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ABSTRACT

DEVELOPMENT OF A PHOTOACOUSTIC

MICROSCOPY SYSTEM

Photoacoustic microscopy (PAM), as an imaging modality, has shown promising

results in imaging angiogenesis and cutaneous malignancies like melanoma, revealing

systemic diseases including diabetes, hypertension, coronary artery, tracing drug effi-

ciency and assessment of therapy, monitoring healing processes such as wound cicatriza-

tion, brain imaging and mapping. Clinically, PAM has been emerging as a diagnostic

tool. Laser parameters (particularly, pulse duration, pulse energy, pulse repetition fre-

quency (PRF), and pulse-to-pulse stability) affect signal amplitude and quality, data

acquisition speed and indirectly, spatial resolution. Lasers used in PAM are typically

Q-switched lasers, low-power laser diodes, and recently, fiber lasers. The key laser

parameters cannot be adjusted independently of each other, whereas microvasculature

and cellular imaging, spectroscopic measurements, e.g., have different requirements.

We report an integrated fiber laser system producing nanosecond pulses, covering from

600 nm to 1300 nm, developed specifically for photoacoustic excitation. The sys-

tem comprises of Yb-doped fiber oscillator and amplifier, an acousto-optic modulator

(AOM) and photonic-crystal fiber to generate supercontinuum. Complete control over

the pulse train, including generation of non-uniform pulse trains, is achieved via the

AOM through custom-developed field-programmable gate-array (FPGA) electronics.

The entire system is fiber-integrated; guided-beam-propagation renders it misalign-

ment free and largely immune to mechanical perturbations. The laser is unique in that

all the important parameters are adjustable: pulse duration (1-3 ns), energy (up to 10

µJ), repetition rate (50 kHz - 3 MHz). Different photocoustic imaging probes can be

excited with the ultrabroad spectrum, real-time imaging can be performed thanks to

its high PRF, and the pulse energy can be adjusted by means of FPGA circuit.
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ÖZET

FOTOAKUSTİK MİKROSKOP GELİŞTİRİLMESİ

Fotoakustik mikroskop araştırmaları, anjiyogenez ve melanoma gibi derialtı kötü

huylu tümör görüntülenmesinde, diabet, hipertansiyon gibi metabolik hastalıkların etk-

ilerinin ortaya çıkarılmasında, tedavinin değerlendirilmesinde, yara iyileşmesinin tak-

ibinde, beyin görüntülenmesi ve haritalanmasında görüntülenme yöntemi olarak umut

verici sonuçlar vaadetmektedir. Fotoakustik mikroskopta kullanılan lazerin, darbe

süresi, enerjisi, atımların tekrar sıklığı gibi parametreleri fotoakustik sinyalin genliğini,

kalitesini, veri edinme hızını ve dolaylı olarak uzaysal çözünürlüğünü etkilemekte-

dir. Literatürde fotoakustik mikroskop araştırmalarında kullanılan lazerler sıklıkla Q-

anahtarlı, düşük güçlü diyot lazerler, ve son zamanlarda fiber lazerlerdir. Lazer parame-

treleri birbirinden bağımsız olarak ayarlanamamaktadır, fakat mikrodolas.ım sistemi,

hücresel görüntüleme, spektroskopik ölçümler farklı parametreler gerektirmektedir. Bu

nedenle özel olarak fotoakustik mikroskop için nanosaniyeler mertebesinde atımlar

üreten, 600 nm ile 1300 nm arasındaki dalgaboylarını yayabilen lazer üretilmiştir.

Sistem, Yd katkılı salıngaç, iki yükseltgeç, akusto-optik değiştirimci ve sürekli dal-

gaboyu üretimi için fotonik-kristal fiberden oluşmaktadır. Dalgalar dizisi üzerindeki

kontrol, akusto-optik değiştirimciye bağlanan programlanabilir mantık dizileri (FPGA)

vasıtasıyla sağlanmaktadır. Tüm sistem fiber entegre olup mekanik etiklere karşı sta-

bildir. Lazer tüm önemli parametrelerinin, atım süresi (1-3 sn), enerji (10 micro

joule’e kadar yükseltilebilir), atım sıklığı (50 kHz- 3 MHz) ayarlanabilir olması sebe-

biyle eşsizdir. Ultra geniş spektrum sayesinde farklı problar uyarılabilir, yüksek atım

sıklığı sayesinde gerçek zamanlı görüntüleme yapılabilir, FPGA devresi sayesinde atım

enerjisi ayarlanabilir.
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1. INTRODUCTION

1.1. Motivation

Biomedical imaging is crucial for diagnosing, examining, and treating diseases;

therefore has an important role in the improvement of public health. Various imag-

ing modalities are available including X-ray radiography, X-ray computed tomography

(X-ray CT), magnetic resonance imaging (MRI) and its derivatives (such as functional

and diffusion MRI), single photon emission computed tomography (SPECT), positron

emission tomography (PET) and ultrasound. Optical imaging modalities such as op-

tical, confocal, fluorescence microscopy, endoscopy, optical coherence tomography, and

multispectral diffuse reflectance have also clinical applications [1].

In general, these imaging modalities could be divided into two groups; structural

and functional techniques. The former, image anatomy of tissue constituents; and the

latter, presents physiological functionality [2]. The Figure 1.1 shows the classification

hierarchically.

Figure 1.1. Classification of Biomedical Imaging Modalities [2].
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X-Ray imaging is one of the most frequently used modalities in clinics. X-Ray

CT, based on absorption of X-Rays depicts unattenuated light intensity. CT scanners

produce two-dimensional (2D) images using absorption of X-Rays as contrast mecha-

nism from many different angles which are then reconstructed into a three dimensional

image. The methodology provides anatomical information non-invasively in a rela-

tively short time with the feasibility of bone and fat imaging. However, X-rays may

cause carcinogenesis because of having high electromagnetic energies; and this is the

major drawback of the modality [2]. Another disadvantage of the technique is its low

spatial resolution (in the order of milimeters) which makes detection of cancer onset

impossible. Epithelial tissues that are lucent on a mammogram can hide underlying

cancerous lesions especially for high-density breasts of young women [3].

MRI utilizes radio frequency (RF) waves and magnetic fields to acquire three

dimensional images. The modality maps the spatial location of protons (mostly hydro-

gen) present in the tissue of interest. In the absence of an external magnetic field, the

direction of the magnetic moments of spinning protons is completely random which

causes the net longitudinal and transverse vector to be zero. In the presence of an

external magnetic field, a non-zero net longitudinal vector could be created. After RF

pulse turned off, the excited nuclei go through a relaxation phase, with two different

relaxation times, T1 represents the relaxation time in z-direction and T2 represents

the loss of coherence in x-y direction. On the grounds that the voltage signal is spa-

tial location dependent, based on the relaxation times, positional magnetic resonance

response of spinning nuclei can be mapped [4]. The usage of non-ionizing radiation

makes modality safe for humans. The spatial resolution is better, between 100 µ m

and 1 mm, when compared to X-ray CT; however, bone can not be imaged since it

does not give an MR signal and appears black as teeth and air. Furthermore, scanning

time is relatively long and the equipment tends to be claustrophobic and noisy. It is

not suitable for patients with ferromagnetic belongings such as surgical clips, cardiac

pacemakers [5]. The major deficit of the technique is that it cannot perform functional

imaging without contrast agents. MRI has failed to demonstrate sufficient sensitiv-

ity and specificity for breast cancer without contrast agents [6]. On the other hand,

contrast-enhanced MRI could be preferred for young women having dense breast with
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epithelial tissues that mask cancereous structures under CT [3,7].

Emission Tomography, classified as positron emission tomography (PET) and

single photon emission (SPECT) can provide physiological function information by

mapping the absorption coefficient distributions. A radioisotope compound has been

introduced into a patient’s body which is distributed into various organs and tissues

and then the absorbed compounds decay via the emission of positrons. In SPECT,

radioisotopes decay with emitting a single gamma photon. In both methodologies, the

detector readings are then reconstructed to find initial compound distribution [2]. With

the use of contrast agents, in a similar way to MRI; PET is also capable of providing

functional information. Although PET is successful at imaging cancers bigger than 1

cm, it has a low sensitivity in identifying lesions below that size [6–9].

Optical imaging modalities utilize mostly the visible light spectrum (from 400 to

700 nm), occasionally the soft ultraviolet and the near-infrared range of electromag-

netic radiation to produce visible images. Optical imaging has some advantages over

existing radiological techniques. Visible and/or near infra-red (NIR) light used in opti-

cal imaging is non-ionizing; thus, is safe for patients and can repeatedly be used. Tissue

constituents can be distinguished by optical imaging since they have different optical

scattering and absorption characteristics. This difference is used as contrast mechanism

in order to enable functional and molecular imaging [10–12]. Due to high correlation

between physiological and dynamopathic changes in tissues and optical contrast, op-

tical imaging techniques can detect abnormalities in tissues such as cancer [13]. The

modality can also perform functional imaging either with or without contrast agents

at tissue and cellular levels non-invasively.

Ballistic photons are used in confocal microscopy and two-photon microscopy,

two exemplifications of optical imaging, in order to acquire high spatial resolution.

However, photons are scattered with coefficients between 10 cm−1 to 100 cm−1 de-

pending on the wavelength used. As reciprocal of scattering coefficients, mean free

paths are around 1 mm or less in soft biological tissues at visible and near-infrared

wavelengths at which multiple scattering also becomes important. Therefore, after one
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optical transport mean free path, these imaging techniques are incapable of penetra-

tion and achieving high resolution [14]. The equipment is relatively cheap and portable

when compared to advanced imaging modality equipments such as CT and MRI.

Optical Coherence Tomoraphy (OCT), another kind of optical imaging, provides a

resolution higher than MRI, CT, SPECT, PET, and ultrasound techniques. Coherence

pattern between the reference light and reflected light with various angles provided by

mirrors is analyzed. The modality may have a resolution in the order of micrometer

when the coherence length is sufficiently short. Although the resolution of OCT is

much higher than ultrasonic imaging, it cannot penetrate as far [4].

Diffuse Optical tomography (DOT) is based on scattered photons which randomly

walk in tissue [15]. The analysis based on inverse problem which is an ill-posed because

of high scattering. DOT has higher temporal resolution compared to another functional

imaging modality fMRI but it has poor spatial resolution. The use of non-ionizing

radiation allows repeated measurements and can be used on young women with dense

breast tissue. However, it is restricted to tumors bigger then 5 mm also overestimate

size of tumor because of its low spatial resolution [16–18]. By means of DOT, diffuse

photons can go beyond optical mean free path, up to several centimeters. However,

the deeper the tissue the lower the sensitivity which means poor depth resolution.

Ultrasound imaging is based on reflections of sound waves at the boundaries of

tissue constituents where impedance changes. Detection is carried out by transducers

containing piezoelectric material that are capable of producing electric signals when

excited by ultrasound rays. Transducers are also used in ultrasound transmission since

they can also produce ultrasound waves when they are excited electrically. Ultra-

sonography has also some advantages over other imaging techniques. Besides being

non-invasive, no harmful effects have been detected so far. Spatial resolution is high

and it can differentiate soft tissues with great ability. The equipment is compact,

mobile, and relatively cheap which facilitates its usage as a clinical tool. Real-time

imaging and the ability to detect moving internal structures such as a beating heart,

and blood flow by means of Doppler-effect make ultrasound imaging favorable [2].
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However, reflection is strong wherever at the boundaries impedance difference is high

which makes it meaningless to use ultrasonography to examine lung and digestive sys-

tem containing gas. It can not penetrate well through the bone since absorption is

very high. Although, the modality is very successful in differentiating cystic from solid

lesions, breast cancer is isoechoic with fat or breast tissue which makes it impossible

to differentiate abnormalities [6]. The major downside of the modality is that optical

contrast is low [19].

Photoacoustic imaging, which is explained in a detail in subsequent sections, is a

recently developed hybrid biomedical imaging modality that combines the advantages

of optical absorption contrast with ultrasonic spatial resolution for deep imaging [20].

Photoacoustic imaging is based on absorption of near infra-red electromagnetic waves.

The absorption leads to local heating and thermoeleastic expansion which results in

production of ultrasonic waves. On the grounds that different biological tissues have

different absorption coefficients, it is possible to reconstruct the distribution of optical

energy deposition and obtain images by measuring ultrasound signals [21]. The modal-

ity has three major forms: computed tomography (which is also known optoacoustic

tomography or thermoacoustic tomography), endoscopy, and microscopy which is the

focus of this thesis.

Table 1.1 compares the imaging modalities in terms of contrast mechanism, pen-

etration level, spatial resolution, penetration depth, radiation type, and also their

capability to perform functional or structural imaging and illustrates the position of

photoacoustic imaging among other modalities.

Table 1.2 compares confocal microscopy, two-photon microscopy and photoacous-

tic microscopy in terms of contrast mechanism, spatial resolution, and imaging depth.
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Table 1.1. Comparison of imaging modalities [1, 22].

Modality Contrast Penetration Depth

(mm)

Resolution Radiation Application

X-Ray

CT

Absorption Organ-

Tissue

200 0.5 mm Ionizing Structural

MRI Absorption Organ-

Tissue

150 1000 µm Non Ionizing Structural

PET Absorption Tissue-

Cellular-

Molecular

NL 4 mm Ionizing Functional

SPECT Absorption Tissue-

Cellular

NL 6 to 8 mm Ionizing Functional

DOT Scattering Organ-

Tissue

150 1 to 3 mm Non Ionizing Functional

OCT Scattering Tissue-

Cellular

1 to 3 10 µm Non Ionizing Functional

US Scattering Organ-

Tissue

60 300 µm Non Ionizing Structural

PAI Absorption Organ-

Tissue-

Cellular

50 2 µm to

700 µm

Non Ionizing Functional

MRI: Magnetic Resonance Imaging, PET: Positron Emission Tomography, NL:

Not limited, SPECT: Single Photon Emission Computed Tomography, US: Ultrasound

DOT: Diffuse Optical Tomography, OCT: Optical Coherence Tomography, PAI: Pho-

toacoustic Imaging, I: Ionizing Radiation, NI: Non-ionizing Radiation, S: Structural

Imaging F:Functional Imaging.
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Table 1.2. Comparison of microscopy systems [23].

Imaging Modality Contrast Depth Resolution

Confocal Microscopy Scattering-Fluorescence 0.2 mm 1 to 2 µm

Two-Photon Microscopy Fluorescence 0.5 mm 1 to 2 µm

Photoacoustic Microscopy Optical Absorption 3 mm 2 to 15 µm

As can be inferred from the tables, photoacoustic imaging comes into prominence

with its characteristics of high spatial resolution and contrast, using non-ionizing ra-

diation with the ability of structural, functional and molecular imaging. This thesis

presents the design of a novel photoacoustic microscopic imaging system, PAM with a

unique fiber laser.
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1.2. Photoacoustic Imaging

Photoacoustic effect was first presented by Alexander Graham Bell in 1881 [24].

Although the effect was discovered long before, the improvements in ultrasonic trans-

ducer, computer, and laser technologies made its application as an imaging modality

recent.

In photoacoustic imaging, the tissue is excited by a short laser. The duration of

the laser pulse should be less than heat relaxation time so that heat diffusion could be

neglected and the only interaction mechanism between light and tissue could be con-

sidered as absorption. The absorbed light leads to a thermal expansion in tissue which

induces a pressure wave. The pressure wave could also be generated by electrostriction

when the tissue is exposed to electromagnetic radiation, yet sound generation by ther-

mal effect is the dominant mechanism within the tissue [25]. A continuous wave laser

can also generate photoacoustic waves; however, the peak amplitude of the induced

PA wave will be smaller because of the less efficient stress confinement coefficient [26].

Ultrasonic detection can be employed either by a focused transducer or a detector

array. These signals are then analyzed by using digital signal processing methods to

reconstruct the spatial information about tissue structures differentiated with optical

absorption characteristics [13,27].

In order to generate photoacoustic waves thermal confinement and stress confine-

ment conditions must be met [28].

1.3. Thermal and Stress Confinement

1.3.1. Thermal Confinement

Thermal confinement occurs when the laser pulse duration is much shorter than

the thermal relaxation time [29]. Energy deposition happens faster than heat relaxation

so that heat diffusion can be neglected [30]. Heat diffusion time, τth in seconds, given
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by

τth =
dc

4αth

(1.1)

where dc is the characteristic length or light penetration depth, and αth(mm2/s) is the

thermal diffusivity or thermal conductivity constant of the medium with an approxi-

mate value of 0.1 mm2/s for tissue [20].

1.3.2. Stress Confinement

Stress confinement occurs when the laser pulse duration is much shorter than

the stress relaxation time. Heat conduction and stress propagation is negligible during

the laser pulse [28]. A short laser duration will ensure that the pulse will cease before

the acoustic wave travels, and that the surrounding tissue will not damage tissue by

diffusing the heat. The stress time, τs in seconds is given by

τs =
dc

vs

(1.2)

where vs is the speed of sound [20].

Pulse duration should be less than stress confinement time which should be less

than thermal confinement time [20]

tpulse <
dc

vs

<
dc

4αth

. (1.3)

For 15 µm thickness, thermal and stress confinement times are approximately 4

ns and 10 ns, respectively.
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1.4. Applications of Photoacoustic Imaging

Photoacoustic microscopy can be used for various biomedical applications. Pho-

toacoustic imaging uses different absorption coefficients of tissue components as con-

trast mechanism. Melanin, oxyhemoglobin, and deoxyhemoglobin gives different sig-

nals, excluding isosbestic points, due to having discrete absorption coefficients [31,32].

The binding of oxygen to hemoglobin, changes the light absorption spectrum of the

molecule. Figure 1.2 shows absorption spectrums of oxygenated hemoglobin (HbO2),

deoxygenated hemoglobin (HHb), water, lipid, melanin, collagen, and elastin.

Figure 1.2. Absorption Coefficient Spectra of Endogenous Tissue Chromophores [33].

Oxygenated hemoglobin (HbO2): red line, deoxygenated hemoglobin (HHb): blue

line, water: black line, lipid(a): brown line, lipid(b): pink line, melanin: black dashed

line, collagen: green line and elastin: yellow line.

The vessels can be distinguished from surrounding tissue by courtesy of hemoglobin

when the tissue is exposed to laser light with a wavelength that absorption coefficient

of hemoglobin prevails other absorbers’ coefficients. Thus, new vessel growth and re-

covery of vessels after injury, oxygen saturation, the flow of blood in vessels, and the

oxygen consumption rate can be imaged [34–36].
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The effect of diabetes on vessels can be monitored by means of PAM. The disease

causes discernible structural changes on vessels such as decreased diameter, occlusion,

increase in the blood flow speed in the vein and a decrease in the artery [37]. PAM can

be used to assess how treatment will effect these changes and to propose new remedies

or to enable better treatments. Diseases such as diabetes mellitus, coronary artery

disease, hypertension, atherosclerosis, arteriosclerosis, and peripheral vascular disease

affect the microcirculation negatively [38]. Figure 1.3 shows the effect of diabetes on

vessels.

Figure 1.3. The Effect of Diabetes on Vessels [38].

Representative results for one streptozotocin-induced diabetic mouse showing (i)

structural photoacoustic maximum amplitude projections (MAPs) through six weeks,

(ii) sO2 MAPs of oxygen saturation in the main artery-vein pair studied, and (iii) fitted

flow speed profile through a cross section of the main artery-vein pair. A: artery, V:

vein.
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Oxygen consumption and rates of change in oxygen saturation (sO2) can be

measured and compared between healthy people and the ones with peripheral vascular

disease (PAOD) by means of PAM with better spatial resolution than near-infrared

(NIR) spectroscopy and laser Doppler flowmetry. As a response to ischemic event,

vessel dilation and blood flow of healthy people increases more than ten times com-

pared to resting conditions. For people with peripheral vascular disease, the increase

is conspicuously less than normal people; thus PAM, can be used as a decision tool in

diagnosing peripheral vascular disease [39–43].

Neuronal activity induces hemodynamic response such as the changes in blood

oxygenation, volume, and flow of local brain regions. PAM can monitor hemodynamic

response as long as it overcomes the acoustic impedance mismatch between skull and

surrounding soft tissue and acoustic attenuation of photoacoustic waves propagating

through the skull. It is suggested by many researchers that skull reflection coefficient

is drastically reduced at the largest incident angles compared to normal incidence and

the transmission of PA waves through the skull increases with incident angle. Wang’s

team created an alternative detector to eradicate this problem. By using high NA

acoustic lens to capture more acoustic energy and to increase the acceptance half-angle

and by forming annular ultrasonic detection to get rid of reverberations, as can be seen

from Figure 1.4 PAM can noninvasively image mouse brain [44].
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Figure 1.4. PAM Image and Photography of The Mouse Cortex Vasculature [44].

(i) Noninvasive in vivo PAM image of the mouse cortex vasculature. SS: sagittal

sinus; MCA: middle cerebral artery; CS: coronal suture. (ii) B Scan denoting depth

profile along dotted shown line in a. Arrow heads depict cortex vessels viewed in

cross section. S: skin surface; Sk: skull; CS: brain cortex surface. (iii) Photograph

taken prior to imaging, when the cortex vessels are invisible to the naked eye. (iv)

Photograph taken after image acquisition and scalp removal. (v) Photograph taken

after image acquisition and skull removal, showing an unobstructed view of the cortex

vessels.
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Remedial processes for wound healing including cell proliferation and synthesis of

collagen requires the existence of extra oxygen [45]. It is also observed experimentally

by many researches that wound healing is delayed under hypoxia which is deprivation of

adequate oxygen supply. The Figure 1.5 represents a healing process of a laser-induced

microvascular lesion. Hypoxia facilitated angiogenesis and growth of new capillaries to

fix the microcirculation can clearly be observed.

Figure 1.5. Healing Process of a Laser-Induced Microvascular Lesion [46].
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1.5. Image Characteristics in Photoacoustics

The overall quality of photoacoustic image is the end product of the all compo-

nents of the imaging system, including the laser, the transducer, the electronics, and

the scanning. In this section, the parameters defining the quality of photoacoustic

image which are centered around resolution are explained.

1.5.1. Spatial Resolution

Spatial resolution of an imaging modality can be defined as its ability to distin-

guish and identify objects as separate in space and itself is divided into axial resolution

and lateral resolution. Spatial resolution of photoacoustic imaging is determined by its

ultrasound component.

1.5.1.1. Axial Resolution. Axial resolution of ultrasound, also known as longitudinal

or azimuthal resolution, is the ability to distinguish reflectors along the axis parallel to

the ultrasound beam [47]. Figure 1.6 depicts axial resolution.

Figure 1.6. Axial Resolution.

Axial resolution is determined by the spatial pulse length and can be formulated

by the following equation;



16

Axial Resolution =
SPL

2
(1.4)

where SPL represents spatial pulse length which is equal to the number of cycles in

the pulse multiplied by the wavelength.

SPL = number of cycles in pulse× wavelength. (1.5)

Shorter spatial pulse length means better axial resolution; that’s why damping

materials absorbing ultrasound is placed at the back of the piezoelectric crystal. Figure

1.7 illustrates amplitude change versus distance and indicates spatial pulse length.

Figure 1.7. Spatial Pulse Length.

Spatial pulse length is proportional to wavelength which is inversely proportional

to beam frequency; therefore, higher beam frequency means better axial resolution.

On the other hand, sound waves of higher frequency attenuates more since acoustic

attenuation is expressed as 0.6 dB/cm/MHz [48]. Spatial resolution can be increased

at the expense of imaging depth. Transducer parameters that effect spatial resolution

can be summarized as: damping that determines the SPL and the frequency that
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identifies the wavelength. Figure 1.8 shows transducers of 50 MHz, 10 MHz and 3.5

MHz, respectively.

Figure 1.8. Transducers of 50 MHz, 10 MHz and 3.5 MHz.

1.5.1.2. Lateral Resolution. Lateral resolution of ultrasound is the ability of trans-

ducer to distinguish reflectors along the axis perpendicular to the ultrasound beam [47].

Beam width and beam frequency are main determiners of the lateral resolution.

Reflectors closer than the beam width can not be resolved. Therefore, narrower

beam width means better lateral resolution. The lateral resolution is highly dependent

on tissue depth since the shape and the width of the beam varies along the beam

direction see Figure 1.9. The lateral resolution will be best at the focal plane of the

transducer [48].
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Figure 1.9. Lateral Resolution.

Reflectors labeled as 1-2 can be resolved; however, 1-3, 1-4, 2-3 and 2-4 can not

be resolved.

At higher frequencies, the beam shape can be made narrower that increases trans-

ducer capability to differentiate reflectors at the same perpendicular line to the trans-

ducer. Thus, higher frequency means better lateral resolution. As mentioned for axial

resolution, penetration depth decreases for increased frequency.

1.5.2. Contrast Resolution

Contrast resolution is the ability to distinguish between differences in signal in-

tensity [49].

In photoacoustic imaging, absorption coefficient influences the signal amplitude

(see Chapter 2). Tissue constituents such as lipid, water, hemoglobin, oxgenated

hemoglobin have different absorption spectrums (excluding the isosbestic points) which

basically generate contrast without need for external contast agents. In photoacoustic

imaging, contrast resolution is determined by optical absorption.
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2. THE SOLUTION OF THE PHOTOACOUSTIC

EQUATION

2.1. Derivation of Photoacoustic Wave Equation

The photoacoustic wave equation can be derived by using two equations, the

linear inviscid force equation and thermal expansion equation [29]

ρ
∂2

∂t2
ξ(r, t) = −∇p(r, t) (2.1)

where ξ is the medium displacement and

∇ · ξ(r, t) = −κp(r, t) + βT (r, t). (2.2)

Taking the divergence of Equation 2.1 and substituting into Equation 2.2, we get

∂2

∂t2
(−κρp(r, t) + ρβT (r, t)) = ∇2p(r, t). (2.3)

By using Vs = 1√
ρκ

, the Equation 2.3 becomes
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(∇2 − 1

v2
s

∂2

∂t2
)p(r, t) = −ρβ

∂2

∂t2
T (r, t). (2.4)

By using ρ = 1
κV 2

s
, we finally get the general photoacoustic equation that describes

the photoacoustic wave generation and propagation

(∇2 − 1

v2
s

∂2

∂t2
)p(r, t) = − β

κv2
s

∂2

∂t2
T (r, t). (2.5)

The left hand side of Equation 2.5 represents the wave propagation where vS is

the speed of sound, and p(r, t) is the photoacoustic wave pressure at position r and

time t.

The right hand side of Equation 2.5 describes the photoacoustic source where β

is the thermal coefficient of volume expansion, κ is the isothermal compressibility, and

T (r, t) is the increase in temperature at position r and time t [29].

For a short laser pulse satisfying thermal and stress confinement condition, heat

diffusion can be neglected so the following thermal equation holds

ρCv
∂T (r, t)

∂t
= H(r, t). (2.6)

If we write Equation 2.6 into Equation 2.5, we get

(∇2 − 1

v2
s

∂2

∂t2
)p(r, t) = − β

Cp

∂H(r, t)

∂t
(2.7)
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where H is the heating function, the amount of heat generated by light absorption per

unit volume and per unit time, ρ denotes the mass density , Cp and CV are the specific

heat capacity at constant pressure and volume, respectively [13,29].
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2.2. Solution of Photoacoustic Wave Equation for Dirac Delta Pulse

Excitation

The solutions for the photoacoustic wave Equation 2.7 can be obtained by using

the Green’s function approach [13, 50]. Wang solved the photoacoustic equation by

treating the source term as a Dirac delta function [13,29] in time domain.

(∇2 − 1

v2
s

∂2

∂t2
)G(r, t; r

′
, t′) = −δ(r− r

′
)δ(t− t′). (2.8)

The green function for Equation 2.8 for unbounded space is given by

G(r, t; r
′
, t′) =

δ(t− t′ − |r−r′ |
vs

)

4π | r− r′ | . (2.9)

In this equation, r
′
and t

′
stands for the source location and time. By Green’s

approach, the Equation 2.7 can be solved by the following expression

p(r, t) =

∫ t+

−∞
dt′

∫
dr′G(r, t; r

′
, t′)

β

κv2
s

∂2T (r
′
, t
′
)

∂t2
. (2.10)
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Writing Equation 2.9 into Equation 2.10 gives

p(r, t) =
β

4πκv2
s

∫
dr′

1

|r− r′|
∂2T (r

′
, t
′
)

∂t2
(2.11)

where t′ = t− |r−r′ |
vs

.

For a short laser pulse, Equation 2.6 holds and hence Equation 2.11 becomes

p(r, t) =
β

4πCp

∫
dr′

1

|r− r′|
∂H(r

′
, t
′
)

∂t′
. (2.12)

Substituting t′ = t− |r−r′ |
vs

into Equation 2.12 yields

p(r, t) =
β

4πCp

∂

∂t

∫
dr′

1

|r− r′|H(r′, t− |r− r
′|

vs

). (2.13)

Heating function can be decomposed into a product of radial and temporal com-

ponents

H(r′, t′) = A(r′)H(t′) (2.14)

where
∫

H ′
tdt′ = 1, then Equation 2.13 becomes
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p(r, t) =
β

4πCp

∂

∂t

∫
dr′

A(r′)
|r− r′|Ht(t− |r− r

′|
vs

). (2.15)

Writing Ht(t
′) = δ(t′) yields

p(r, t) =
∂

∂t
[

β

4πCp

1

Vst

∫
dr′A(r′)δ(t− |r− r

′|
vs

)]. (2.16)

The pressure rise just after the laser excitation can be expressed in terms of the

optical absorption coefficient and the optical fluence considering the following fractional

volume expansion

dV

V
= −κp + βT (2.17)

where T is the increase in temperature.

To satisfy stress confinement condition that is laser pulse width is much shorter

than the stress relaxation time, the change of the volume 2.17 can be neglected and

the initial pressure rise just after the pulse can be written as [13,29]

p0(r) =
βT (r)

κ
(2.18)

where isothermal compressibility is
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κ =
CP

ρv2
SCV

. (2.19)

If all the absorbed electromagnetic energy is converted into heat and then non-

thermal relaxation is neglected, then the increase in temperature resulted from the

laser pulse can be written as

T =
Ae(r)

ρCV

(2.20)

where Ae(r) is the specific optical absorption in joules per m3.

Combining Equation 2.18, Equation 2.19 and Equation 2.20 gives

Ae(r) =
p0(r)

v2
S

CP

β
. (2.21)

By substituting Equation 2.21 into Equation 2.16 results in

p(r, t) =
1

4πV 2
s

∂

∂t
[

1

Vst

∫
dr′po(r

′)δ(t− |r− r
′|

vs

)]. (2.22)

This equation can be used to compute photoacoustic pressure for any later time

if initial pressure rise is known.
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The initial pressure distribution for an optically thin slab of thickness d can be

written as

p0(z) = poU(z +
d

2
)U(−z +

d

2
) (2.23)

where U is the Heaviside step function.

Inserting Equation 2.23 into Equation 2.22 gives

p(z, t) =
1

2
p0(z − Vst)p0(z + Vst). (2.24)

For a spherical object of radius R,

p(r, t) = p0[U(R− vst− r) +
r − vst

2r
U(r − |R− Vst|)U(R + vst− r)]. (2.25)

If initial pressure is

p0(r) = poU(r)U(−r + R), (2.26)

the final solution becomes
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p(r, t) =
r + Vst

2r
p0(r + Vst) +

r − Vst

2r
p0(−r + Vst) +

r − Vst

2r
p0(r − Vst). (2.27)
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2.3. Solution of Photoacoustic Wave Equation for Gaussian Temporal

Profile

In this section, the photoacoustic equation is solved in frequency domain con-

sidering the temporal part of the source term of Equation 2.7 as Gaussian. The

Fourier transform approach is preferred here because Green function approach is not

as straightforward as it is for dirac-delta pulse in previous section. The solution of

photoacoustic equation in time domain is also obtained by using inverse Fourier trans-

form.

The source term of photoacoustic wave Equation 2.7 is denoted by S(r,t)

S(r, t) ≡ − β

CP

∂H(r, t)

∂t
. (2.28)

For a Gaussian laser pulse, the temporal profile of the heating function decom-

position, Equation 2.14, can be considered as the following shape

H(t) =
e
−t2

2τ2
p

√
2πτ 2

p

(2.29)

where τp is the pulse duration of the laser.

Substituting Equation 2.21 and Equation 2.29 into Equation 2.28 leads to

S(r, t) = −p0(r)

v2
S

∂

∂t
(

e
−t2

2τ2
p

√
2πτ 2

p

)
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=
1√

2πτ 3
p

p0(r)

v2
S

te
−t2

2τ2
p . (2.30)

Fourier transform of S(r, t) yields

S̃(r, ω) =
1√

2πτ 3
p

p0(r)

v2
s

∫ ∞

−∞
t exp(− t2

2τ 2
p

) exp(iωt)dt

=
i√
2π

p0(r)

v2
s

ω exp(−τ 2
p ω2

2
). (2.31)

Using Fourier convention, p(r, t) = 1√
2π

∫∞
−∞ p̃(r, ω) exp(−iωt)dω, in frequency

domain the photoacoustic wave Equation 2.7 can be expressed as

∇2p̃(r, ω) +
ω2

v2
S

p̃(r, ω) = i
p0(r)

v2
S

ω exp(−τ 2
p ω2

2
). (2.32)

The Green’s function of Equation 2.32 is given by the following expression [50]

G̃(r, r′; ω) = − 1

4π | r− r′ | exp(i
ω

vs

| r− r
′ |) (2.33)

where the Green’s function is an outgoing spherical wave for | r− r
′ |→ ∞.

The solution in ω domain can be found by solving the following integral
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p̃(r, ω) =

∫
G̃(r, r′; ω)S̃(r′; ω)d3r

′
. (2.34)

Substituting Equation 2.31 and Equation 2.33 into Equation 2.34 gives

p̃(r, ω) = − i

4π

ω

v2
S

exp(−τ 2
p ω2

2
)

∫
p0(r

′
)
exp(i ω

vS
| r− r

′ |)
| r− r′ | d3r

′
. (2.35)

For a spherical object of radius R excited by a Gaussian shaped laser beam, the

initial pressure distribution can be written as [13,29]

p0(r) = p0θ(r)θ(−r + R) (2.36)

where θ is the Heaviside step function.

Writing Equation 2.36 into Equation 2.35 and taking r along z axis, we get

p̃(r, ω) = −ip0

4π

ω

v2
S

exp(−τ 2
p ω2

2
)

×
∫ 2π

0

dφ
′
∫ R

0

(r′)2dr
′
∫ 1

−1

exp(i ω
vS
| r− r

′ |)
| r− r′ | dµ

′
(2.37)

where µ
′
= cos θ

′
and | r− r

′ |=
√

r2 + r′2 − 2rr′µ′ .

Inserting the result of the following integral
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∫ 1

−1

e
i ω

vS

√
r2+r′2−2rr′µ′

√
r2 + r′2 − 2rr′µ′

dµ
′
= − 1

irr′ ω
vS

(e
i ω

vS
(r−r′) − e

i ω
vS

(r+r′)
) (2.38)

into Equation 2.34 gives the desired solution in ω domain

p̃(r, ω) = ip0
vS

r

exp(− τ2
p ω2

2
+ i ω

vS
r)

ω2
[
ω

vS

R cos(
ω

vS

R)− sin(
ω

vS

R)] (2.39)

where r > R or r > r′.

Inverse Fourier transform of p̃(r, ω) yields

p(r, t) = − i√
2π

p0
vS

r

∫ ∞

−∞

e
− τ2

p ω2

2
+i ω

vS
r−iωt

ω2
[
ω

vS

R cos(
ω

vS

R)− sin(
ω

vS

R)]dω. (2.40)

Writing cos( ω
vS

R) and sin( ω
vS

R) in terms of exponentials

cos(x) =
eix + e−ix

2
(2.41)

,

sin(x) =
eix − e−ix

2i
(2.42)
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into Equation 2.40 gives

p(r, t) = − ip0

2
√

2π

R

r
[

∫ ∞

−∞

e
− τ2

p ω2

2
+iω( r+R

vS
−t)

ω
dω +

∫ ∞

−∞

e
− τ2

p ω2

2
+iω( r−R

vS
−t)

ω
dω]

+
1

2
√

2π
p0

vS

r
[

∫ ∞

−∞

e
− τ2

p ω2

2
+iω( r+R

vS
−t)

ω2
dω −

∫ ∞

−∞

e
− τ2

p ω2

2
+iω( r−R

vS
−t)

ω2
dω]. (2.43)

The solution of photoacoustic equation can be obtained if the following I1 and I2

integrals are solved

I1 =

∫ ∞

−∞

e
− τ2

p ω2

2
+iω( r+R

vS
−t)

ω
dω, (2.44)

I2 =

∫ ∞

−∞

e
− τ2

p ω2

2
+iω( r+R

vS
−t)

ω2
dω. (2.45)

These I1 and I2 kinds of integrals can be calculated carrying out the residue

theorem [50].

To calculate the following type of integral

I =

∫ ∞

−∞
f(z)eiαzdz, (2.46)

the Jordan-Lemma has to be satisfied. Jordan-Lemma states that if f(z) → 0 as

z →∞, then
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lim
R→∞

∫

CR

f(z)eiαzdz = 0 (2.47)

where CR is a circular path of infinite radius on the upper z plane for α > 0. I1 integral

in complex z plane can be written as

∮
e−

τ2
p z2

2

z
e

iz( r+R
vS

−t)
dz = lim

R→∞

∫

CR

e−
τ2
p z2

2

z
e

iz( r+R
vS

−t)
dz +

∫ ∞

−∞

e−
τ2
p x2

2

x
e

ix( r+R
vS

−t)
dx. (2.48)

Here, if ( r+R
vS
− t) > 0, the first integral of the right hand side of Equation 2.48 becomes

zero due to the Jordan-Lemma.

Applying the residue theorem at z = 0 gives

∮
e−

τ2
p z2

2

z
e

iz( r+R
vS

−t)
dz =





πi limz→0(z
e−

τ2
p z2

2

z
e

iz( r+R
vS

−t)
) if ( r+R

vS
− t) > 0,

−πi limz→0(z
e−

τ2
p z2

2

z
e

iz( r+R
vS

−t)
) if ( r+R

vS
− t) < 0.

(2.49)
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Hence,

I1 = πi sgn(
r + R

vS

− t) (2.50)

where sgn(x) is the signum function. Following the similar steps, I2 integral can also

be calculated taking into consideration that z = 0 is a second order pole

I2 = −π(
r + R

vS

− t) sgn(
r + R

vS

− t). (2.51)

Substituting Equation 2.50 and Equation 2.51 into Equation 2.43 leads to the

following solution of photoacoustic equation in time domain for a spherical object

homogeneously heated by a short laser pulse having a Gaussian temporal profile

p(r, t) =
1

2

√
π

2

p0

r
[(r − vst) sgn(

r + R

vs

− t)

+(−r + vst) sgn(
r −R

vs

− t)]. (2.52)

If a pulsed laser is sent to a spherical object of radius R, the object is heated

and an initial pressure p0 is created inside the object. There are three cases based on

the propagation time when observation point is outside the spherical object [29]. If

r − R > vSt, the spherical object does not intersect with the spherical shell of radius

vSt which is centered at the observation point so that p(r, t) becomes zero. If vSt

is between the interval [r-R, r+R], the heated spherical object touches the spherical

shell of radius vSt. Pressure can be described by Equation 2.52. If r + R < vSt, then

the spherical object cannot intersect with the spherical shell. For this reason, p(r, t)

becomes zero.
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Therefore, these three cases can be combined into the following equation by uti-

lizing the Heaviside step function, θ(x),

p(r, t) =
1

2

√
π

2

p0

r
{(r − vst) sgn(

r + R

vs

− t)

+(−r + vst) sgn(
r −R

vs

− t)} (2.53)

×θ(r− | R− vst |)θ(−r + R + vst)

for outside the object (r > R).

Substituting Equation 2.20 into Equation 2.18 leads to

p0 =
β

κρCV

Ae. (2.54)

Defining Grueneisen parameter Γ = β
κρCV

and writing Ae = µaF , Equation 2.54

becomes

p0 = ΓµaF (2.55)

where µa and F stand for the optical absorption coefficient and the optical fluence,

respectively.

Hence, the photoacoustic wave can be expressed in terms of the parameters of

the spherical object
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p(r, t) =
1

2

√
π

2

ΓηthµaF

r
{(r − vst) sgn(

r + R

vs

− t)

+(−r + vst) sgn(
r −R

vs

− t)} (2.56)

×θ(r− | R− vst |)θ(−r + R + vst).

The photoacoustic signals can be detected if an ultrasonic transducer is located

outside the spherical object. Thus, the optical absorption coefficient µa can be calcu-

lated by inserting the detected signal and the other parameters in Equation 2.56.

In Figure 2.1, the normalized photoacoustic pressure waves as a function of nor-

malized time are plotted for different radial locations. Laser pulse results in an initial

pressure p0 via thermal expansion. This initial pressure is constant throughout the

spherical object. Each spherical pressure wave is split into two waves which have the

same amplitude. In Figure 2.1, diverging spherical wave travels outward which is on

the positive y axis whereas converging spherical wave travels inwards which is on the

negative y axis. These results are in good accordance with the literature [13, 51]. It

is clearly observed that, photoacoustic signal is proportional to absorption coefficient

and the fluence.
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Figure 2.1. Normalized photoacoustic pressure waves generated inside a spherical

object excited by a short laser pulse for a Gaussian temporal profile vs. normalized

time observed at different radial positions (a) r=2 R (b) r=4 R (c) r=6 R.
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2.4. Solution of Photoacoustic Equation for Gaussian Spatiotemporal

Profile

In this section, we treat the radial part of the source term of the photoacoustic

equation as a Gaussian profile which is more realistic compared to the uniform radial

profile case.

p0(r) = p0e
− r2

2τ2 θ(r)θ(−r + R) (2.57)

where τ is the beam width of the laser.

Fourier transform of p(r, t) gives

p̃(r, ω) = − p0

2π

1

vSr
e−

τ2
p ω2

2 [

∫ R

0

r′e−
r′2
2τ2 (e

i ω
vS

(r−r′) − e
i ω

vS
(r+r′)

)dr
′
. (2.58)

The solution of the photoacoustic equation in time domain can be obtained by

calculating the following integral

p(r, t) = − p0

2
√

2π

1

vSr

∫ R

0

r′e−
r′2
2τ2

∫ ∞

−∞
(e
− τ2

p ω2

2
+iω( r−r′

vS
−t) − e

− τ2
p ω2

2
+iω( r+r′

vS
−t)

)dωdr
′
.(2.59)

Substituting

∫ ∞

−∞
e
− τ2

p ω2

2
+iω( r−r′

vS
−t)

dω =

√
2π

τp

e
−

( r−r′
vS

−t)2

2τ2
p (2.60)
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into Equation 2.59 leads to

p(r, t) = −p0

2

1

vSrτp

∫ R

0

r′(e
− r′2

2τ2−
( r−r′

vS
−t)2

2τ2
p − e

− r′2
2τ2−

( r+r′
vS

−t)2

2τ2
p )dr

′
(2.61)

for outside the object (r > R). Calculations of J1 and J2 integrals on the right hand

side of Equation 2.61

J1,2 =

∫ R

0

r′ exp[− r′2

2τ 2
− ( r∓r′

vs
− t)2

2τ 2
p

]dr
′

(2.62)

give the following results

J1 =

∫ R

0

r′ exp[− r′2

2τ 2
− ( r−r′

vs
− t)2

2τ 2
p

]dr′ (2.63)

=
τpτ

2vs

2(τ 2 + τ 2
p v2

s)
3/2

exp[−(r − vst)
2

2τ 2
p v2

s

]

×{
√

2πτ(r − vst) exp[
τ 2(r − vst)

2

2τ 2
p v2

s(τ
2 + τ 2

p v2
s)

]

×[erf[
τ 2(−r + R + vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

] + erf[
τ(r − vst)√

2τpvs

√
τ 2 + τ 2

p v2
s

]]

−2τpvs

√
τ 2 + τ 2

p v2
s [exp[

1

2
R(−−2r + R + 2vst

τ 2
p v2

s

− R

τ 2
)]− 1] (2.64)

and

J2 =

∫ R

0

r′ exp[− r′2

2τ 2
− ( r+r′

vs
− t)2

2τ 2
p

]dr′

=
τpτ

2vs

2(τ 2 + τ 2
p v2

s)
3/2

exp[−(r + R− vst)
2

2τ 2
p v2

s

− R2

2τ 2
]
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×{
√

2πτ(r − vst) exp[
(τ 2(r + R− vst) + Rτ 2

p v2
s)

2

2τ 2
p τ 2v2

s(τ
2 + τ 2

p v2
s)

]

×[erf[
τ(r − vst)√

2τpvs

√
τ 2 + τ 2

p v2
s

]− erf[
τ 2(r + R− vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]]

+2τpvs

√
τ 2 + τ 2

p v2
s [exp[

R(2(r − vst) +
Rτ2

p v2
s

τ2 + R)

2τ 2
p v2

s

]− 1]}, (2.65)

respectively where erf(x) is the error function.

Therefore, substituting the integrals J1 and J2 into Equation 2.61 gives

p(r, t) =
p0τ

2

4r(τ 2 + τ 2
p v2

s)
3/2

exp[−2R(r − vst) + 2(r − vst)
2 + R2

2τ 2
p v2

s

− R2

2τ 2
]

×{
√

2πτ(r − vst)[erf[
τ 2(−r + R + vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]

× exp[
(r + R− vst)

2

2τ 2
p v2

s

+
τ 2(r − vst)

2

2τ 2
p v2

s(τ
2 + τ 2

p v2
s)

+
R2

2τ 2
]

+ erf[
τ 2(r + R− vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]

× exp[

(τ2(r+R−vst)+Rτ2
p v2

s)2

τ2(τ2+τ2
p v2

s)
+ (r − vst)

2

2τ 2
p v2

s

]]

−2τpvs

√
τ 2 + τ 2

p v2
s exp[

(r − vst)
2

2τ 2
p v2

s

][exp[
2R(r − vst)

τ 2
p v2

s

]− 1]}. (2.66)

When the three cases based on the propagation time mentioned in the previous

section are considered, for outside the spherical object, the photoacoustic pressure wave

takes its final form:

p(r, t) =
p0τ

2

4r(τ 2 + τ 2
p v2

s)
3/2

exp[−2R(r − vst) + 2(r − vst)
2 + R2

2τ 2
p v2

s

− R2

2τ 2
]
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×{
√

2πτ(r − vst)[erf[
τ 2(−r + R + vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]

× exp[
(r + R− vst)

2

2τ 2
p v2

s

+
τ 2(r − vst)

2

2τ 2
p v2

s(τ
2 + τ 2

p v2
s)

+
R2

2τ 2
]

+ erf[
τ 2(r + R− vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]

× exp[

(τ2(r+R−vst)+Rτ2
p v2

s)2

τ2(τ2+τ2
p v2

s)
+ (r − vst)

2

2τ 2
p v2

s

]]

−2τpvs

√
τ 2 + τ 2

p v2
s exp[

(r − vst)
2

2τ 2
p v2

s

][exp[
2R(r − vst)

τ 2
p v2

s

]− 1]}

×θ(r− | R− vst |)θ(−r + R + vst). (2.67)

If p0 = ΓµaF is written into Equation 2.67 in order to relate the spherical object’s

parameters to the signal, the following expression is obtained

p(r, t) =
ΓηthµaFτ 2

4r(τ 2 + τ 2
p v2

s)
3/2

× exp[−2R(r − vst) + 2(r − vst)
2 + R2

2τ 2
p v2

s

− R2

2τ 2
]

×{
√

2πτ(r − vst)[erf[
τ 2(−r + R + vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]

× exp[
(r + R− vst)

2

2τ 2
p v2

s

+
τ 2(r − vst)

2

2τ 2
p v2

s(τ
2 + τ 2

p v2
s)

+
R2

2τ 2
]

+ erf[
τ 2(r + R− vst) + Rτ 2

p v2
s√

2τpτvs

√
τ 2 + τ 2

p v2
s

]

× exp[

(τ2(r+R−vst)+Rτ2
p v2

s)2

τ2(τ2+τ2
p v2

s)
+ (r − vst)

2

2τ 2
p v2

s

]]

−2τpvs

√
τ 2 + τ 2

p v2
s exp[

(r − vst)
2

2τ 2
p v2

s

][exp[
2R(r − vst)

τ 2
p v2

s

]− 1]}

×θ(r− | R− vst |)θ(−r + R + vst). (2.68)

Hence, Equation 2.68 gives the photoacoustic pressure wave resulted from a short
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laser pulse which has both Gaussian temporal and radial profiles.

For biomedical optics applications, we take realistic values of vS = 1480 m/s,

τp = 6.5 ns, R = 3 mm from references [13,20]. In Figure 2.2 and Figure 2.3, we observe

the change of the normalized photoacoustic wave p(r,t)
p0

as a function the normalized time

vSt
R

for R
τ

= 1 − 10 values using Equation 2.67. In Figure 2.3, the photoacoustic wave

has a different shape rather than a linear form when τ becomes comparable with the

size of the spherical object, R.
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Figure 2.2. Normalized pressure wave p(r,t)
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vs. normalized time vSt
R

for (a) r = 2R (b)

r = 4R (c) r = 6R where τ
R

= 1
10

.
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Figure 2.3. Normalized pressure wave p(r,t)
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vs. normalized time vSt
R

for (a) r = 2R (b)

r = 4R (c) r = 6R where τ
R

= 1 .
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In Figure 2.4, using Equation 2.68, the change of the normalized pressure waves

are observed with the increasing pulse duration τp at t = 5 µs for various τ , the standard

deviation of the radial profile, values.

Pulse energy of a laser is

E = Ppeakτp, (2.69)

where E and Ppeak are energy and peak power of the laser, respectively.

Figure 2.4 shows that the photoacoustic wave is a decreasing function of the pulse

duration because according to Equation 2.69 the pulse duration is inversely propor-

tional to peak power of the laser provided that the energy of laser . For a particular

wavelength, i.e., constant absorption coefficient, the amplitude of PA signal decreases

with increased pulse duration for constant pulse energy. In addition to this, when the

pulse duration gets a larger value than the acoustic confinement time or the thermal

confinement time, then the photoacoustic Equation 2.7 is no longer valid for such a

large pulse duration value. The other way round, shorter pulse duration yields bigger

photoacoustic wave amplitude. This condition holds as long as pulse duration allows

light to be only linearly absorbed. For durations around picoseconds or femtoseconds,

thermal and photoacoustic effects diminishes, intensity dependent non-linear laser tis-

sue interactions occurs. As a non-linear effect, e.g., two photon absorption cause tissue

damage.

Figure 2.4 also shows that as R
τ

increases, the change of the normalized signal

decreases slightly because the radial profile becomes very sharp and behaves like a

Dirac delta function so that the laser parameters (pulse duration and beam width)

begin to lose their effects on the signal.



46

Average power of the laser is given by

Pavg = E.PRF, (2.70)

where Pavg, E, and PRF stand for the average power, the energy, and the repetition

frequency, respectively. When the average power of the laser is constant, decreasing

pulse repetition frequency results in an increase in the energy according to Equation

2.70 so that the amplitude of the signal increases since the photoacoustic wave is

proportional to the fluence and hence the energy of the laser from Equation 2.68. It

should also taken into consideration that the decrease in PRF results in slow data

aquisition speed.

In Figure 2.5, the effect of the average power of the laser on the signal is also

examined. Figure 2.5 confirms the previous results. The signal is a increasing function

of the peak power.
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3. DESIGN OF FIBER LASER FOR PHOTOACOUSTIC

IMAGING

3.1. Purpose

Photoacoustic Microscopy (PAM) research, as an imaging modality, has shown

promising results in, imaging angiogenesis and cutaneous malignancies like melanoma,

revealing systemic diseases including diabetes, hypertension, coronery artery, cardio-

vascular disease from their effect on the microvasculature, tracing drug efficiency and

assessment of therapy, monitoring healing processes such as wound cicatrization, brain

imaging and mapping, neuroscientific evaluations as mentioned in Chapter 1 under the

subsection of applications of photoacoustic imaging. In malignant tumor, the growth

of new blood vessels from pre-existing vessels, angiogenesis, increased the importance

of imaging microvasculature by means of photoacoustic imaging. Clinically, PAM can

be used as a diagnostic and predictive medicine tool; even have a part in preventing of

diseases.

Pulse duration, pulse energy and PRF (pulse repetition frequency) of laser used in

PAM affect signal amplitude and quality, data acquisition speed and indirectly the spa-

tial resolution; thus, significant to monitor above-mentioned diseases and alterations.

Current lasers used in photoacoustic imaging are commercially available Q-switched

lasers, low-power laser diodes or fiber lasers with non-adjustable properties. The ready-

made lasers bring about some systematic limitations on current microscopy systems.

Acquisition time is long, wavelength and energy are non adjustable. Microvasculature

and cellular imaging require different properties of lasers. In order to eradicate con-

straints, we built a fiber laser in collaboration with Ultrafast Optics and Lasers Group

of Bilkent University specifically for photoacoustic microscopy.
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3.2. Lasers Used for Photoacoustic Imaging

Photoacoustic imaging is not a new concept and lasers have used in this kind of

imaging since 2000s. However, using fiber lasers in photoacoustic imaging is something

new and there are just a few researches made about photoacoustic microscopy using

these lasers.

In 2012, Zhang et al. [52] used two different lasers for imaging myocardial sheet

architecture of a mouse. For spectral measurement, they used an integrated diode-

pumped Q-switched Nd:YAG laser with a tunable wavelength between 210 to 2600

nm. However, the repetition rate of the laser is 1 kHz which is insufficient for fast

imaging; thus, they also used a Nd: YVO4 laser with a fixed wavelength of 532nm

providing 50 kHz repetition rate. Fast repetition rate and adjustable wavelength are

required for better imaging. The left ventricular wall area was imaged by PAM with

∼ 50 nJ pulse energy and a saline-perfused blood-free heart of a mouse imaged by

∼ 80 nJ pulse energy which is comparatively low. In Chapter 2, it is theoretically

derived and showed that when the pulse energy increases, the amplitude of the signal

also increases which improves the quality of image as long as the fluence is in ANSI

(American National Standards Institute) safety limits.

Also in 2012, Yeh et al. [53] used two lasers, one solid state laser and a wavelength-

tunable laser for imaging blood pulse wave. The mouse ear is exposed to dual wave-

length, 532 nm from the solid state laser and 563 nm from the wavelength tunable

laser in order to study the differential responses of arteries and veins to cardiac pul-

sation. Oxygenated hemoglobin is dominant in the arteries whereas de-oxygenated

hemoglobin overwhelms the veins. The absorption spectrum of oxygenated and de-

oxygenated hemoglobin has peaks at different wavelengths which necessitates multi-

wavelength exposure for imaging arteries and veins at the same time. The Figure 3.2

show the absorption spectrum of oxygenated and de-oxygenated hemoglobin around

500 nm.
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Figure 3.1. Absorption Spectrum of Hemoglobin and Oxygenated Hemoglobin around

500 nm [54].

In 2011, Krumholz et al. [32] used Nd:YLF pumped dye laser in order to per-

form two experiments, an ex vivo study to characterize the signal from tyrosinase-

catalyzed melanin, and an in vivo experiment to show the capability to spectrally

separate melanin from blood. Four different tubes including lysed oxygenated blood,

melanoma cells, embriyonic kidney cells contains tyrosinase gene that induces melanin

and embriyonic kidney cells overexpressing the tyrosinase gene are exposed to three

different wavelengths, 584, 590 and 600 nm once at a time. Absorption by blood

decreased significantly when compared to absorption by melanin with increasing wave-

length. This difference was sufficient to distinguish blood from melanin. After filtering,

the incident energy was around 100 nJ and the repetition rate of laser was not fast

enough to get real time imaging.

In 2011, Favazza et al. [55] used two different wavelengths: 561 nm and 570

nm for functional imaging of cutaneous microvasculature in human skin. The first

wavelength, 561 nm is the local maximum of de-oxygenated hemoglobin and the second

one, 570 nm is an isosbestic wavelength for oxygenated and de-oxygenated hemoglobin

so that the changes in the MAPs collected at these particular wavelengths can show

the relative increase or decrease in de-oxygenated hemoglobin concentration. Table 3.1

shows characteristics of Q-Switched lasers that are used in recent researches.



52

Table 3.1. Characteristics of Q-Switched lasers and central frequency (CF) of

transducers that are used in recent researches [32,52–61].

Laser τp

(ns)

Fluence/

Energy

PRF Wavelength

(nm)

CF

(MHz)

Yang et al.

(2012)

Nd:YAG 8-10 40 nJ 10 Hz 532, 680-960 22

Zhang et al.

(2012)

Nd:YAG

Nd: YVO4

N/A 80 nJ 1 kHz

50 kHz

210 to 2600

532

40

Yeh et al. (2012) Nd:YAG

Nd:YAG

N/A N/A N/A 532, 563 50

Krumholz et al.

(2011)

Nd:YLF N/A 0.1 µJ N/A 584, 590, 600 75

Favazza et al.

(2011)

Nd:YLF 5 2 mJ/cm2 1 kHz 561, 570 20

Yao et al. (2011) Nd:YLF N/A 0.1 µJ N/A 523 N/A

J.Jo and X.Yang

(2011)

Nd:YAG N/A 20 mJ/cm2 N/A 680, 797 5

M.Liu and

T.Buma (2010)

Nd:YAG 0.6 8 µJ 6.6

kHz

570-930 25

L.D Liao and

M.L.Li (2010)

Nd:YAG 4 6 mJ/cm2 10 Hz 560, 570, 600 25

Staley et al.

(2010)

Nd:YAG N/A N/A 10 Hz 764 25

In 2011, Wang et al. [62] also used a fiber laser with a wavelength of 1064 nm for

melanoma cell detection. The laser has a 10-ns pulse width and a repetition rate of 50

kHz. Melanin is a broadband absorber; thus, the laser can be used for melanoma detec-

tion but the optical absorption of hemoglobin at 1064 nm is comparatively low; thus,

the laser cannot exploit from absorption peaks of hemoglobin, oxygenated hemoglobin

and de-oxygenated hemoglobin.
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In 2011, Shi et al. [63] used diode-pumped nanosecond-pulsed ytterbium-doped

532 nm fiber laser with pulse repetition rate up to 600 kHz in photoacoustic microscope.

By means of high repetition rate, they achieved near real time imaging. Furthermore,

optical absorption of hemoglobin at 532-nm is also high. The system is advanced in

many ways when compared to solid state lasers such that it is two orders of magnitude

faster than conventional system without compromising lateral resolution. The main

disadvantage of the system is its fixed wavelength since variety of wavelengths could

be used in applications such as the study of oxygen heterogeneity in tumors and other

tissue abnormalities revealed by the changes in the oxygenated hemoglobin. Table 3.2

shows characteristics of Q-Switched lasers that are used in recent researches.

Table 3.2. Characteristics of fiber lasers and central frequency (CF) of transducers

that are used in recent researches [62–64].

Laser τp

(ns)

Fluence/

Energy

PRF Wavelength

(nm)

CF

(MHz)

Shao et al.

(2012)

Yd-Doped

Mode-

Locked

1 20 µJ Up to

600 kHz

532 3.5

Wang et al.

(2011)

N/A 10 0.92 µJ 50 kHz 1064 40

Shi et al. (2011) Yd-Doped

Mode-

Locked

1 20 µJ Up to

600 kHz

532 50

As a former study, in 2005, Allen et al. [26] used laser diodes for photoacoustic

imaging. Their research has shown that detectable signals can be generated in superfi-

cial blood vessel to monitor blood oxygenation and volume. Taking advantage of pulse

duration tunability of laser diodes, they used various pulse durations between 10 ns

to 200 ns in order to examine the effect of the pulse length of the laser. However, the

energy of laser diode is low compared to a typical Q-switched laser, signal averaging is
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required for laser diodes. Their study showed that with signal averaging over second,

the signal to noise ratio produced by a 10 mJ Q-switched laser pulse would be 22.3

times greater than of the laser diode. Combining 12 laser diodes would provide a SNR

(Signal to noise ratio) equivalent to a 10 mJ Q-switched laser pulse. Therefore, by com-

bining a reasonable number of laser diodes, it should be possible to obtain adequate

SNR for NIR spectroscopic photoacoustic applications. Table 3.3 shows characteristics

of Q-Switched lasers that are used in recent researches.

Table 3.3. Characteristics of fiber lasers and central frequency (CF) of transducers

that are used in recent researches [26,65].

Laser τp

(ns)

Fluence/

Energy

PRF Wavelength

(nm)

CF

(MHz)

Zeng et al.

(2012)

Laser

Diode

100 5.6 µJ 0.8 kHz 905 10

Allen et al.

(2005)

Pulsed

Laser

Diode

10 to

200

N/A N/A 940 N/A
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3.3. Fiber Laser Set- Up

3.3.1. Oscillator

The oscillator consists of a 0.7 m long Yb-doped fiber, followed by a 70% coupler,

an 8 nm bandpass filter, an inline isolator to ensure unidirectional operation, an output

coupler of 10%, two polarization controllers, a 50 m long HI-1060 single mode fiber for

Sagnac loop, and 2x2 40% coupler for NOLM (non linear optical loop mirror) [66].

Although the oscillator can operate without the bandpass filter, it adjusts the central

wavelength and improves stability. As a pump source, a fiber-coupled single-mode

980-nm diode laser delivering a maximum power of 650 mW is used. Pump-protection

filter rejects unwanted backward propagating light within the fiber, if any, because

backward power can cause laser diode to break down. The fundamental repetition rate

of the cavity is 3.1 MHz. Polarization controllers are used manually in order to assist

mode-locked operation of the laser. Part of the output is split with a 10% fiber which

seeds the amplification stage with oscillations of 24 mW power and 8 nJ energy. Figure

3.2 shows the schematics of the oscillator setup.

Figure 3.2. Schematic of the Oscillator Setup. WDM: Wavelength-division

multiplexer.



56

3.3.2. Pre-Amplifier

Pre-amplifier comprises of 1.0 m long Yd doped fiber followed by fiber-integrated

acousto-optic modulator (AOM) that is connected to FPGA (field programmable gate

array) circuit. Fiber-coupled single-mode 980 nm diode laser delivering a maximum

power of 650 mW is used as pump source. The acousto-optic modulator (AOM) allows

the frequency, intensity and direction of a laser beam to be modified. A piezoelectric

transducer is attached to piece of glass through which the light propagates. The light

experiences Bragg diffraction due to refractive index grating generated by the sound

wave traveling through the crystal. The frequency and direction of the scattered beam

can be controlled by means of the frequency of the sound wave; thus, the desired pulse

burst mode can be impressed. The optical power can also be controlled by the acoustic

power. As long as the acoustic power is sufficiently high, more than 50% of the optical

power and in some cases even more than 95% can be diffracted [67]. The amplifier

levels the signal up to 300 mW power that corresponds to 100 nJ energy. By means

of AOM, the repetition rate is reduced to 100 kHz which also results in optical power

loss. Complete control over the pulse train, including generation of non-uniform pulse

trains, is achieved via the AOM through custom-developed field-programmable gate-

array (FPGA) electronics explained below. Another amplifier including 980 nm diode

laser delivering a maximum power of 650 mW and 1.0 m long Yd doped fiber is built

in order to compensate for decreased optical power and average power is increased to

150 mW that corresponds to 1.5 µJ pulse energy. Figure 3.3 shows the schematics of

the pre-amlifier setup.

Figure 3.3. Schematic of the Pre-amplifier Setup.
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The repetition frequency of the laser can be adjusted between 50 kHz and 3.1

MHz via the FPGA circuit. Figure 3.4 shows the schematics and logic of circuit.

Figure 3.4. The Schematics of Field Programmable Gate Array (FPGA).
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3.3.3. Final Amplifier

A 105 µm core multimode fiber coupled 976 nm diode laser of delivering a maxi-

mum power of 10 W is used as a pump source. The amplifier also includes 2 m long wide

band double-clad Yb-doped fiber with 20 µm core diameter and numerical aperture of

0.07. The octagonal clayed fiber of the power amplifier has 125 µm core diameter and

numerical aperture of 0.46. Figure 3.5 shows the schematics of the final amplifier.

Figure 3.5. Schematics of Final Amplifier.

The optical power can be increased up to 1.8 W and the protection of the pre-

amplifier is ensured by high-power isolator. Figure 3.6 shows the optical spectrum and

the pulse duration of the laser before supercontinuum generation.

Figure 3.6. Schematics of Fiber Laser System.
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3.3.3.1. Supercontinuum Generation. A 3.5 meter long photonic crystal fiber is spliced

to double-clad Yb-doped fiber of the final amplifier for supercontinuum generation. The

power delivery between wide band fiber to photonic cyristal fiber is around 35%; thus,

the output power is 600 mW corresponding to 6 µJ pulse energy. “Nonlinear optical

propagation is dramatically enhanced in a PCF due to its air silica honeycomb-like

microstructure” [58]. The zero dispersion wavelength of the PCF is 1040 nm. As a

result of non-linear effects, the spectrum broadens and supercontinuum between 600-

1100 nm is generated. Figure 3.7 shows supercontinuum spectrum.

Figure 3.7. Supercontinuum Spectrum.

Figure 3.8 shows the light that seems yellow and dominantly red since the wave-

lengths in the supercontinuum correspond to that colors in the visible range of electro-

magnetic spectrum.

Figure 3.8. Generated Supercontinuum.
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Figure 3.9 shows the laser system which is boxed in plexiglass for stability during

experiments.

Figure 3.9. Picture of Fiber Laser System.

Filtering is required to excite different probes of interest such as hemoglobin,

oxgenated hemoglobin, etc. Adjusting the central wavelength, acusto-optic modulator

can be used as band filter for the purpose. Wavelength selection is also possible with

optical filters of several wavelengths. By means of optical filters, probes can be exposed

to multiple wavelengths. The image is formed by scanning sample with galvo-scanner

at the end of acusto-optic modulator or the filters.
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4. PHOTOACOUSTIC MICROSCOPY

4.1. Ultrasound System

In order to analyze ultrasound signal induced by laser, pulser/receiver (OLYM-

PUS 5073PR), pre-amplifier (OLYMPUS 5678) and data acquisition card (Gage, Ex-

press Compu Scope 1422) is used. Figure 4.1. shows pulse/echo signal received from

data acquisition card.
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Figure 4.1. Pulse-Echo signal.
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Figure 4.2 shows cable connections for Pulse-Echo operation of Pulser/Receiver

with Oscilloscope.

Figure 4.2. Cable connections for Pulse-Echo operation of Pulser/Receiver with

Oscilloscope.

Figure 4.3 shows the pictures of pulser/receiver and pre-amplifier and Figure 4.4

shows initial oscilloscope and pulser/receiver settings.

Figure 4.3. Pulser/Receiver and Pre-Amplifier.
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Figure 4.4. Oscilloscope and Pulser/Receiver settings.

Figure 4.5 shows data acquisition card for very fast imaging.

Figure 4.5. Data Acquisition Card.
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4.2. System Design

Figure 4.6 shows the total laser system integrated with acusto-optic tunable filter

and galvo scanner.

Figure 4.6. Schematics of PAM System.
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5. CONCLUSION

The photoacoustic signal is a decreasing function of the pulse duration for con-

stant pulse energy. For a particular wavelength, i.e., constant absorption coefficient,

the amplitude of PA signal decreases with increased pulse duration provided that pulse

energy is constant. In addition to this, when the pulse duration gets a larger value than

the acoustic confinement time or the thermal confinement time, then the photoacoustic

equation is no longer valid. The other way round, shorter pulse duration yields bigger

photoacoustic wave amplitude. This condition holds as long as pulse duration allows

light to be only linearly absorbed. For durations around picoseconds or femtoseconds,

thermal and photoacoustic effects diminishes, intensity dependent non-linear laser tis-

sue interactions occur. As a non-linear effect, two photon absorption cause tissue

damage. Short pulse durations generates sound waves of higher frequency, so acoustic

attenuation should be taken into consideration. Whensoever acoustic effects are also

considered, the overall efficiency is still higher for shorter pulse durations.

As the ratio of radius of spherical object that is exposed to laser beam over beam

width increases, the change of the normalized signal decreases slightly because the

radial profile becomes very sharp and behaves like a Dirac delta function so that the

laser parameters (pulse duration and beam width) begin to loose their effects on the

signal.

When the average power of the laser is constant, decreasing pulse repetition

frequency results in an increase in the energy so that the amplitude of the signal

increases since the photoacoustic wave is proportional to the fluence and hence the

energy of the laser. It should also be taken into consideration that the decrease in PRF

results in slow data aquisition speed. On the other hand, high PRF can improve the

contrast to-noise ratio (CNR) when weak contrast is imaged, since it allows extensive

signal averaging.
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PA signal amplitude is directly proportional to the local fluence and the absorp-

tion coefficient of the target. Therefore, taking measurements at multiple wavelengths

allows for spectral separation of signals from different absorbers based on their char-

acteristic absorption spectra and enables functional imaging.

Available lasers in the market have specific characteristics. Although, some have

tunability over wavelength on the expense of energy, repetition frequency and pulse

energy are usually constant. As a result of the constraints, lasers are chosen regarding

the application. A laser suitable for melanoma cell detection with a wavelength of 1064

nm , e.g., is not appropriate for hemoglobin imaging since at the particular wavelength

the absorption of hemoglobin is very low. Another laser with tunable wavelength

may not be used for real time imaging because of having low PRF. Lasers having

control over PRF, usually fiber lasers, have fixed wavelengths which is not suitable for

spectroscopic measurements. Fixed energy obligates to perform microvasculature or

celuluar imaging. In this thesis, the laser designed specifically for photoacoustics gives

freedom to select wavelength between 600 nm and 1100 nm , energy between 2 nJ to

10 µJ, and repetition frequency between 50 kHz to 3 MHz; thus allows only one laser

usage for many different applications.
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