porcine liver. For 

the first experiment, samples are cooled to approximately 10 °C by a refrigerator prior to 

the start of the experiment. Once the sample is removed from cooling and put in place for 

data acquisition, a thermocouple is inserted near the irradiation region to continuously 

monitor the temperature rise as the sample gradually returns to room-temperature at 

around 17 °C. For every 0.5 °C rise in the temperature, ten frames of PA image are 

recorded and averaged. In total, fifteen sets of PA image data over a 7 °C rise in 

temperature are acquired and analyzed. Wavelengths of 700 nm and 920 nm are selected 

for porcine liver and bovine fat samples respectively. The specific wavelength is chosen 

for bovine fat because fatty tissue has an absorption peak around such wavelength [80]. 

For a blood-rich tissue such as the liver, haemoglobin is the main tissue constituent and a 

shorter wavelength is used to maximize the optical absorption.  
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5.2 Room temperature heating result 

Figures 5.3 and 5.4 show a series of PA images of the porcine liver and bovine fat 

samples at six temperature intervals. Every image is an average of ten frames, and is 

normalized to the brightest image in each series of the images (Figure 5.3 (f), and Figure 

5.4 (a) respectively). For the liver sample, the PA intensity increases towards higher 

temperature. The opposite change in PA signal intensity is observed in bovine fat 

samples.  

 
Figure 5.3: PA images of porcine liver at six temperature intervals. Scale bar denotes 1 mm. 
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Figure 5.4: PA images of bovine fat at six temperature intervals. Scale bar denotes 1 mm. 

 

The intensity change of the series of images over the entire temperature range is 

plotted in Fig. 5.5. The liver sample shows an increase of 2.82 %/°C, and the fat sample 

shows a decrease of 6.24 %/°C. A larger change in the signal intensity in the fat sample 

is expected since fatty tissue also has a larger magnitude of change in its speed of sound 

value as temperature increases. Speed of sound in fatty tissue, however, decreases nearly 

six times greater than the increase in the liver tissue. This is not reflected in our results 

whereas the magnitude of slope of the bovine fat sample is roughly two times greater 

than the liver sample. In addition to the sample-to-sample variations in the dependence 

factor, such discrepancy can also be attributed to the temperature dependence of the 

acoustic attenuation of both samples. The acoustic attenuation coefficient in both the 
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liver and fatty tissue decreases as temperature increases from ~10 °C toward room-

temperature [33]. Since the position of the laser irradiation on the sample is 

approximately three centimetres away from the surface of the transducer, the generated 

PA pressure waves are attenuated less while propagating toward the transducer as the 

temperature rises. This results in the increase of received PA intensity, regardless of the 

change in the speed of sound. For the liver sample, this increase causes the slope of the 

intensity curve to be greater. Conversely, a lower rate of intensity decrease is observed 

from the bovine fat sample. 

 

Figure 5.5 Normalized PA signal intensity change over 7 
o
C temperature increase for (a) porcine 

liver, and (b) bovine fat. Error bar denotes the standard deviations of ten frames at each 

measurement. The slope values (m) are +2.82 %/°C for the liver sample and -6.24 %/°C for the 

fat sample. 
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Table 5.1: Summary of the slope of PA intensity change over 7 
o
C temperature increase for five 

porcine liver and three bovine fat samples tested.   
 

Samples Porcine Liver 

(%/°C) 

Bovine Fat 

(%/°C) 

#1 

#2 

#3 

#4 

#5 

2.82 

2.77 

2.59 

3.02 

2.05 

-6.24 

-5.84 

-5.44 

- 

- 

Average 2.6±0.4 -5.4±0.4 

  

In addition to the samples shown in Figure 5.5, four liver samples and two more 

fat samples are analyzed and the results are tabulated in Table 5.1. It can be seen that the 

rates of change in PA intensity as temperature increases are relatively consistent on a 

sample-to-sample basis.  

 

5.3    Laser heating method 

 In addition to the previous method where the temperature change is introduced to 

the sample via room-temperature heating by cooling the samples beforehand, an 

alternative method of heating is tested. In this method, tissue samples are kept at room-

temperature. To heat up the sample, the laser is turned to repeatedly firing at 10 Hz rate 

for an entire minute, and at each pulse of laser a frame of PA image is acquired. In total, 

600 PA frames are captured as a set for each sample. There are two advantages in this 

method of heating. Firstly, for future in-vivo experiment, it is not practical or safe to the 

subject to introduce a temperature change as large as 7 
o
C. Heating through the laser 

seems to be a viable option without the need for any extra equipment for a separate 

heating mechanism. Secondly, laser heating only introduces a temperature increase 
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localized to the region of illumination. This should alleviate the effect of the temperature 

dependence of acoustic attenuation in the surrounding tissue, which can affect the PA 

intensity change as discussed in the previous section.  

 

Figure 5.6: PA intensity of (a) porcine liver and (b) bovine fat over a minute of continuous 

heating and frame acquisition. Linear fit through the data points shows an increase of 9.34 %/min 

and a decrease of 4.4 %/min for the porcine liver and the bovine fat respectively.  

 

 Figure 5.6 shows the normalized PA intensity of the top 10 % pixel values of 

each sample. The PA intensity increases in the porcine liver sample (9.34 %/min), and 
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decreases in the bovine fat sample (-4.24 %/min). The opposite change in PA intensity in 

the two tissue samples is consistent with room-temperature heating results. Unlike the 

results from the room-temperature heating method, however, the liver sample has a larger 

magnitude of change than the fat sample. This is likely because the two tissue samples 

could experience different amounts of temperature rise through laser heating. In the 

previous method, the temperature of the samples is monitored by a thermal-couple, and 

the room air acting as the heating source means that both tissue samples are heated 

toward the same temperature, albeit at slightly different rate. With laser heating, 

however, the amount of heating has large dependence on how efficiently each region of 

tissue converts the illuminatin photon energy into heat, which is largely a function of 

optical absorption. It is likely that the higher optical absorption coefficient of 

haemoglobin, which is the major chromophore in liver, allows porcine liver tissue to be 

heated much quicker than bovine fat tissue.  

 Table 5.2 summarizes the rate of change in PA intensity for five liver and five fat 

samples. A relatively large variation is observed in both samples. If we assume that the 

laser fluence rate is more or less constant for all samples measured, then the sample to 

sample differences suggest a large variation in the optical absorption. Optical absorption, 

as aforementioned, determines the amount of heat absorbed by the illuminated region. 

For a single frame of PA image, optical absorption can be quantified by analyzing the 

image intensity. For samples with higher optical absorption, higher image intensity is 

expected. Figure 5.7 illustrates the relationship between image intensity and the rate of 

intensity change. The y-value of each data point represents the average intensity of the 
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first 10 frames of each sample summarized in Table 5.2. These points are plotted against 

the corresponding magnitude of slope value. It can be seen that the liver samples 

generally have higher intensity than the fat samples. This is explained before as 

haemoglobin having higher absorption than fat. It can also be seen that higher image 

intensity usually results in a larger rate of change in the intensity over the duration of 

heating for both types of samples. Optical absorption alone does not wholly account for 

the intensity variation amongst the samples. Experimental conditions, such as how close 

the imaging plane is to the tissue surface, also affect the final image intensity since the 

laser fluence rate depends on the imaging depth. Sample to sample variation also 

contributes to the observed variation in our results. Nonetheless, the liver samples show a 

positive slope and the fat samples shows a negative slope in the rate of change in the PA 

intensity over one minute of laser heating. Therefore, the proposed method is useful in 

differentiating between fatty and non-fatty tissues.       

Table 5.2: Summary of the slope of PA intensity change over 1 min of laser heating for six 

porcine liver and five bovine fat samples measured.   
 

Samples Porcine Liver 

(%/min) 

Bovine Fat 

(%/min) 

#1 9.34 -4.24 

-2.69 #2 7.25 

#3 6.50 -3.86 

#4 5.39 -3.25 

#5 6.13 -6.76 

Average 6.9±1.5 -4.2±1.5 



66 

 

 

Figure 5.7: Normalized average intensity of the first ten frames of each sample data plotted 

against the magnitude of change in its intensity.  
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Chapter  6: Conclusion 

Photoacoustic imaging is a hybrid modality that relies on photons for signal 

generation, and sound for signal propagation. Such bi-modal nature of the system allows 

for deeper imaging depth than conventional optical modality while maintaining spatial 

resolution in the US imaging range. It is also able to perform functional imaging such as 

blood oxygenation measurement due to its optical absorption based contrast mechanism. 

Due to these advantages, and its ease of integration with current US systems for 

multimodal imaging, PA imaging has been researched extensively in recent years. 

Optical attenuation limited imaging depth is still a major obstacle of successful imaging 

of brachytherapy seeds embedded farther away from the transducer. The first part of this 

thesis aims to improve the PA contrast of the seeds for deeper imaging depth by 

modifying the seeds directly. The second part of this thesis proposes a novel method in 

tissue typing using PA imaging.  

 This chapter explains the significance of the work done, and suggests possible 

future directions.  

 

6.1 Significance of work 

 Many groups have proposed various modified reconstruction algorithms for 

limited-view PAT imaging system in order to improve the quality and accuracy of 

reconstruction for deeper imaging depth and higher imaging resolution. We presented an 

alternative way to improve the PA imaging depth for brachytherapy seeds by modifying 

the seeds directly. As an initial feasibility test, several methods of seed modifications 
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were performed and tested. The first method of modification involved using black paint 

as a layer of absorption enhancing coating. The results showed a significant increase in 

the PA contrast and detectable depth. Compared to the bare seed, coated seed had on 

average 18.5 dB increase in its SNR when no optical attenuating layer of tissue was in 

the light path. When layers of tissue were placed to simulate deeper imaging depth, 

coated seed was detected as deep as 5 cm whereas bare seed became difficult to 

distinguish at 2.5 cm. The second method of coating through chemical reduction of silver 

ions also showed a noticeable improvement in PA contrast. An average of 5 dB in PA 

intensity was observed for the silver coated seeds. These methods demonstrated the 

potential of imaging improvement through seeds modification. Using dyed ethanol 

solution as the space filling solution between seeds also showed improvement in the PA 

intensity comparable to that of the black paint method.  

The intensity-based tissue typing method proposed also successfully 

differentiated between fatty and non-fatty tissue such as the porcine liver and bovine fat 

samples measured ex-vivo. Room-temperature heating method showed an average 

increase in PA intensity of 2.6±0.4 %/°C in five samples of porcine liver, and an average 

decrease of 5.4±0.4 %/°C in three samples of bovine fat. With the laser as heating source, 

the average increase of PA intensity in porcine liver was 6.9±1.5 %/min, and the average 

decrease in bovine fat was 4.2±1.5 %/min. It is clear that with either method, the PA 

intensity change as a function of temperature differs significantly between the two tissue 

types. Our results show that PA imaging can potentially have important applications in 

brachytherapy and tissue typing. 
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In addition to the contrast enhancing and tissue typing methods, the success of 

building a working PA imaging system is significant and essential for future projects to 

be carried out by the others.     

6.2 Future work and improvement 

For the PA imaging system design, we are still at the bench-top stage. The next 

step is the integration between the light source and the transducer. This can be achieved 

through coupling the excitation light into optical fibre bundles which can be physically 

mounted to the transducer. A hand-held probe will allow the possibility of in-vivo 

experiments. The main challenge is how to maximize the coupling efficiency of the light 

into the fibres, since the fluence rate of the laser affects the image quality greatly.  

The studied coating methods of the brachytherapy seeds are merely a proof-of-

concept to demonstrate the possibility in such approach. Physical deposition methods 

such as sputtering or molecular beam epitaxy can provide a better controlled coating of 

PA contrast enhancing material such as silver on the seeds. Alternatively, a method of 

binding gold nanoparticles onto the seeds can be looked into as the nanoparticles can 

have high optical absorption and bio-compatibility. Spaces between seeds have been 

shown to provide a possible source of contrast enhancement through the dyed ethanol 

experiment. It can be further expanded to test for other bio-compatible solutions with 

high optical absorption or expansion coefficient. One suitable candidate is the use of 

aforementioned gold nanoparticles in solution as the space filler. Since the optical 

absorption peak of the gold nanoparticles can be tuned by altering the particle size, the 

nanoparticles used for coating the seeds can have a different absorption peak from the 
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ones used in the filler. This can allow targeted imaging of either the seeds or the spaces 

through tuning the laser wavelength.  

For tissue typing, a variety of tissue types can be tested to verify the extent to 

which the proposed tissue typing method can be performed on. It is of great interest to 

see whether the proposed method can differentiate two types of tissues from the same 

group such as liver and muscle which are both considered to be non-fatty tissue. 

Improvement on the method of analysis can also be made. Currently, the change in PA 

intensity is calculated from averaging the top 10% pixel value of each PA image. For one 

set of tissue sample, only a single value of rate of change of intensity is obtained through 

this method. For a set of data with the laser-heating method, where a large number of 

frames of data is available, an alternative analysis method is to divide each frame into 

smaller ROIs and calculate the corresponding rate of change in PA intensity for each 

ROI. For imaging samples with both fatty and non-fatty tissue types, such a method can 

visually display and differentiate regions of fatty and non-fatty tissue. Another 

suggestion would be combining the US based tissue typing method with the PA based 

one by acquiring time series data of US data interlaced with PA data. Since the two 

modalities have different contrast generating mechanisms, the combination of the two 

methods may lead to an improved tissue typing accuracy. 
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