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Abstract

Characterization of photoacoustic sources in tissue using time domain

measurements

John Andrew Viator, Ph.D.

Oregon Graduate Institute of Science & Technology, 2000

Supervising Professor: Scott A. Prahl

Photoacoustic phenomenon in tissue and tissue phantoms is investigated with the

particular goal of discrimination of diseased and healthy tissue.

Propagation of broadband photoacoustic sources in tissue phantoms is studied with

emphasis on attenuation, dispersion, and diffraction. Attenuation of photoacoustic waves

induced by a circular laser spot on an absorber/air interface is modeled by the on-axis

approximation of the acoustic field of a baffled piston source. Dispersion is studied in a

diffraction free situation, where the disk of irradiation was created by a 5 mm laser spot

on a 200 cm−1 solution. The genesis of diffraction in an absorbing solution was displayed

by showing the merging of a boundary wave with a plane wave from a circular laser spot

on an absorbing solution.

Depth profiling of absorbing tissue phantoms and stained tissue was shown using a

photoacoustic method. Acrylamide gels with layers of different optical absorption and

stained elastin biomaterials were irradiated with stress confined laser pulses. The resulting

acoustic waves were detected with a lithium niobate wideband acoustic transducer and

processed in an algorithm to determine absorption coefficient as a function of depth.
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Spherical photoacoustic sources were generated in optically clear and turbid tissue

phantoms. Propagation time and acoustic pulse duration were used to determine location

and size, respectively. The photoacoustic sources were imaged using a multiplicative

backprojection scheme. Image sources from acoustic boundaries were detected and dipole

sources were detected and imaged.

Finally, an endoscopic photoacoustic probe was designed, built, and tested for use in

determining treatment depth after palliative photodynamic therapy of esophageal cancer.

The probe was less than 2.5 mm in diameter and consisted of a side firing 600µm optical

fiber to deliver laser energy and a 890µm diameter, side viewing piezoelectric detector.

The sensitivity of the probe was determined. The probe was also tested on coagulated and

non–coagulated liver, ex vivo and on normally perfused and underperfused human skin,

in vivo.
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Chapter 1

Introduction

The use of lasers as a diagnostic tool in biomedical engineering and research has grown

considerably in the last decade. While most applications exploit the optical nature of

the light-tissue interaction, the field of photoacoustics uses optical energy to generate an

acoustic wave which propagates in the tissue environment. The acoustic wave propagation

is fundamentally related to various tissue properties and an analysis of the wave dynam-

ics can provide insights into these properties. This dissertation presents background on

photoacoustic propagation and shows results of several photoacoustic methods to derive

information about tissue and tissue phantoms. This information is analyzed with the

ultimate goal of discriminating healthy and diseased tissue.

Photoacoustic effects have been known since the 19th century [1,2] with the discovery

by Bell et al. of the effect of sunlight on a selenium cell and rapidly modulated sunlight on

gases. A renaissance in photoacoustics began with the advent of lasers in the 1960’s [3,4],

when researchers were able to exploit the short laser pulses for acoustic generation. The

photoacoustic phenomena described in this dissertation were all produced by a photother-

mal interaction, resulting from a deposition of optical energy onto an absorbing target in

a stress confined manner i.e., where the optical pulse duration is shorter than the time

required for the deposited energy to propagate away acoustically. In this dissertation,

the targets were tissue phantoms and tissue, where the assumption that sound speed and

density, and hence acoustic impedance, is essentially equal to that of water.

Figure 1.1 shows a pictorial representation of photoacoustic generation from an em-

bedded optical absorber in layered tissue. The tissue constitutes a planar surface in air.

1
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Figure 1.1: An illustration of photoacoustic generation. The resultant acoustic field is
composed of acoustic radiation from the embedded source and boundary interactions.

The laser irradiation is scattered in the optically scattering tissue medium, then is ab-

sorbed by the embedded source. The resultant acoustic field is composed of radiation

from the source and boundary reflections and transmissions. Here, the air/tissue interface

constitutes a free surface, in which the acoustic radiation is entirely reflected back into the

tissue. The tissue 1/tissue 2 interface causes transmissions and reflections as determined

by the acoustic impedance mismatch and Snell’s Law.

Figure 1 illustrates the generation of an acoustic wave and its effect on the index of

refraction of a solution of Orange G in water, by Paltauf et al.. A 600µm fiber was

immersed in the solution. An Nd:YAG laser in the third harmonic at 355 nm was used to

pump an optical parametric oscillator for an output wavelength of about 490 nm, which

was the absorption peak of the Orange G at about 1000 cm−1. The pulse duration was

about 6 ns. A time gated camera was used to acquire the photos, with a 10 ns exposure

time. The acoustic wave was generated within an absorption depth of the fiber face
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Figure 1.2: A shadowgraph of acoustic propagation created by a 600µm optical fiber
immersed in a 1000 cm−1 solution of Orange G in water. A 335 nm laser source deposited
energy in the volume directly beneath the fiber face. A plane wave emerged from the area
beneath the fiber (indicated by the dark area), while a boundary wave emanated from the
circumferential ring about the fiber. The progression of the acoustic wave can be tracked
from the top left photograph (70 ns) to the top right photograph (100 ns) to the bottom
left photograph (150 ns) to the bottom right photograph (180 ns). These times correspond
to a sound speed of 1.5 mm/µs.

(10µm). The progression of the acoustic wave is shown by the top left photo, at about

70 ns after the laser pulse, followed by the top right photo, at about 100 ns after the laser

pulse. The bottom left photo was taken at about 150 ns after the pulse, while the last

photo was taken at about 180 ns after the pulse. These times correspond to a sound speed

of about 1.5mm/µs. A plane wave is shown by the dark area directly below the fiber face.

The acoustic velocity was monitored by the plane wave progression. the expanding ring

in the photographs are acoustic boundary waves emanating from the circumferential ring

of the optical absorption volume, which was equal to the product of the area of the fiber

face (plane wave) and the absorption depth of the laser deposition.

In the biomedical field, the advantage of photoacoustic over purely optical diagnostic

methods is primarily one of signal propagation distance and hence, the size and depth
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of the region under investigation. In the regime of biological media, light propagation is

dominated by scattering. The difficulty of modeling light scattering in complicated media

limits the utility of optical diagnostics. A scattering coefficient in human tissue may be

about 200 cm−1, giving a mean free path due to scattering of a few tens of microns. For

example, human skin has a scattering coefficient of about 200 cm−1 in the red wavelengths,

while human aortic tissue has a scattering coefficient of about 300 cm−1 [5]. Light propa-

gation distances greater than a few millimeters result in loss of coherence and polarization

and hence, the imaging ability. Acoustic wave propagation is not affected by optically

turbid media in this way. The effect on the acoustic wave by the turbid media is only

in its generation, which is dependent on the optical absorption. Acoustic propagation in

tissue can be characterized by interface reflections and viscoelastic attenuation. In this

dissertation the acoustic field is modeled using the linear acoustic wave equation in the

form of spherical, cylindrical, or plane waves.

Chapter 2 presents theoretical and experimental results of broadband photoacoustic

propagation in a tissue phantom. Spherical and piston acoustic sources are modeled and

adapted to describe photoacoustic propagation. Acoustic parameters, including atten-

uation, dispersion, and diffraction are investigated for planar piston sources. Chapter 3

presents a method of depth profiling in a planar tissue geometry. The photoacoustic depth

profiling uses plane wave analysis to determine the absorption coefficient as a function of

depth in absorbing gels and a stained biomaterial. Chapter 4 uses time domain methods

to localize an optically thin spherical acoustic source in turbid acrylamide gels and tissue.

The physical size and absorption coefficient of the sphere is varied. The spheres are em-

bedded in clear and turbid acrylamide tissue phantoms, with acoustic propagation depths

of up to 20mm. A dipole photoacoustic source was detected, acheiving discrimination of

the two spherical sources with a minimum center to center separation distance of 2 mm for

two spheres with 2mm diameters. A computational backprojection method was used to

localize the acoustic source. Chapter 5 demonstrates the design, construction, and testing

of a photoacoustic probe for endoscopic use for measuring treatment depth after photody-

namic therapy (PDT) of esophageal cancer. The post–treatment site is characterized by

a layer of turbid, unperfused necrotic layer over a healthy, perfused layer of esophagous.
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The photoacoustic probe delivered stress confined laser light via a 600µm fiber to induce

acoustic waves in the underlying perfused layer of esophagous, while a piezoelectric de-

tector was used to determine the acoustic propagation time, which corresponded to the

necrotic layer thickness. The probe was tested on clear and turbid phantoms, and on

human tissue in vivo, with various levels of perfusion.

1.1 Photoacoustic History

After the 19th century investigations by Bell and others, mentioned above, photoa-

coustic research remained essentially dormant until the 1930’s, with trace gas analysis by

Viengerov, Pfund, Luft, and others [6]. These early studies were conducted with CW light

sources, unlike modern PAS and photoacoustics in general, where photoacoustic signals

are typically generated with lasers with nanosecond pulse durations. They used visible

and infrared optical sources and microphones to detect gaseous components in samples.

These studies were the precursors to modern photoacoustic spectroscopy (PAS), in which

an acoustic signal is generated in a photoacoustic cell by a modulated laser source and de-

tected with a microphone. The mechanism of acoustic generation is due to heating by the

sample molecules. The modulation is then related to the gas concentration by the modu-

lation of heating in the sample. Sigrist [7] reviewed the state of PAS, demonstrating that

absorption coeffients as low as 10−8 cm−1 could be detected in gaseous samples. More re-

cently, Arnott et al. [8] proposed a thermoacoustic enhancement to PAS by increasing the

Q factor(the acoustic resonator quality factor) to increase the signal to noise ratio (SNR)

in PAS of gases. They showed that an induced thermal gradient in the photoacoustic

cell would increase the Q factor in the PAS studies and that a higher Q would increase

the SNR. Hand et al. [9], in an effort to overcome difficulties with typical microphone de-

tectors, including impedance mismatching with samples, developed a Michaelson–based,

optical fiber interferometer for PAS in methanol and water. Beard et al. [10] used PAS

with a PVDF (polyvinylidene fluoride) membrane hydrophone and a frequency–doubled

Nd:YAG laser with a gas filled Raman cell to distinguish normal and atheromatous post

mortem arterial tissue. They found that at 461 nm, there was a reproducible difference
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in the photoacoustic signal of normal and atheromatous tissue. At 532 nm, they found

structure and thickness information from the photoacoustic signal.

1.1.1 Photoacoustic Generation of Simple Sources

Diebold et al. [11–13] developed a theory of photoacoustic generation in simple sources

using a frequency domain method, in which the amplitude and phase of the pressure signals

were described using the modulation frequency. The time domain solution was given by its

Fourier transform. Boundary discontinuities gave rise to reflection and dispersion. They

developed a theory for a spherical droplet in a fluid of dissimilar acoustic properties and

for particulate matter. Furthermore, they extended the theory to monopole radiation in

one, two, and three dimensions, with experimental results on a fluid layer of methanol,

cylinders and spheres of benzaldehyde. They used a frequency–doubled Q-switched, Nd–

doped, Nd:YAlG laser. The detection was made with a PVDF film transducer. Khan

et al [14, 15] extended the study to optically thin cylinders and spheres, using the same

frequency domain approach. Experimental results using immiscible fluids to form cylinders

and spheres matched the theory presented previously. They employed an Nd:YAG laser

at 532 nm with a pulse duration of about 10 ns.

1.1.2 Cavitation and Photoacoustics

Research and application of photoacoustics in the biomedical field include cavitation

and ablation acoustics. Early biomedical studies of photoacoustics, apart from PAS, had to

do with damage due to acoustic effects induced by pulsed laser sources. Anderson et al. [16]

attempted to model tissue damage by thermal effects, including laser induced shock waves.

Lauterborn et al. [17] reviewed cavitation dynamics as a source of ultrasonic waves by using

high speed photography from laser induced bubbles. Vogel et al. also studied cavitation

dynamics as a source of acoustic waves, with applications including laser lipotripsy and

ocular surgery [18,19]. They used a Q–switched Nd:YAG laser to irradiate bovine corneas

in vitro and found damage due to acoustic events with a damage range proportional to the

cube root of the laser pulse energy. Additionally, Jansen et al. [20,21] studied mechanical

damage due to laser irradiation. They used free–running and Q–switched Ho:YAG lasers
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to study bubble formation and acoustic energy in tissue phantoms and in ablation of

human aortas in vitro. They found the acoustic damage most pronounced in the aorta

with the Q–switched laser, with a pulse duration of 200 ns, versus the free–running laser

with a pulse duration of 250µs. In the tissue phantoms, they varied the pulse duration

from 500 ns for the Q–switched laser and from 100–1100µs for the free–running laser.

The result was that increase pulse duration changed the bubble shape from spherical to

an elongated bubble. In fact, the only measurable thermoelastic wave came from the Q–

switched laser, as the longer pulses did not achieve stress confinement. Topaz et al. used a

mid–infrared laser at 2.1µm with a pulse duration of 250 ms and 500 mJ/pulse to disrupt

fibrin clots with photoacoustic energy. Shangguan et al. used the photomechanical effect

for drug delivery, rather than studying it as a damage mechanism [22, 23]. They found

that they could deliver colored oil into gelatin phantoms with a 1µs pulsed dye laser,

with distribution of a few millimeters. They studied and proposed the photoacoustic drug

delivery of fibrinolytic drug to aid in breaking up clots during laser thrombolysis.

1.1.3 Photoacoustic Diagnostics and Imaging

In the 1990’s, many researchers have been investigating the use of photoacoustics as

a medical diagnostic method, including optical property measurement and detection of

embedded optical absorbers in tissue. Oraevsky et al. used wideband piezoelectric detec-

tors made from lithium niobate to detect acoustic waves in tissue and tissue phantoms

induced by stress confined laser pulses. Analysis of the acoustic wave shape gave infor-

mation about the optical properties in the media, including absorption and scattering

coefficients [24–26]. Paltauf et al. used a optical method for detecting acoustic waves,

which exploited the change in density of water during pressure pulse propagation to mod-

ulate the reflectance of a HeNe beam on a water glass interface [27–30]. They extended

this technique to two dimensional imaging with a CCD camera and also made three di-

mensional maps using slices of the two dimensional images. Jacques et al. [31, 32] and

Beard et al. [33–36] also detected acoustic waves with optical means, though they used

interferometric methods. Jacques used a dual beam, common path Michaelson interfer-

ometer to sense perturbations on the surface of tissue phantoms due to the embedded
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photoacoustic sources. Beard used a optical fiber, low finesse Fabry–Perot interferometer

to detect acoustic waves.

1.2 Motivation: Medical Imaging

Imaging of tissue for detection of pathology is an important part of the diagnosis of

disease. Choosing the most appropriate imaging method is an important step in diagnosing

illness. Considerations include ensuring the greatest efficacy in detection of the pathology,

reducing the financial costs, ensuring the least amount of patient discomfort, and reducing

the possibility of an imaging technique to interfere with further testing or treatment.

Currently, the field of biomedical imaging is dominated by radiographic methods, which

utilizes ionizing radiation as the probing means. Other methods include magnetic reso-

nance imaging (MRI), nuclear medicine imaging, and ultrasound [37, 38]. While these

modalities are successful, mature technologies, there exist short comings in each area.

Some of these short comings may be appropriately addressed by photoacoustic imaging,

particularly in applications that target specific regions on the centimeter scale, while re-

quiring spatial resolution on the order of tens of microns.

1.2.1 X-Ray Techniques

X-ray techniques include conventional radiography, in which shadowgrams from x-ray

transmission through a patient are produced, mammography, in which tumors in breast

tissue are detected, angiography, in which x-ray images are obtained aided with radiopaque

contrast agents, and computed tomography (CT), where x-ray transmissions scans are

combined to form images of gross anatomical structures [39]. While these techniques are

used widely, the ever present drawback exists with the use of ionizing radiation. The

greatest hazard is harming the patient with large doses of radiation which may incite the

genesis of cancer at the radiation site. Additionally, expensive, high voltage sources are

needed to produce x-rays. Attempts to reduce the x-ray intensity are hampered by low

signal to noise ratio as the quantum noise becomes more significant.
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Computed Tomography

CT was developed in the 1970’s and constituted a revolution in modern radiography

[40]. X-ray scans were performed on a patient, creating projections through tissue. The

projections were treated by computational methods based on the Radon Transform to

produce images [40, 41]. The projections are measured for attenuation and compared to

the expected attenuation through water [37, 42]. The projection is assigned a value on

the Hounsfield scale, in which water is assigned a value of 0. The scale is 2000 Hounsfield

Units (HU) wide. Final spatial resolution is limited by computer resources and radiation

dose. Typical resolutions are on the order of millimeters. The set up for CT is expensive,

since it requires an x-ray source, scanning machinery, and computer equipment.

Mammography

Mammography is a technique that uses x-rays to detect cancerous tumors in breast

tissue. Its principle is based on attenuation of x-rays, similar to conventional radiography

[40]. Though it potentially has the ability to detect cancerous lesions well before the

palpation threshold, questions remain regarding the genesis of cancerous tissue due to

the application of ionizing radiation. Unfortunately, the detection threshold for tumors is

about a centimeter in size [37].

1.2.2 Ultrasound

The field of ultrasound has achieved success in imaging, particularly in pre-natal di-

agnosis and large organ imaging, though the resolution is limited by the low acoustic

frequencies (usually 1–10 MHz, though often < 5 MHz) [37, 42–44]. Ultrasonic imaging

uses the principle of pulse-echo sonography, where acoustic reflections and scattering from

an acoustic transducer are detected and analyzed to determine tissue interfaces. Signal

strength, S(t), is determined and modeled as a time domain convolution of the trans-

mitted signal, T (t), transducer properties, B(t), signal attenuation, A(t), and scattering

properties, η(t) [45]. This is described by the equation,

S(t) = A(t)⊗B(t)⊗A(t)⊗ η(t) (1.1)
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where ⊗ is time domain convolution. Computational burden is usually reduced by con-

verting the convolution above to multiplication of the quantities in the frequency domain.

Ultrasound has achieved popularity in the medical imaging field due to its efficacy,

low cost, and use of non-ionizing radiation. Ultrasound units are portable, unlike x-

ray and MRI machines. Though ultrasound energy can permanently damage tissue, the

level of power used for diagnostics is several orders of magnitude lower than the damage

threshold [43].

1.2.3 Photoacoustic Imaging

Of all the current imaging modalities in clinical use, photoacoustic imaging is most

closely related to ultrasound. In fact, photoacoustic imaging can be described loosely as

an optically induced ultrasound. Its use, however, is significantly different, due to the

optical generation of the acoustic waves. First, optical properties of the targeted tissue

can be derived from a proper study of the acoustic waves. Second, the acoustic waves

generated are broadband and generally have a higher frequency content than traditional

ultrasound. Additionally, the acoustic source in traditional ultrasound is an externally po-

sitioned transducer. Imaging with ultrasound depends on differentiating tissue by acoustic

contrast. Photoacoustic imaging, on the other hand, creates acoustic sources within the

tissue, thus enhancing the discrimination of the targeted tissue and surrounded media. In

photoacoustics, the acoustic pulse has frequencies as high as 100 MHz. While the high

frequencies increase the resolution to the micron scale, acoustic attenuation is aggravated.

This causes the propagation distance to be limited to several centimeters. While this is

not adequate for imaging large organs or fetuses, the resolution is ideal for detection of

tumors and discrimination of tumor margins. Additionally, the acoustic waves are suited

for depth profiling of absorbing layers. The first study in this dissertation is directed at

such depth profiling, while the time domain methods are directed toward tumor detection

and characterization.

Like ultrasound, photoacoustic imaging enjoys the benefit over x-ray methods in that

the creation of the acoustic waves involves non-ionizing radiation. Subablative laser pulses

are directed at target tissue and at most raise the tissue temperature by only a few degrees.
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1.2.4 Breast Cancer Diagnosis

Breast cancer is the leading cause of death of middle aged women; One in eleven women

will develop it [44]. Early detection and treatment of cancerous breast lesions significantly

improve survivability. While mammograms currently offer the most effective early detec-

tion modality, photoacoustic detection of calcified or hypervascular breast masses may

prove an attractive alternative or adjunct to mammography.

The anatomy of the female breast consists mainly of fatty and glandular tissue [44,46],

which gives rise to minimal acoustic reflections at the interface of these two tissue types,

due to good acoustic impedance matching. Because of the matched impedances, the breast

can be considered a fairly homogeneous acoustic medium. If a tumor mass in breast tissue

selectively absorbs laser light, then this mass will become photoacoustic sources. Detection

of laser induced acoustic waves in cancerous breast tissue may be modeled by acoustic

propagation in a homogeneous medium. It is an aim in this dissertation to show that

such photoacoustic methods can be used to detect and localize small optical absorbers in

an acoustically homogenous medium, as an attempt to model the detectio of cancerous

lesions in breast tissue.

1.3 The Current State and Future of Photoacoustic Meth-

ods in Biomedicine

The field of photoacoustics in biomedical optics is rapidly expanding, with research

being conducted in glucose and hemoglobin monitoring, optical property measurements,

tomography and imaging, photoacoustic spectroscopy, and photomechanical drug delivery.

The availability of lasers suitable for inducing acoustic waves in tissue and the need for

new diagnostic methods has made photoacoustics a field rich in innovation in the use of

laser induced acoustic waves.

1.3.1 Tomography and Imaging

In the area of tomography and imaging, Andreev et al. [47] used an arc–array of

PVDF transducers and radial backprojection of human breast tissue phantoms. Gelatin
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spheres of 1 cm−1 at 1064 with 8 mm diameter were detected up to 34 mm in depth in

gelatin phantoms using the array, with a total processing time of 32 seconds. Kruger et

al. [48] used a thermoacoustic computed tomographic system to detect spherical absorbers

in tissue phantoms and have performed in vivo measurement of human female breasts.

Thermoacoustic waves were induced using 434MHz radio waves. A transducer array in a

hemispherical bowl was used to detect the resulting acoustic waves. Imaging was enhanced

by determining the impulse response of the imaging system and processing the electronic

artifacts. One image showed a tumorous cancer mass of a few centimeters in diameter in

a patient prior to chemotherapy. A followup image after therapy showed the same mass

reduced in size. Though this particular mass was large, the resolution acheivable by this

system was claimed to be 1–2 mm.

Paltauf et al. [30], used an imaging camera and a HeNe photoacoustic wave detec-

tor which utilized the index of refraction change at a glass/water interface to get two

dimensional photoacoustic images of small absorbers, including hair and 0.5 mm spheres.

Backprojection was used to image the data. Sets of two dimensional images were used to

acquire three dimensional reconstructions. Resolution was limited by the magnification of

the camera and pixel size, though the pulse duration of the acoustic wave inducing laser,

10 ns, limited the resolution to 15µm.

Viator et al. [49] localized 2mm acrylamide spheres embedded in turbid acrylamide

tissue phantoms using a PVDF transducer and a convolution–backprojection scheme, as

described in chapter 5. The spheres were localized to within 0.5mm of their true location

at a depth of 20 mm.

Jacques et al. [50] investigated the use of a photoacoustic probe for use in determining

treatment depth after PDT of esophageal cancer. This study was the preliminary work

for the probe design in chapter 6.

This area of photoacoustics may be the most active, though a true in vivo application

of tumor imaging has yet to be demonstrated. The current imaging methods, including

backprojection, will need to overcome the problems of optical scattering and penetration in

order to probe deeply embedded (¿ 1 cm) tumors. The problems of background absorption,

which decreases the contrast of the embedded photoacoustic source, need to be addressed
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in order to fully develop the imaging techniques.

1.3.2 Analytical Monitoring

Analytic monitoring includes hemoglobin and blood glucose monitoring in vivo. Rosen cwaig

[51] proposed using photoacoustic spectroscopy to enhance the signal to noise ratio in NIR

measurements of glucose in the bloodstream. Bednov et al. [52] used photoacoustic means

to measure the distribution of light energy in tissue phantoms and in rabbit sclera in

vivo. They detected changes in µeff photoacoustically and correlated the change to the

glucose concentration in blood. Fainchtein et al. [53] used a photoacoustic spectroscopic

method to measure hemoglobin content in vitro and in vivo. Further uses of photoacoustic

spectroscopy include work by Sigrist et al. and Oomens et al. [54, 55]. They performed

noninvasive measurements on gases, with the aim of measuring components in exhaled air

for diagnostic purposes.

1.3.3 Interaction of Light and Sound

Yao et al. [56] used ultrasonic modulation of laser light in order to analyze resultant

speckle patterns with a CCD camera to determine optical and mechanical properties of

tissue in the light beam. The ultrasound was used to induce changes in the speckle field,

which were related to the mechanical properties. Its proposed use was for tomographic

imaging of breast cancer. Tissue phantoms made from chicken breast of up to 15 mm

thick were used for imaging of buried objects. Two dimensional scan were acheived with

an object 4.0 mm X 2.7 mm X 6.2 mm, with an image resolution of about 2mm.

This area of photoacoustics, more often referred to as acousto-optics [57], has more in

common with optical imaging schemes, though the introduction of ultrasonic modulation

may lend an additional tool for discriminating diseased from healthy tissue. While different

from the photoacoustic imaging discussed above, the acousto-optics may prove to be a

useful imagin modality.
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1.4 Acoustic Propagation

Acoustic propagation can be described by the mathematical theory of waves [57–

67]. Acoustic waves can be generated in fluids and solids, though in both media their

propagation is characterized by longitudinal, or compressive, waves. Even though waves

in water due to tidal forces are transverse, meaning that the vibrations are in a direction

orthogonal to the direction of wave propagation, these waves can be used as a means

to illustrate many properties of acoustic propagation. Like water waves, there is no net

flow of the particles in the medium during acoustic propagation. The momentum and

energy transfer is accomplished by interactions between adjacent particles in the medium.

Other properties of photoacoustic waves can also be visualized using water waves, i.e., the

circular attenuation of pressure from a point disturbance in a pool of water as 1/r.

1.4.1 Equations of State

This introduction will concentrate on acoustics in fluids, though they apply in general

to solids. The acoustic wave equation can be derived from the equations of state of a fluid.

These equations relate the forces on a fluid to the deformations experienced by the fluid

as a result of those forces. In a perfect gas, the relation

P = ρrTk (1.2)

where P is the total instantaneous pressure on the gas, ρ is the density, r is a constant

that depends on the particular gas, and Tk is the temperature. For a system where the

boundaries are adiabatic, and hence the entropy is constant and the temperature varies,

the equation of state is
P

P0
=
(
ρ

ρ0

)γ

(1.3)

Where the 0 subscript denotes the quantity in equilibrium, i.e., in the absence of dynamic

forces, and γ is the ratio of specific heats at constant pressure and constant volume. For

a fluid other than a perfect gas, the adiabatic equation of state is

p = ρ0

(
∂P

∂ρ

)
ρ0

s (1.4)

where p is the acoustic pressure and s = ρ−ρ0

ρ0
is the condensation.
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1.4.2 Equation of Continuity

The equation of continuity is another factor in deriving the acoustic wave equation.

It relates the net flow through a volume element with the rate of mass increase and is

expressed
∂ρ

∂t
+∇ · (ρ~u) = 0 (1.5)

where ∇ is the spatial derivative and u is the particle velocity. Using the fact that

ρ = ρ0(1 + s) and ρ0 is constant for both spatial and time derivatives, then the equation

of continuity 1.5 becomes linear
∂s

∂t
+∇ · ~u = 0 (1.6)

1.4.3 Euler Equation

The third component in deriving the acoustic wave equation is the force equation, or

Euler equation. For an inviscid fluid, one that has no viscosity, a fluid particle accelerates

according to Newton’s second law, ~a = d~f/dm, where ~a is the acceleration, d~f is the force,

and dm is the mass of the fluid particle. The force can be written

d~f = −∇PdV (1.7)

The acceleration is

~a =
∂~u

∂t
+ ux

∂~u

∂x
+ uy

∂~u

∂y
+ uz

∂~u

∂z
(1.8)

With the operator defined as

(~u · ∇) = ux
∂

∂x
+ uy

∂

∂y
+ uz

∂

∂z
(1.9)

then the acceleration is

~a =
∂~u

∂t
+ (~u · ∇)~u (1.10)

With the substitution of dm = ρdV into d~f = ~adm we have the Euler equation

−∇P = ρ

[
∂~u

∂t
+ (~u · ∇)~u

]
(1.11)

This equation can be linearized to

ρ
∂~u

∂t
= −∇p (1.12)
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recalling that P is the instantaneous pressure of the fluid at any point and p is the acoustic

pressure.

1.4.4 Acoustic Wave Equation

Using equations 1.4, 1.6, and 1.13, the linear acoustic wave equation is derived.

Taking the time derivative of the continuity equation, 1.6, and the divergence of the

Euler equation, 1.13, and the adiabatic equation of state, 1.4, to change the result from

condensation to pressure,

∇2p− 1
c2
∂2p

∂t2
= 0 (1.13)

where c is the phase speed and is given by the relation c = (β/ρ0)
1
2 , where β is the bulk

modulus. ∇2 is the Laplacian operator. When the wave equation is Fourier transformed,

it becomes the Helmholtz equation. This is done by replacing the time derivatives with

the appropriate Fourier pair as the coefficient, i.e.,

∂

∂t
−→ −iω (1.14)

This equation takes away the time dependence, as the time derivatives are replaced by

the complex coefficient in equation 1.14. Thus the Helmholtz equation is

∇2p− k2p = 0 (1.15)

where k = 2π
λ is the wave number.

1.4.5 Velocity Potential

Since the curl of a gradient vanishes, equation 1.13 shows that the particle velocity is

irrotational, so that it can be expressed as the gradient of a scalar function, ~u = ∇φ, where

φ is the velocity potential. Substituting the velocity potential into the Euler equation,

1.13, shows that the time derivative of the velocity potential is related to the acoustic

pressure by the density

p = −ρ0
∂φ

∂t
(1.16)

Thus, the velocity potential is also a solution to the wave equation. The velocity potential

can be interpreted physically as the absence or shear, turbulence, or rotational flow, since
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the particle velocity is the gradient of the velocity potential, and thus its curl must vanish.

This is true only with the idealized derivation shown here, though this linear model does

extremely well for acoustic propagation for non–shock waves [67]. The velocity potential

is useful in photoacoustics in that it can be easily obtained by integrating the pressure

over time, giving a positive waveform that can be used, for example, in backprojection

image reconstruction.

1.4.6 Plane Waves

In plane wave analysis, the acoustic waves vary in time and with one of the three

Cartesian coordinates, i.e., x. Then the Laplacian operator takes the form ∇2 = ∂2

∂x2 .

Thus the acoustic wave equation becomes simply

∂2p

∂x2
− 1
c2
∂2p

∂t2
= 0 (1.17)

The general solution of which is

p(x, t) = f(x− ct) + f(x+ ct) (1.18)

The first term on the right side is a plane wave traveling in the positive x direction, while

the second term is the identical wave traveling in the negative x direction, with wave

velocity, c. Thus a plane wave is a solution to the wave equation in which the acoustic

wave equations vary with time, while the wave has constant phase in any plane orthogonal

to the wave propagation. The plane wave model is used throughout this dissertation,

including the depth profiling method and the propagation time analysis.

1.4.7 Acoustic Impedance

Acoustic impedance is the ratio of the acoustic pressure and the particle speed.

z =
p

u
(1.19)

In the case of plane waves, the simple relation is

z = ρ0c (1.20)
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Equation 1.20 is derived by determining the particle velocity of a plane wave by substitut-

ing the plane wave solution into Euler’s equation and solving for the particle velocity. The

ratio of the plane wave solution and the particle velocity yields z = ω/kρ0 = ρ0c. This

relation is often called the characteristic acoustic impedance. This impedance is a direct

analog to the optical index of refraction for light propagation. This equation describes the

acoustic propagation across all boundaries for plane waves, and is also used to justify the

use of phantoms with sound speeds and densities similar to tissue.

1.4.8 Spherical Waves

The development of spherical waves is shown in the introduction of chapter two. The

result, from symmetry of radial spreading, gives the spherical wave equation,

∂2(rp)
∂r2

− 1
c2
∂2(rp)
∂t2

= 0 (1.21)

with the general solution of

p(r, t) =
1
r

(f(r − ct) + f(r + ct)) (1.22)

The harmonic solution is, therefore,

p(r, t) = A
ei(ωt−kr)

r
(1.23)

where A is the expression for amplitude, determined by boundary conditions, ω is the

angular frequency of the harmonic wave, and k is the wavenumber. This equation expresses

a harmonically oscillating source, scaled by some amplitude, A, and dropping off as 1/r.

This behavior is consistent with that expected from the symmetry afforded by a spherical

source.

1.4.9 Cylindrical Waves

For cylindrical symmetry, the wave equation can be transformed into cylindrical coor-

dinates, with the azimuthal and the axial components neglected. The wave equation can

then be expressed as
1
r

∂

∂r

(
r
∂p

∂r

)
− 1
c2
∂2p

∂t2
= 0 (1.24)
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As in the spherical case, substitution of
√
r into the solution, due to the attenuation in

cylindrical geometry, gives the expression of the wave equation,

∂2(
√
rp)

∂r2
− 1
c2
∂2(
√
rp)

∂t2
+
√
rp

4r2
= 0 (1.25)

The cylindrical Helmholtz equation is

d2p

dr2
+

1
r

dp

dr
+ k2p = 0 (1.26)

The solution to this equation is in the form of Hankel functions of the first kind, the real

part of which is the Bessel function, which is important in the modeling of plane piston

sources. The solution can be expressed,

p = AH
(1)
0 (kr) (1.27)

1.4.10 Boundary Conditions

A complete description of acoustic propagation requires not only the solution to the

homogeneous wave equations presented here, but includes boundary conditions at inter-

faces. The requirements of the boundary conditions are the acoustic pressure and normal

component of the fluid velocity remain continuous at the interface. These conditions in

conjunction with the acoustic impedance yields the reflection and transmission through

an interface. Snell’s law is used to determine the transmission and reflection, with the

reflection at normal incidence, in terms of the impedances, expressed as

R =
z2 − z1
z2 + z1

(1.28)

where R is the ratio of reflected and incident intensities of the wave reflected at an interface

between two media, and z1 is the impedance of the first medium and z2 is the impedance

of the second medium.

1.4.11 Monopoles

Monopole, or simple, sources of acoustic radiation are expressed by the spherical solu-

tion to the wave equation, shown above. Solutions of the linear acoustic wave equation can

be superimposed upon each other to create solutions for composite sources. Such sources
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include the important dipole and line sources, both of which may be used to create even

more complex sources, such as the piston source. The piston source is composed of a series

of line sources of various lengths, such that they form a disk. This geometry is important

in photoacoustics and will be discussed in more depth in chapter two.

1.4.12 Dipole Source

Two monopole sources separated by a distance, d, can be expressed as

p(r, t) =
A

r

(
e−ik∆r1

1 + ∆r1/r
− e−ik∆r2

1−∆r2/r

)
ei(ωt−kr) (1.29)

where r1 and r2 are the distances from the first and second sources to the observation

point and ∆r1 and ∆r2 are the differences in distance between the line from the origin

to the observation point and the line from points r1 and r2, respectively. θ is the angle

formed by the horizontal axis and the line from the origin to the observation point. These

sources have the same harmonic frequency, ω, though they are 180◦ out of phase. The

radiation pattern is shown in figure 1.3. In the far field, where r � d [67], then

p(r, θ, t) = −i2A
r

sin(
1
2
kd sin θ)ei(ωt−kr) (1.30)

The radiation pattern for a dipole is shown in figure 1.3.

1.4.13 Line Source

The line source can be derived by integrating a series of simple sources in space along

a curve of zero curvature. A large number of cylinders of length dx and radius a with

total length L have a source strength dQ

dQ = U02πadx (1.31)

where U0 is the maximum particle velocity of the sources and a is the cylinder diameter.

Each cylinder has an increment of pressure equal to

dp = i
ρ0ck

4πr′
U02πaej(ωt−kr)dx (1.32)
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at (r, θ), where r′ = r − x sin(θ). The total pressure is found by integrating the pressure

sources over the length of all sources together so that [67]

p(r, θ, t) =
1
2
jρ0cU0

a

r
kL exp j(ωt− kr)

[
sin (1

2kL sin θ)
1
2kL sin θ

]
(1.33)

1.5 Optically Induced Acoustic Waves

There are several mechanisms for optically inducing acoustic waves [7]. These mech-

anisms include dielectric breakdown, vaporization and ablation, radiation pressure, and

thermoelastic expansion. The methods in this dissertation are all of the latter type. The

thermoelastic process depends on a condition known as stress confinement. This condi-

tion occurs when optical energy is deposited in an absorbing medium in a period of time

shorter than that required for the energy to dissipate acoustically, i.e., the laser pulse is

shorter than the time required for sound to traverse the absorption depth. The condition

of stress confinement can be expressed by the relation,

τ <
δ

cs
(1.34)

where δ is the absorption depth and cs is the speed of sound in the medium. The absorption

depth is the reciprical of the optical absorption coefficient and is simply the depth at which

the optical energy is attenuated by 1/e. If the pulse duration of a laser is less than δ/cs,

the pulse is considered stress confined.

If a laser pulse is stress confined, then the region of optical energy deposition is heated,

creating a stress on the medium. The linear acoustic wave equation may be used to describe

the phenomenon, with the addition of a source term that describes the heated region. The

full treatment of the generation of photoacoustic waves can be found in Paltauf et al. [68]

and Gusev et al. [4]. Using the velocity potential, it can be written as

∇2ψ − 1
c2
∂2ψ

∂t2
=

β

ρCp
S (1.35)

where β is the thermal expansion coefficient and Cp is the specific heat at constant pres-

sure and S is the heat generated per unit volume and time. S can be described as an

instantaneous heat deposition

S(r, t) = W (r)δ(t) (1.36)
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Figure 1.4: The measured acoustic wave as a function of time. The wave was induced
by irradiating a plane surface of optically absorbing acrylamide gel, with µa =180 cm−1.
Peak “A” denotes the surface of the gel, while “B” represents the tensile wave peak.

where W (r) is the absorbed volumetric energy density and δ(t) is the Dirac delta. Pro-

ceeding as Paltauf et al. and Gusev et al., the velocity potential is derived, from which the

pressure is derived. Using an acoustic interface that approximates laser energy deposition

in an absorbing liquid by an optical fiber, the solutions

p(z, t) =
1
2
ΓµaH0e

−µa(z−ct) +
1
2
ΓµaH0e

−µa(z+ct) (1.37)

where Γ is the unitless Grüneisen coefficient, which is the fraction of deposited energy

that is available for acoustic energy and H0 is the radiant exposure. The first term is the

downward plane wave, while the second term is the upward plane wave. The generation

is detailed experimentally as follows.

A photoacoustic stress giving rise to the traveling acoustic wave is shown in (Fig-

ure 1.4).

This acoustic wave was generated by a laser pulse incident on an absorbing gel surface

in air. The acoustic wave is shown by pressure as a function of time as seen by the acoustic

detector. The peak denoted by “A” indicates the surface of the gel. The region to the

left of the peak represents the deeper layers of the gel. The pressure amplitude decreases
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with depth, since the optical energy decreases due to the previous absorption at shallower

depths. The peak denoted by “B” is a tensile wave created at the surface of the gel. The

gel/air interface, being an acoustic mismatch, constituted a free surface which caused the

outward going wave to reflect back into the gel with negative amplitude.

The geometry of the energy deposition and the boundary conditions of the medium

determine the acoustic wave propagation, though the optical energy deposition describes

the initial acoustic wave profile. In the case of a homogeneous optical absorber, such as a

dye solution or gel, the initial energy deposition is described by Beer’s law,

E(z) = E0 exp (−µaz) (1.38)

where E(z) is the radiant exposure as a function of depth, E0 is the radiant exposure at

the surface, and µa is the optical absorption coefficient. The initial acoustic wave profile

shares the same exponential shape, where the amplitude of the wave corresponds to the

energy deposition of the laser beam. Figure 1.5 shows the region of the acoustic wave

shown in Figure 1.4 as a function of depth in the gel. The portion of the wave shown here

is from the peak “A” and the region to the left of it. Thus the initial acoustic wave is

shown with an exponential curve fit, using the product of the optical absorption coefficient

and depth as the argument of the exponential. For a homogeneous absorbing layer, the

absorption coefficient, µa, can be derived from such a fit. This thermoelastic description

was used in this dissertation along with the wave equation modeling.

1.5.1 A Note on the Grüneisen Coefficient

The Grüneisen coefficient, Γ, is the ratio of laser energy that is available for conversion

into acoustic energy. For tissue and tissue-like media, it is approximately 0.11 for 20◦C

and 0.125 for 25◦C At 90◦C Γ is 0.5. [24]. Γ is related to the thermal and bulk properties

of the medium and can be expressed as

Γ =
Mβ

ρCp
=
βcs

2

Cp
(1.39)

where M is the bulk modulus, β is the thermal expansivity , ρ is the density, Cp is the

heat capacity at constant pressure, and cs is the sound speed.



25

0

2

4

6

8

10

0 50 100 150 200 250 300
0

0.4

0.8

1.2

1.6

Depth (µm)
Te

m
pe

ra
tu

re
 C

ha
ng

e 
(o C)

Pr
es

su
re

 (b
ar

)
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1.5.2 Instrumentation

The experiments described in this dissertation usually involve an acoustical stress

detected by a piezoelectric detector, either PVDF or lithium niobate. An acoustic wave,

induced in tissue or a tissue phantom, propagated until it reached the detector. The

detector was coupled to an oscilloscope with an input impedance of 1MΩ for nonamplified

signals. The input impedance for the oscilloscope was 50Ω for amplified signals, as the

input impedance of the amplifier was 1kΩ. These high input impedances were used to

integrate the charge accumulated on the piezoelectric detectors from acoustic disturbances.

In the case of PVDF, the film was coated with aluminum on either side of a 25µm sheet

of PVDF. Deformation of the PVDF created an electric field which in turn accumulated

charge on the capacitive aluminum plates on either side of the PVDF. Integrating the

charge results in a waveform proportional to the pressure of the acoustic disturbance. An

additional integration in time yields the velocity potential, as described in section 1.3.5.

1.6 Goals

Photoacoustic methods in biomedical optics provide a diagnostic tool that probes

optical and acoustic properties of tissue media while exploiting the advantages of wave

propagation in a homogeneous medium. This dissertation presents a method for depth

profiling of optical properties using an acoustic method and a method for localizing an

optically induced spherical source by acoustic time domain methods.

Chapter 2 introduces standard acoustical theory of spherical and planar harmonic

sources, then shows that the pulsed source can be described as a sum of the harmonic

solutions. Acoustic attenuation in an optically absorbing liquid was measured and modeled

as the field of a plane piston source on the propagation axis. Acoustic dispersion is

measured in a diffraction–free source. Diffraction effects were measured as the interference

of a boundary wave with the plane wave in a piston acoustic source. The far field boundary

as predicted by Sigrist [7] was confirmed by this interference phenomenon.

Chapter 3 presents a method for determining the absorption coefficient of layered me-

dia, where absorption dominates scattering, using plane wave acoustical methods. An
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acoustic wave is generated in layered acrylamide gels and a stained biomaterial (Fig-

ure 1.6). The wave is detected with a piezoelectric transducer. The signal is analyzed by

an algorithm based on Beer’s law and the absorption coefficient is derived for the gels and

stained biomaterials.

Chapter 4 uses time domain methods to localize spherical photoacoustic sources in

acrylamide gels. Small, optically absorbing spheres were made and placed within clear

and turbid gel phantom ( Figure 1.7). The gels were irradiated with laser energy, resulting

in the generation of acoustic waves from the optically spheres. The optically thick spheres

were modeled as acoustic sources made from a hemispherical shell. The beam pattern for

such a shell was computed and graphed. The acoustic waves are detected by a PVDF

transducer which was translated over the surface of the gel to make different detection

points. The acoustical propagation time was used in a computational scheme to locate the

photoacoustic sources. The computational method used the detected acoustic waveforms

and correlated the propagation times from a waveform from a different detector position.

The correlation created a density map in two dimensions of the photoacoustic source

location. An image source from a reflecting boundary was created and also mapped in the

density plot. Analysis of acoustic wave shape of irradiated spheres also provided sphere

size information for spheres in clear and turbid media. A simple geometric scheme afforded

this information. Finally, dipoles, made from sphere pairs, were irradiated and a minimum

center to center distance for sphere discrimination was determined.

Finally, in Chapter 5, an endoscopic photoacoustic probe is designed and tested for

use in PDT treatment of esophageal cancer. The probe, measuring less than 2.5 mm in

diameter, was designed to fit within the lumen of an endoscope that will be used to observe

an esophagous after PDT. PDT treatment resulted in a blanched, necrotic layer of can-

cerous tissue over a healthy, deeper layer of perfused tissue. The photoacoustic probe was

designed to use acoustic propagation time to determine the thickness of the blanched sur-

face of the esaphagous, which corresponds to treatment depth. A side-firing 600µm fiber

delivered 532 nm laser light to induce acoustic waves in perfused layers of the esophagous,

which lie underneath the blanched (treated) layer. A PVDF transducer detected the in-

duced acoustic waves and sent the signal to an oscilloscope. The probe was tested on clear
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Figure 1.6: The depth profiling experimental set up relies on optically induced acoustic
waves traveling through the acoustic medium and being detected by a piezoelectric trans-
ducer. The gels resting on the transducer may be homogeneous or layered, as shown here.
Alternatively, a stained biomaterial could be substituted for the gel.
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Figure 1.7: An embedded sphere in turbid acrylamide gel is irradiated with laser light,
giving rise to an acoustic field. The acoustic field is sampled by a translating PVDF
transducer.
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and turbid tissue phantom layers over optically absorbing dye solution. Additionally, a

vein model was made with a tube filled with red dye submerged in a turbid liquid. The

probe scanned the vein and the resulting signals were arranged graphically to localize the

vein model. The probe also irradiated normally perfused and underperfused fingertips

from a human volunteer, in vivo. The underperfusion was induced by applying pressure

to the skin surface. The probe indicated the normally perfused finger with acoustic waves

of greater amplitude than the underperfused finger.



Chapter 2

Broadband photoacoustic pulse

propagation in tissue phantoms

2.1 Introduction

Harmonic acoustic wave propagation is well developed in standard text books in acous-

tics [57,58,60–63,67]. This chapter will investigate acoustic propagation in tissue phantoms

using broadband pulsed sources, originating from stress confined, laser energy deposition.

The condition of stress confinement is achieved when the laser energy is deposited in less

time than the energy can propagate away acoustically from the deposition volume. In the

experiments described in this chapter, stress confinement is achieved by a 5 ns laser pulse.

Acoustic attenuation, diffraction, and dispersion are studied in these experiments. The

boundary of the near and far fields is shown to agree with the predicted boundary from

the equation [7]

zd =
µad

2

8
(2.1)

Where d is the laser beam diameter and µa is the optical absorption coefficient of the

absorbing medium. The spherical sources solution is presented, as is the piston source,

which is shown to be a model of photoacoustic generation when a circular laser spot

is incident upon a planar absorbing medium. Thus a disk of irradiation is formed, the

dimensions of which are described by the absorption depth (1/µa) of the planar absorbing

medium and the diameter of the laser spot (figure 2.1). This disk of irradiation can be

modeled as a piston head creating a pressure wave into the medium. A pressure wave is

also created out of the medium, though the interface created by the optically absorbing

31
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Figure 2.1: A disk of irradiation is formed by incident laser irradiation. The disk dimen-
sions are given by the laser spot diameter and the absorption depth. In a stress confined
laser pulse, the disk may act as a piston head in the fluid, imparting a pressure wave into
the fluid, followed by an inverted reflected wave of equal amplitude imparted by the free
surface of the air/fluid interface.
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medium (usually tissue or water) with air creates a reflection resulting in an acoustic wave

following the initial wave, though inverted in amplitude.

2.1.1 Acoustical Theory

Acoustic fields from complex sources can be derived by superposition of point sources,

as the acoustic wave equation is linear. Thus, the point source solution, given in chapter 1,

can be used to construct acoustic sources of arbitrary geometry, though analytic solutions

are practical only for a few representative geometries. This section develops the solutions

to spherical and plane piston sources, as these forms are applicable to the photoacoustic

sources studied in this dissertation. The cylindrical source is not discussed as it is not

directly applicable to the methods pursued here.

The spherical source solution is derived below. Stress confined optical absorption of sym-

metric regions, such as small, bulbous tumors, can be modeled by the spherical source.

Other structures in vivo may also be applicable to a spherical photoacoustic source, such

as a small spot size incident on a homogeneous optical absorber with an absorption coef-

ficient where the optical penetration depth is comparable to the spot diameter. Next, the

solution to the plane piston source is derived. The plane piston source is applicable to a

the situation of a stress confined laser pulse incident upon an absorbing plane layer, where

the spot diameter is much greater than the absorption depth. This situation can be found

in locally flat tissue surfaces of high optical absorption coefficient. Additionally, dyed

tissue layers, such as that found in tissue welding applications, may be suitably modeled

by the plane piston in photoacoustic applications [69].

Spherical Sources

A spherical acoustic source can be modeled by the acoustic wave equation in spherical

coordinates. The spherical Laplacian is

∇2 =
∂2

∂r2
+

2
r

∂

∂r
+

1
r2 sin θ

∂

∂θ

(
sin θ

∂

∂θ

)
+

1
r2 sin2 θ

∂2

∂φ2
(2.2)
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With spherical symmetry, the pressure is a function of r only, so the wave equation is

reduced to
∂2p

∂r2
+

2
r

∂p

∂r
=

1
c2
∂2p

∂t2
(2.3)

where c is the sound speed and p is the acoustic pressure. Pressure will drop off as 1/r,

as the intensity is given by I = p2

2ρ0c . If the quantity rp is used as the dependent variable,

then the amplitude will be independent of r, yielding

∂2(rp)
∂r2

=
1
c2
∂2(rp)
∂t2

(2.4)

Thus one can substitute rp into the general solution of the wave equation from section

1.3.6 and solve for p yielding

p =
1
r
f1(ct− r) +

1
r
f2(ct+ r) (2.5)

where, as in chapter 1, the first term on the right side is the diverging spherical wave from

a point source and the second term is the spherical wave converging into the point source.

The harmonic solution to this equation is

p(r, t) =
A
r

exp j(ωt− kr) (2.6)

where ω is the harmonic frequency, k is the wavenumber, and A is the complex amplitude.

The bold face indicates a complex quantity. A scalar notion of the pressure can be obtained

by looking at the intensity, defined above, or by taking the magnitude of the complex

pressure. This is also the equation for a pulsating sphere where the displacement of the

surface in a vibration is much less than the radius a. To determine the amplitude A,

assume the sphere surface is vibrating with frequency ω and speed amplitude U0. Then,

u(a, t) = U0 exp (jωt) (2.7)

u is the particle velocity, which is the the actual velocity of the disturbed particles in the

acoustic path. It is obtained by taking the first time derivative of the particle displacement.

The acoustic impedance at the surface is

z(a) = ρ0c cos θa exp jθa (2.8)
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Figure 2.2: Determining phase angle from the product of the wavenumber, k, and the
radial displacement, r.

where ρ0 is the equilibrium density. While the specific acoustic impedance in plane wave

theory may be expressed as z = ρ0c, in spherical waves, the impedance is scaled by the

cosine of the phase angle. Geometrically this is shown by figure 2.2 Unlike the plane wave

case, particle speed is not in phase with the pressure. The phase diagram (Figure 2.2

shows the relation of the product of the wavenumber, k, and the displacement. In the

present case, the displacement is a, so that the angle described in the phase diagram

is designated θa. Using the simple relation that links acoustic impedance and pressure,

z = p
u (Section 1.3.6),

p(a, t) = ρ0cU0 cos θa exp j(ωt+ θa) (2.9)

so that equation 2.6 is now

p(r, t) = ρ0cU0
a

r
cos θa exp j[ωt− k(r − a) + θa] (2.10)

Piston Sources

A baffled source is one which is in close proximity to a large, rigid, reflecting boundary.

In the case of a laser spot on an absorbing medium in air, the air/medium interface provides

such a boundary, as long as the acoustic impedance for the medium is significantly different
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Figure 2.3: The acoustic field of a plane piston source can be derived by integrating a
series of line sources that make up the disk. Here r is the distance from the origin to the
observatin point, while r′ is the distance from a point on the line source to the observation
point.

from air. In the case of tissue and tissue–like media, this requirement is fulfilled as the

reflectivity is described by the relation,

R(θ) =
ρ2k1,z − ρ1k2,z

ρ2k1,z + ρ1k2,z
(2.11)

where R(θ) is the reflection coefficient (value of 0–1) of the acoustic wave as a function

of the incident angle θ, ρi is the density of the media, and ki,z = ω
ci

sin θi with i = 1, 2 for

medium 1 or 2, respectively. With the density of tissue-like media at 1 g/cm3 [70] and the

density of air negligible, the reflection is nearly 100%.

The pressure from a baffled, plane circular piston source can be derived by integrating a

series of baffled line sources (figure 2.3). If a source is mounted in the rigid boundary,

then the reflected wave is in phase and coincident with the wave that generated it, making

the pressure amplitude doubled and the intensity quadrupled. This is the basic result of
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baffled sources, owing to the Acoustic Reciprocity Theorem [57, 60, 64, 67], which states

that if an acoustic source and receiver are switched in space, then the received signal is

unchanged. The pressure from a line source can be derived from integrating a line of short

cylinders, modeled on a superposition of simple sources of a certain source strength. The

pressure can be stated as [57,60,65,67]

dp = jρ0c
U0

πr′
ka sin(φ) exp j(ωt− kr′)dx (2.12)

Where a is the piston radius and U0 is the maximum particle speed of the cylinders.

Integrating the line sources, with the far field approximation allowed by r � a, giving

r′ ≈ r − a sin θ cosφ) , where r′ is the distance from the observation point to the source

element, gives an expression of the pressure for a baffled piston as [65,67]

p(r, θ, t) = jρ0c
U0

πr
ka exp j(ωt− kr)

∫ a

−a
exp jka sin θ cosφ sinφdx (2.13)

Converting dx to dφ by x = a cosφ gives

p(r, θ, t) = jρ0c
U0

π

a

r
ka exp j(ωt− kr)

∫ π

0
exp jka sin θ cosφ sin2 φdφ (2.14)

The imaginary part of the integral vanishes by symmetry leaving the real part

p(r, θ, t) = j
ρ0c

2
U0
a

r
ka exp j(ωt− kr)

[
2J1(ka sin θ)
ka sin θ

]
(2.15)

where J1 is a first order Bessel function. The beam pattern for a baffled piston source

is modeled and shown in figure 2.4. The acoustic field on the beam axis, θ = 0 is much

simpler and can be described by [67]

p(r, 0) = 2ρ0cU0

∣∣∣∣∣∣sin
1

2
kr

√1 +
(
a

r

)2

− 1


∣∣∣∣∣∣ (2.16)

This expression is particularly important in the photoacoustic experiments described in

this chapter as the acoustic detector was placed as close to the axis of acoustic propagation

as possible.

Broadband Sources

The previous derivations assumed a harmonic source as the fundamental building block

of composite sources. In photoacoustic generation, however, the source, though retaining
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Figure 2.4: The calculated beam pattern for a baffled piston is shown here. The main lobe
is surrounded by secondary lobes, predicted by the nodes inherent in the Bessel function
that describes the pattern.

the geometry described above, is not a simple harmonic source with a single frequency,

but a broadband source containing many frequencies up to the MHz range. The har-

monic derivations are useful in that the broadband pulses may be derived by summing all

frequencies up to the highest frequency generated by the optical absorption of the pho-

toacoustic medium [64,71]. The genesis of a pulse can be easily shown by a summation of

sine functions.

W (t) =
N∑

n=1

(An sin (nωt)) (2.17)

where An are the Fourier coefficients and N is chosen appropriately to obtain the highest

frequency contained in the pulse. An approximation of the limit of the frequency content

of a photoacoustic pulse (figure 2.5) can be taken as the frequency obtained from the

wavelength determined by the duration of the rising edge of the positive peak. Thus the

maximum frequency can be approximated immediately from the acoustic pulse duration.

The acoustic wave shape is exponential, so an arbitrary standard of 1/e is chosen to mark

the pulse duration. In this case, the duration is approximately 50 ns, giving a frequency of

about 20 MHz, f = 1/(pulseduration). The frequency content is shown in figure 2.6. The

frequency content was obtained by looking at the power spectrum from an FFT algorithm.

The content show frequencies up to about 50 MHz before the spectrum deteriorates into a

random noise, although the content below 1% of the maximum content (at about 5MHz)

cuts off at about 30 MHz. As a simple rule, the 1/e pulse duration seems to predict the

maximum frequency without having to employ FFT algorithms.

A sum of sines up to 20MHz is shown in figure 2.7.
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Figure 2.5: A photoacoustic pulse from a 5 mm laser spot incident on a 200 cm−1 absorbing
solution. The frequency content is a sum of all frequencies below some high frequency limit,
which may be determined by the duration of the positive peak.
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Figure 2.6: The frequency content of the pulse shown in figure 2.5. The frequency content
extends to about 50 MHz, though at about 30 MHz the amplitude is 1% of the maximum
amplitude, which occurs at about 3 or 4MHz. This is close to the frequency maximum
predicted by the 1/e duration of the original acoustic pulse, 50 ns, corresponding to a
frequency of about 20MHz.
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Figure 2.7: A reconstructed pressure pulse, made by summing frequencies to 20MHz.
Figure 2.5 was used to determine the limit of a finite sum of sinusoids. The resulting
broadband pulse is shown here.

2.2 Materials and Methods

The attenuation and dispersion experiments in this chapter were conducted on the set

up shown in figure 2.8. This set up was also used for a series of the diffraction experiments.

A Q–switched, frequency doubled Nd:YAG laser operating at 532 nm with a pulse duration

of 5 ns irradiated solutions made from Direct Red 81 dye (Sigma Chemical, St. Louis, MO)

of various absorption coefficients. The Direct Red solutions were in an acrylic aquarium

with an aluminum base. The 1×1 mm active area of a piezoelectric acoustic transducer

was flush with the aluminum base and positioned in the center. The inside of the aquarium

measured 113×113×150 mm (length×width×height). The absorption coefficients of the

solutions used were 25, 50, 100, and 200 cm−1 at 532 nm. The depths of the solutions were

varied from about 4 mm to 4 cm. The minimum depth maintained at least 5 optical depths

to protect the detector from direct optical damage from the laser. The Nd:YAG laser light

was launched into a 1000µm quartz optical fiber. The fiber was wound into a figure eight

to create a uniform spot. The emitting fiber face was placed above the Direct Red solution

surface to deliver a spot size of 5 mm in diameter. The fiber face was imaged onto the

solution surface with a biconvex lens to make the uniform laser spot. As the depth of the

solution was increased, the fiber was raised to ensure a constant spot size on the solution
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Figure 2.8: The set up for the broadband acoustic pulse propagation experiments. A
Q–switched Nd:YAG laser irradiated Direct Red solutions of various depths and absorp-
tion coefficients. A PVDF acoustic transducer detected the waveforms in a transmission
geometry. The detected waveforms were sent to a digitizing oscilloscope.
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Figure 2.9: The antenna function of the PVDF transducer is shown as a function of angle.
The amplitude is an average of two sets of measurements, The curve fit is a cos2 θ curve.

surface. The acoustic transducer was placed directly below the laser spot. The transducer

was a piezoelectric detector with a 1×1 mm active area. The sensitivity was 5.5mV/bar.

The acoustic wave signal was sent to an oscilloscope (DSA 602A, Tektronix, Wilsonville,

OR). The input impedance was 1 MΩ, so that the charge signal from the PVDF film was

integrated to a pressure signal.

2.2.1 Acoustic Transducer

The acoustic transducer used was a piezoelectric detector (KP–135, Ktech, Albu-

querque, NM). The active area was a polyvinylidenefluoride (PVDF) film, with electrodes

sputtered on either side of the film. The electrodes crossed to form a 1×1 mm active

area. The sensitivity was measured using Direct Red solutions and was determined to be

5.5mV/bar. The antenna function was measured as a function of angle and is shown in

figure 2.9. The data was taken in two measurement sets, consisting of eleven angles each.

The measurement sets had different maximum acoustic wave amplitudes, due to a small
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inaccuracy in the transducer orientation between measurement sets, thus the amplitudes

were all normalized to the maximum (value at θ = 0◦). The angle of the detector was

changed by translating a small photoacoustic source above the detector active area. This

method was achieved by submerging a 400µm fiber into a 25 cm−1 Direct Red solution,

which has an absorption depth of 400µm, thus approximating a small, spherical source.

Initially, the source was placed directly above the detector, for an angular measurement

of 0◦. As the source was laterally translated, the angle increased, giving additional mea-

surement points. The antenna function followed a cos2 θ law, except at the center, where

the amplitude rose to a sharp peak, probably due to the source being slightly piston–like,

rather than being a pure spherical source.

2.2.2 Acoustic Attenuation

Acoustic attenuation was determined using the set up described above and increasing

the solution depth, thus increasing the acoustic propagation distance from the laser irradi-

ated disk to the acoustic detector face. The absorbing solutions were the 25, 50, 100, and

200 cm−1 solutions described above. The dimensions of the aquarium were large enough

so that any reflection from the boundaries were not detected within the 10µs window of

the oscilloscope. Thus, the solution approximated a homogenous, semi–infinite acoustic

medium.

2.2.3 Acoustic Dispersion

Acoustic waveforms were processed with MATLAB code to display the frequency con-

tent of the waveform. A Fast Fourier Transform (FFT) was used in the code. The

frequency content of acoustic waves were analyzed from the 200 cm−1 absorbing solution

at 0.4–3.8 cm propagation distance. The 200 cm−1 solution was chosen so that diffraction

effects would be minimized, as a diffraction will also change the apparent frequency con-

tent of the acoustic wave. The frequency content of the acoustic waves were analyzed as

a function of propagation distance, indicating if dispersion was significant in the 3.4 cm

travelled.
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Figure 2.10: The relationship between the generation of the plane wave and the boundary
wave from a disk of irradiation is shown here. The plane wave results from the circular
spot, while the boundary wave arises from the band encircling the spot, the thickness of
which is equal to the absorption depth.

2.2.4 Acoustic Diffraction

The acoustic diffraction experiments were performed with an optical detector of acous-

tic waves [27, 28]. This type of detector was used so that the active area, which was a

focused spot from a HeNe laser ( 60µm × 130µm), was small enough to discriminate

between the plane wave and boundary wave from an irradiation of a planar, absorbing

layer as shown in figure 2.10. The set up is shown in figure 2.11. A HeNe (Melles Griot,

Carlsbad, CA) laser spot as 632 nm was focused to an elliptical spot with major and mi-

nor radii of 126µm and 60µm, respectively. This spot was incident upon a right angle

prism, where the beam was reflected to a 1 GHz photodiode (1601–AC–FS, New Focus,
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Figure 2.11: The set up for the diffraction experiment is shown here. The Q-switched laser
discussed previously irradiated a 200 cm−1 solution. The beam diameter was determined
by an iris diaphragm. The resulting acoustic waves were detected by an optical system
using a HeNe laser and a fast photodiode.
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Figure 2.12: The optical detection set up relied on the change in optical index of refraction
caused by a pressure wave incident on a water droplet on a prism. A focused HeNe beam
was reflected from the water/glass interface and the beam was detected by the photodiode.

Santa Clara, CA) through a 632 nm notch filter. The photodiode had a gain of 700V/A.

A cuvette with 2.0 mm thick 200 cm−1 Direct Red solution was placed on the right angle

prism. The Q–switched laser used in the attenuation and dispersion experiments was used

to delivered stress confined pulses to the Direct Red solution. The laser energy was 8.3mJ.

The laser spot was varied from 1.1–5.0 mm with an iris diaphragm. The beam was then

directed to the absorbing solution via a second right angle prism.

The optical detector is described in figure 2.12. The cuvette with the absorbing solution

was placed on the water droplet, so that an acoustic wave generated in the solution would

propagate into the water droplet and the compression waves would change the optical

index of refraction of the water. This index change would alter the HeNe reflection and

hence change the signal received at the photodiode. The signal was sent to the oscilloscope

described above.
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Figure 2.13: The acoustic attenuation is shown as a function of propagation distance
and absorption coefficient. The experimental data is shown as discrete points, while the
attenuation function fit, derived from equation 2.16, is shown as the continuous lines.

Acoustic diffraction is demonstrated by deformation of the bipolar acoustic waveform

in the Direct Red solution. The disk of irradiation was changed from a flat disk to a fat

cylinder as the spot changed from 5 mm in diameter to 1.1 mm. The absorption depth was

50µm. For a near/far field boundary of 2.0mm, equation 2.1 predicted a beam diameter

of approximately 1mm for a 200 cm−1 absorption coefficient. Thus, the boundary wave

was tracked in reference to the plane wave as the spot diameter was decreased from 5.0

to 1.1 mm.

2.3 Results

2.3.1 Acoustic Attenuation

The results of the acoustic attenuation experiments are shown graphically in fig-

ure 2.13.
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Figure 2.14: The frequency content of the acoustic waves generated from irradiating the
200 cm−1 solutions. The frequency content shows some dispersion at frequencies higher
than 30 MHz, though for propagation distances less than 3 cm, dispersion is negligable.

2.3.2 Acoustic Dispersion

The results of the acoustic dispersion experiments are shown graphically in figure 2.14.

2.3.3 Acoustic Diffraction

The results of the acoustic diffraction experiments are shown graphically in figure 2.15.

2.4 Discussion

2.4.1 Acoustic Attenuation

The acoustic attenuation curves for the 25, 50, 100, and 200 cm−1 Direct Red solutions

showed a decrease with constant slope. This is a departure for the attenuation for a



50

Figure 2.15: The acoustic diffraction is shown as a small boundary wave slowly merging
with the larger plane wave. The predicted boundary wave position is indicated by a black
arrow on each waveform. The boundary wave is shown approaching the plane wave as the
spot diameter, indicated by the number in the upper right corner, is varied. The boundary
wave has fully merged with the plane wave with a 1.4mm spot.
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Figure 2.16: The attenuation predicted by equation 2.16. The far field shows attenuation of
nearly constant slope, similar to the attenuation shown in the experiments. Equation 2.16
is not accurate for the near field.

spherical source, where the pressure would decrease as 1/r. However, equation 2.16, has

an attenuation shown by figure 2.16 The region after 3 mm shows attenuation of nearly

constant slope, similar to the attenuation curves

2.4.2 Acoustic Dispersion

Acoustic dispersion was investigated using the 200 cm−1 solution. This absorption was

chosen so that the resultant acoustic wave would be nearly entirely planar, with very little

boundary component. The laser spot diameter was 5 mm and the absorption depth was

50µm, thus making the boundary component over two orders of magnitude smaller than

the plane wave. With so little diffraction, the power spectrum over different propagation

distances should have showed only dispersive effects. The graphs of the spectra show

a peak at about 5 MHz with a magnitude of about 106. For a two order of magnitude

decrease, both the 4 and 10 mm propagation distances showed frequency content up to
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40 MHz. For the 20 mm propagation distance, the frequency content was still over 30MHz.

With 40 mm of propagation, the frequency content narrowed to about 20 MHz. Thus,

dispersive effects start to become noticeable at 20 mm, with appreciable dispersion of high

frequencies (> 30 MHz) at 40 mm. As most measurements in this dissertation occur within

30 mm, dispersion is not a factor when considering propagation of the acoustic wave. In

the case where acoustic propagation may occur at distances greater than 40 mm, such as

the endoscopic photoacoustic probe of chapter 5, dispersive effects can be neglected, as

earliest propagation arrival time is the measured quantity, which would be unaffected by

dispersion.

2.4.3 Acoustic Diffraction

Acoustic diffraction is a more significant factor in acoustic wave propagation in this

dissertation. Diffraction, as modeled in figure 2.10, occurs in the photoacoustic generation

by a circular spot on a planar absorber when the boundary wave, from the circumferential

ring, interferes with the plane wave, from the circular spot. Figure 2.15 showed the

boundary wave merging with the plane wave.

2.4.4 Justification of Direct Red Solutions as Tissue Phantoms

The Direct Red solutions were used to model tissue as acoustic environments with

respect to acoustic attenuation, dispersion, and diffraction. All of these are justified since

the acoustic impedances are all very close in magnitude. In plane wave analysis, the

acoustic impedance can be described as the product of density and sound speed, or

zac = ρ0c (2.18)

where zac is the acoustic impedance, ρ0 is the density, and c is the sound speed in the

medium. The relation of attenuation to impedance is an inverse one, as the acoustic

intensity is related to impedance by the equation

I =
p2

ρ0c
(2.19)

where I is the acoustic intensity and p is the pressure. Thus, attenuation and dispersion

(wavelength dependent attenuation) are related to acoustic impedance. Diffraction is



53

Table 2.1: Sound speed, densities, and acoustic impedances for various tissues and water,
acrylamide gel, and mineral oil. All tissue impedances are within 10% of 1.5 g/cm2-s,
except bone, which has a value of 6.4 g/cm2-s. Acrylamide gel is within 7% and water
is within 2% of the value. Mineral oil has a much lower acoustic impedance, 1.15 g/cm2-
s, mostly primarily due to its low density. Its usefulness as a phantom comes from its
immiscibility with water and its optical clarity.

Acoustic medium sound speed( 105cm/ s) density(g/cm3) impedance (g/cm2-s)
water 1.00 1.48 1.48
acrylamide (gelled) 1.05 1.52 1.60
mineral oil 0.83 1.38 1.15
bone 3.2 2.0 6.4
fat 1.47 .92 1.35
skeletal muscle 1.56 1.04 1.62
premenstrual breast 1.52 .92 1.40
fetal skin 1.54 1.11 1.70
spleen 1.55 1.05 1.63
milk 1.53 1.03 1.58
normal saline (37◦C) 1.55 1.0 1.55
eye, vitreous 1.52 1.01 1.54
CSF 1.51 1.01 1.52
bovine blood vessel 1.57 1.07 1.68
whole blood (37◦C) 1.53 1.05 1.61

modeled here geometrically, making the propagation model independent of tissue type,

so long as the impedances, and hence propagation, are the same. Table 2.1 shows the

densities and sound speeds of several tissues and water from Duck [70], Wells [72], Geleskie

et al [73], and Mol et al [74]. The impedance values for the tissues, excepting bone, in

table 2.1 are all within about 10% of a value of 1.5 g/cm2-s. Even though there may

be a good contrast between tissues, the impedance values are all close, thus the acoustic

propagation, with respect to attenuation, diffraction, and dispersion, should be similar.

The value for bone, 6.4 g/cm2-s, being four times higher than tissue, may prove to be a

useful measure to discriminate bone interfaces within tissue. The density for bone given

here is not for whole bone, which includes marrow. The density given in this table is for

the hard part of the bone, which is what would provide the acoustic interface with softer

tissue. Thus, it may be possible to perform high resolution, small scale bone imaging

because of the high acoustic contrast. Water and acrylamide gels fall within the range of
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values for these tissues, making them excellent phantoms. Mineral oil has a much lower

acoustic impedance, primarily due to its low density. Its usefulness as a tissue phantom

comes from its optical clarity, when clarity is needed, and due to its immiscibility with

water, allowing the experimenter to make layered media between water and oil, while still

remaining within 25% of the respective acoustic impedances.



Chapter 3

Depth profiling of absorbing soft

materials using photoacoustic methods

∗

3.1 Introduction

Acoustic waves can be generated in optically absorbing materials by rapidly depositing

laser energy into the material. The waves can then be detected with an acoustic transducer.

In media with layers of different absorbing properties, an analysis of the acoustic wave

can reveal the boundaries of the layers as well as the absorption properties of the layers

themselves. Using a laser and a piezoelectric transducer, this chapter takes the acoustic

wave data and applies it to a numerical algorithm in order to characterize layered media

with respect to absorption coefficient.

Light propagation in biological media is determined by optical absorption and scat-

tering as described by the radiative transport equation. Typical attenuation depths may

be less than 1 mm. Acoustic waves propagate deep into turbid tissue before signal degra-

dation from attenuation and diffraction effects take place. Near field models for acoustic

wave propagation using plane waves provide simple, accurate analysis of pressure waves

within the first few centimeters depending on the geometry of the initial pressure distri-

bution. Far field models using the acoustic wave equation predict acoustic fields beyond

the range afforded by plane wave theory.

∗This chapter was originally published in the IEEE Journal of Selected Topics in Quantum Electronics,
Lasers in Medicine and Biology, July/August 1999, Vol 5, No. 4.
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Optically induced acoustic phenomena have been studied extensively and used to derive

information about optical and acoustic properties of materials. An excellent account of

the theory and experimental processes of optically induced acoustic waves in liquids and

gases can be found in Sigrist [7]. More recently, acoustic waves have been generated

in biological media and phantoms for the purpose of deriving their optical properties.

Kruger [75] used a Xenon flashlamp with a 1µs pulse duration to excite acoustic pulses

in a scattering medium. Oraevsky et al. [24, 25] used a lithium niobate piezoelectric

transducer to perform time–resolved stress detection on pressure waves induced by a Q–

switched Nd:YAG laser operating at 335 nm, 532 nm and 1064 nm. The targets were both

purely absorbing and turbid media. They also displayed an acoustic profile of a two

layer collagen gel, where a two peaked waveform was generated indicating the two regions

of differing absorption coefficients. Paltauf et al. [27] introduced a method of detecting

acoustic waves generated by irradiating an absorbing dye solution with a Q–switched

Nd:YAG laser at 532 nm. They used a novel optical transducer based on pressure induced

reflectivity changes on a glass–water interface and a continuous probe beam. Their scheme

minimized the signal distortion due to acoustic diffraction and they successfully derived

the absorption coefficient of the dye solution. Viator et al. [76] attempted to derive the

absorption coefficient as a function of depth in Indocyanine Green (ICG) stained elastin

biomaterial. Characterization of the stain depth profile was important to tissue welding

applications, as the ICG absorption of laser irradiation determines the temperature change

of the biomaterial. This temperature change is an important parameter in laser–tissue

welding. They used a numerical algorithm applied to data from the acoustic wave induced

by irradiation from a Q–switched Nd:YAG laser coupled to an optical parametric oscillator

tuned to 800 nm.

This chapter used India ink as a photostable absorber in water solutions and acrylamide

gels. We also used India ink to stain elastin biomaterials. Layered absorbing media were

constructed out of acrylamide gel and spatial discrimination between layers was shown for

a 70µm separation. A numerical algorithm for determining the absorption coefficient as

a function of depth was derived and applied to the layered gels and to the stained elastin

biomaterial.
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3.1.1 Acoustic Wave Theory

Acoustic waves can be generated by light through various mechanisms, including ra-

diation pressure, material ablation, and dielectric breakdown [7]. This chapter studies

acoustic generation in an absorbing medium by a thermoelastic process, whereby light

is absorbed in a stress confined manner resulting in rapid expansion that manifests as a

pressure wave. Stress confinement is a condition where optical energy is deposited before

the energy can propagate away acoustically. This effect is also referred to as acoustic

confinement. The condition of stress confinement can be described by the equation,

τ =
δ

cs
(3.1)

where δ is the absorption depth and cs is the speed of sound in the medium. If the pulse

width of a laser is less than τ , the pulse is considered stress confined. Thus, a stress

confined laser pulse will create a pressure wave in an absorbing sample the profile of which

is commensurate with the initial optical energy deposition.

If µa is the absorption coefficient of the medium, the initial pressure distribution can

be described as

p0(z) = µaΓH0 exp(−µaz) (3.2)

where Γ is the unitless Grüneisen coefficient. The value Γ = 0.12 was used in this chapter

[77]. The Grüneisen coefficient describes the fraction of optical energy that is translated

into thermoelastic expansion. The depth in the medium is given by z. H0 is the incident

laser radiant exposure. This pressure wave, considered as a plane wave with propagation

in one dimension, will divide into two waves that travel forward and backward along the

laser beam axis. The waves have equal amplitudes. With an air/medium interface, there

is an acoustic mismatch that causes a delayed, reflected tensile wave from the surface.

This tensile wave is shown graphically in the top half of figure 3.1 as a negative peak,

B. If the boundary is matched with respect to acoustic impedance the tensile wave will

be eliminated. The bottom of figure 3.1 shows a delayed tensile wave created by placing

an optically clear, but acoustically matched layer on the irradiated surface. The matched

layer was 150µm, thus the wave traveled an additional 300µm before being reflected.
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Figure 3.1: (top) An acoustic wave generated by irradiating a 160 cm−1 acrylamide gel.
The negative wave (B) following the positive wave (A) is a reflected tensile wave resulting
from the acoustic mismatch of the acrylamide/air boundary. (bottom) The tensile wave
was delayed by placing a clear acrylamide sheet before the absorbing acrylamide.

That additional 300µm is shown in the bottom half of figure 3.1 as a 200 ns delay. With

a sound speed of 1.5 mm/µs, this delay corresponds to the extra 300µm of travel.

For the acoustic wave shown in figure 3.1, the leading edge of the positive peak, A,

is the region containing the absorption information of the medium. Graphically, it is the

part of the acoustic wave from 1.8–2.0µs. The peak indicates the acoustic wave amplitude

initially induced by the laser pulse at the surface of the medium. The surface peak was

detected 2.0µs after the laser pulse, since it had to travel through the intervening gel to

the transducer. As illustrated in the figure, the amount of light absorbed versus depth

decreases exponentially according to Beer’s Law. Converting the time axis to depth in

tissue by using a sound speed, cs of 1.5 mm/µs and the relation z = (tpeak − t)cs, where

tpeak is the time of the surface peak and t is time, the result is the representation as shown

in figure 3.2. The exponential curve fit of this acoustic wave contains the absorption

coefficient in the exponent,

p(z) = 9.5 exp(−185z) (3.3)

where p(z) is the pressure at depth z in centimeters. This gives an absorption coefficient of
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Figure 3.2: The absorption information of the acoustic wave is shown here as pressure and
temperature as a function of depth for a 180 cm−1 gel.

185 cm−1 from the fit, where the measured absorption coefficient from a spectrophotometer

was 180 cm−1.

As stated before, two acoustic waves are generated, one traveling into the medium.

The other travels in the opposite direction. This plane wave analysis is appropriate in the

near field [7] where the near field/far field boundary is determined to be

zd =
d2µa

8
(3.4)

where zd is the boundary, d is the laser beam diameter, and µa is the absorption coefficient.

With the geometry considered in this paper, a laser beam irradiates a medium with a

circular spot with an absorption depth of δ.

A relationship between pressure and temperature rise can be described by

T =
P

ρCΓ
(3.5)

where P is pressure [J/cm3], ρ is the density [g/cm3], C is the specific heat [J/g◦C].

Additionally, the relation

10 bar = 1 J/cm3 (3.6)

should be used to convert pressures in bars to pressure as energy density.

When considering the theory noted above, it is clear that a plane wave analysis of

acoustic waves detected in the near field can offer information about the initial temperature
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Figure 3.3: The set up for the acoustic wave generation in the absorbing sample.

and pressure in absorbing media. While the previous discussion on acoustic wave theory

considers a homogeneous absorber, the theory can be easily adapted to account for layered

absorbing media.

3.2 Materials and Methods

3.2.1 Photoacoustic Set Up

The photoacoustic set up used a Q–switched, frequency doubled Nd:YAG laser (Quan-

tel Brilliant) operating at 532 nm coupled to an optical parametric oscillator (OPOTEK)

tuned to 726 nm (figure 3.3). The laser beam was directed to a beamsplitter so that pulse

to pulse variations could be monitored. The laser beam was focused into a 1000µm quartz

optical fiber. The output of the fiber was a circular, azimuthally symmetric beam profile.

The laser spot sizes were in the range of 3–5 mm in diameter. Laser radiant exposure was

in the range of 0.8–1.2 J/cm2. The fiber was positioned above the acoustic transducer.

Samples were placed between the fiber and the transducer face while proper acoustic cou-

pling was ensured between the sample and the transducer. The output of the transducer

was sent to a digitizing signal analyzer (DSA 602A, Tektronix). The data was then stored

and analyzed using a Macintosh PowerPC (Apple Computer).

3.2.2 India Ink Solution

An absorbing solution was used in these experiments to calibrate the sensitivity of

the acoustic transducer in mV/bar. India ink (Black ink #723, Eberhard Faber) with

an absorption coefficient of 2650 cm−1 at 726 nm was used to make absorbing solutions in
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deionized water in the range of 30 to 188 cm−1. The absorption coefficients of the solutions

were measured with a spectrophotometer (HP 8452A Diode Array Spectrophotometer) by

measuring the absorbance of a known thickness of solution. The absorption spectrum

slightly decreased with increasing wavelength. The spectrum was without peaks and

varied by only 10% over a 50 nm range about 726 nm. The ink solutions were poured into

a container attached to the acoustic transducer so that the solution was in direct contact

with the quartz window of the transducer, maintaining proper acoustic coupling between

the solution and the sensor. We ensured at least four optical depths between the surface

and the transducer face to protect the sensing element from optical damage.

3.2.3 Acrylamide Gel

Acrylamide gels were used to create layers of absorbers with constant absorption co-

efficients. The use of acrylamide allowed the formation of strong sheets of gel as thin as

70µm. These sheets were then used in acoustic propagation experiments either singly or

in layered combinations.

The acrylamide was made according to the procedure outlined by Sathyam et al. [78].

9.735 g of acrylamide and 0.265 g of bis–acrylamide (Sigma Chemical) were dissolved in

50 ml of deionized water to form a 20% polyacrylamide gel. The acrylamide solution was

filtered and degassed prior to polymerization to remove contaminants and prevent air bub-

bles from forming in the gel. Polymerization was induced by adding an initiator of 0.02 g

of ammonium persulfate and 0.2 ml of TEMED (Sigma Chemical). Most preparations

included adding India ink to the acrylamide solution in order to give the gel an absorption

spectrum. For higher concentrations of ink, the amount of initiator had to be increased

in order for the acrylamide to polymerize. As with the India ink solutions, the absorption

coefficient of the gels was measured with a spectrophotometer.

3.2.4 Elastin Biomaterial

Elastin biomaterial was formed from the elastin component of an aorta as described

by Crissman et al. [79]. In these experiments the elastin biomaterial was derived from

porcine aorta harvested from domestic swine. The aorta was cleaned and placed in a
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500 mM sodium hydroxide solution at 65◦C. The vessels were sonicated for 60 minutes.

The vessels were then rinsed in deionized water. This process resulted in the removal of

all constituents of the artery except for the elastin layer. The thickness of the tissue was

measured with a micrometer and was approximately 1 mm. The biomaterial was cut open

so that a flat, rectangular piece could be positioned in the path of the laser beam. The

intimal surface was stained by brushing an India ink solution with absorption coefficient

of 78 cm−1 at 726 nm onto the biomaterial. The solution was allowed to soak into the

biomaterial for 5 minutes. The excess solution was removed. The opposite surface was in

contact with a piezoelectric transducer.

3.2.5 Acoustic Transducer

The acoustic transducer was a piezoelectric sensor (Science Brothers, WAT-13) with

a lithium niobate crystal used for detecting acoustic pulses of nanosecond duration. The

sensing element is protected by a quartz window. The transducer delay was 800 ns. The

transducer delay was determined during the sound speed experiment described below.

The transducer sensitivity was determined by creating a calibration curve using known

concentrations of India ink in solution. The known absorption coefficients were determined

with a spectrophotometer as described above. The absorption coefficient of the solution

was used to predict the acoustic wave peak amplitude in accordance with equation 2 with

a factor of 0.5 included to account for the bipolar waveform. The resultant data was

reconciled with the predicted values, thus giving a calibration factor in mV/bar. The

ink solutions, being uniformly absorbing, were also verified for absorption coefficient by

analyzing the acoustic wave shape and fitting it to an exponential curve in accordance

with a Beer’s Law model of absorption.

3.2.6 Sound Speed Measurement in Acrylamide

Acrylamide sheets of 950µm thickness were produced with India ink as an absorber.

The thickness was measured with a feeler gauge on the gel mold and measured again

directly with a digital micrometer. The absorption coefficient was measured by a spec-

trophotometer to be 87 cm−1. First, a single layer was placed on the face of the transducer
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and irradiated with the laser, resulting in an acoustic wave. The transit time of the acous-

tic wave from its inception to its detection at the transducer was recorded by the digitizing

signal analyzer. This measurement was repeated with a second 950µm layer place over the

first layer. These measurements were repeated for a third and fourth layer. By measuring

the incremental travel time and the extra thickness of gel, the sound speed in acrylamide

was calculated. The transducer delay was also determined by this method.

3.2.7 Discrimination of Layered Acrylamide

Acrylamide sheets of varying thickness were made. Sheets with ink absorber were made

at 950µm and 160µm thickness. The sheets had an absorption coefficient of 140 cm−1.

Clear sheets were made of 950µm, 100µm, and 70µm thickness. The clear sheets were

placed between the absorbing sheets so that no light would be absorbed, hence no acoustic

wave would be generated from this layer. The 160µm layer allowed approximately 10%

of the light to pass through to the 950µm layer when the layers were placed in the

arrangement shown in figure 3.4.

3.2.8 Acoustic Wave Generation

Samples of acrylamide gel sheets of 950µm were formed with absorption coefficients

of 30, 43, 67, 117, 147, and 188 cm−1. Each sample was placed on the acoustic transducer

and irradiated with the laser to produce an acoustic wave. A minimum of 3 optical depths

was ensured between the gel surface and the transducer to protect the sensing element

from optical energy.

3.2.9 Absorption Algorithm

The graphic representation of the acoustic wave as shown in figure 3.1 and figure 3.2

directly show the pressure and temperature relative to the depth in the tissue. The

variation in absorption coefficient, however, is implicit. In media where scattering is

negligable (µa � µs), Beer’s Law can represent the attenuation of light in the tissue

optics. To calculate the intrinsic absorption as a function of depth, an algorithm was

developed using a simple model based on a highly absorbing medium.
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Figure 3.4: The absorbing layer discrimination experimental arrangement. The two ab-
sorbing gel layers were separated by a clear, non–absorbing layer.
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For a uniformly absorbing medium, one where the absorption coefficient is constant,

the energy A1 absorbed per unit area in a layer of thickness ∆x1 is

A1 = H0(1− exp(−µa∆x1)) (3.7)

where H0 is the radiant exposure of the laser pulse and µa is the absorption coefficient of

the medium. For a two layered medium, the energy absorbed per unit area in the second

layer of thickness ∆x2 is reduced by the amount of energy absorbed in passing through

the first layer,

A2 = H0(1− exp(−µa2∆x2)) exp(−µa1∆x1) (3.8)

Extending this to a multi–layer case of constant layer thicknesses, the energy per unit area

absorbed in the nth layer is

An = H0(1− exp(−µan∆x)) exp
(
−

n−1∑
i=1

µai∆x
)

(3.9)

Since the equation (3.9) is expressed in terms of energy per unit area, the relationship

Pn = ΓAn/∆x may be used to obtain the pressures that propagate in each direction,

Pn =
ΓH0

2∆x
(1− exp(−µan∆x)) exp

(
−

n−1∑
i=1

µai∆x
)

(3.10)

(The factor of two arises because half the energy propagates in each direction along the

axis of the laser beam.) Note that if the radiant exposure is given in J/cm2 and the layer

thickness is in cm, then equation (3.10) will generate pressures with units of J/cm3. To

obtain pressures in bars, then equation (3.6) should be used.

An equation for the absorption coefficient of each layer can be derived from equation

(3.10).

µan = − 1
∆x

ln

(
1− 2∆xPn

ΓH0
exp

( n−1∑
i=1

µai∆x
))

(3.11)

Again, the pressure P should be in J/cm3, the layer thickness ∆x should be in centimeters,

and the radiant exposure H0 should be in J/cm2. If the target material is divided into

layers corresponding to the resolution of the waveform on the digitizing signal analyzer, the

absorption coefficient can be derived for each of these layers using the algorithm described
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above. The absorption coefficients are obtained with increasing depths, starting with the

first layer and propagating downwards into the sample.

In all numerical simulations and experiments, a running average of the data was done

with a 9 element width.

As a first test of the algorithm, MATLAB code was written to simulate acoustic waves.

Simulations were run with and without random noise. The random noise was added as a

percentage of the maximum acoustic wave amplitude. The acoustic waves were simulated

for media of constant absorption coefficient. These simulated acoustic waves were then

analyzed with the absorption coefficient algorithm. Additional code was written to create

a smoothed acoustic wave from the noisy simulations.

Next, data from absorbing acrylamide sheets were analyzed with the absorption algo-

rithm. Additionally, acoustic wave data from two 140 cm−1 acrylamide sheets separated

by a clear layer were analyzed. Finally, data from an acoustic wave from an elastin bio-

material stained with ink was analyzed.

3.3 Results

3.3.1 Transducer Calibration

The calibration factor for the acoustic transducer was 1.05± 0.10mV/bar. The corre-

lation between acoustic wave exponential fit and spectrophotometer is shown in figure 3.5.

The curve is linear and is approximated by the polynomial

y = 1.02x− 0.4 (3.12)

The slope near unity indicates agreement between the spectrophotometer and the acoustic

wave exponential fits.

3.3.2 Sound Speed in Acrylamide

The sound speed in the acrylamide was determined to be 1.52± 0.01mm/µs. The

transducer delay was determined from these measurements to be 800 ns.
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Figure 3.5: The measured absorption coefficient of the India ink solutions for the spec-
trophotometer and the acoustic wave exponential curve fit. The linear nature of the curve
indicates agreement between the two measurement methods.
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Figure 3.6: Acoustic wave generated in two absorbing gel layers (140 cm−1 separated by
70µm of clear gel. The clear layer is represented by the region of near zero pressure.

3.3.3 Gel Layer Resolution

The acoustic wave discriminated two layers of absorbing gel separated by 70µm of

clear gel as shown in figure 3.6. The clear gel is indicated by the region of near zero

pressure.

3.3.4 Computer Simulations

Acoustic waves were simulated as the pressure induced in 30, 43, 67, 117, 147, and

188 cm−1 gel of 1000µm thickness. These values were chosen to match the experimental
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Figure 3.7: The result of running the absorption algorithm on the simulated acoustic
waves with the 5% noise level.
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Figure 3.8: The result of running the absorption algorithm on the acoustic waves generated
in the various acrylamide gels with the indicated absorption coefficients.

data. Random noise was added to the 5% level. The waveform was then applied to the

absorption algorithm. The result is shown in figure 3.7.

3.3.5 Gel Absorption Coefficient

The acoustic waves were generated in the acrylamide gels. The gel data were applied

to the absorption algorithm. The results are shown graphically in figure 3.8.

The data for the layered gel was applied to the absorption algorithm and the result is

shown in figure 3.9.
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Figure 3.9: The absorption coefficient of the layered acrylamide gel of figure 3.8.
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Figure 3.10: The acoustic wave generated in the ink stained elastin biomaterial.

3.3.6 Elastin Biomaterial

The acoustic wave generated in the ink stained elastin biomaterial is shown in fig-

ure 3.10. The data from the biomaterial was applied to the absorption algorithm. The

result is shown in figure 3.11.

3.4 Discussion

3.4.1 Gel Layer Resolution

Figure 3.6 shows two distinct regions of induced pressure. The regions clearly corre-

spond to the absorbing acrylamide sheets separated by the 70µm clear sheet. This depth

discrimination was expected and was limited by transducer rise time and data sampling
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Figure 3.11: The absorption coefficient of the ink stained elastin biomaterial as a function
of depth. The ink concentration is highest at the surface and drops with depth.

rate. The 1GHz sampling of the signal analyzer allowed for 1.5µm resolution for acoustic

waves with sound speed of 1.5 mm/µs. On the other hand, the acrylamide sheets cannot

currently be made less than about 70µm. This experimental limitation does not preclude

measurement of thin layers occuring by other means, such as the diffusion of ink stain on

the elastin biomaterial. However, when considering the boundary interface regions, i.e.

the sharp drop in pressure amplitude indicating the layer of no absorption, we found a

drop with a 10µm width. Assuming a sound speed of 1.52µm/ns, this gave a decay width

of about 7 ns. Accounting for the 4.75 ns pulse width of the laser, there exists an additional

2 ns of delay in the slew between regions of different pressure amplitude. Although the

effect was minimal here, it may be explained by the attenuation of high frequency compo-

nents of the acoustic wave, resulting in a less responsive waveform. Such dispersive effects

are known in acoustic propagation and should be considered when propagation distances

approach the far field regime.

3.4.2 Computer Simulations

The computer simulations allowed an initial test of the absorption algorithm. Simu-

lations could have included ideal, noiseless data, where the absorption algorithm would

have reproduced the absorption coefficient in a stable manner. This chapter presented

simulations with random noise, since it was more representative of actual data and tested
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the algorithm’s stability. For most of the simulations the results were within 5% for about

2 optical depths. For the 147 and 188 cm−1 gels, the results were within 10% for slightly

less than 2 optical depths.

The instability at greater depths was due to the decreasing signal to noise ratio, when

the signal amplitude became weaker due to the attenuation of optical energy with depth.

Also, at higher absorption coefficients, namely for those greater than 140 cm−1, decreased

numerical stability occurs. This fact is due to higher values in the exponential term of

equation 3.11, causing greater fluctuations in the value of the absorption coefficient.

3.4.3 Gel Absorption Coefficient

The acoustic waves generated in the acrylamide gels were exponentially decaying in

accordance with Beer’s Law, since the gels were homogeneous. The stability was slightly

less than for the simulations for absorption coefficients of 30, 43, and 68 cm−1. For the

117 cm−1 gel, stability of about 10% was shown for about 2.5 optical depths. For the

147 and 188 cm−1 gels, stability of only 20% was shown for less than 2 optical depths.

The instability was due to the same reasons cited in the computer simulations, though

the effect is aggravated for the more highly absorbing gels, probably due to measurement

inaccuracies in the transducer.

The acoustic wave generated in the two layered acrylamide gel showed a two layered

structure, as demonstrated by the two regions of decay. The result of the algorithm

showed a value of about 130 cm−1 for the two regions of absorption, slightly lower than

the 140 cm−1 value obtained by measurement from the spectrophotometer. The region of

clear gel was delineated by the central region of low absorption coefficient. The value of

the central region was not identically zero, probably due to noise in the signal. This noise

was interpreted by the algorithm as a region of low absorption. The acoustic wave traveled

through 1.16 mm of gel before being received by the transducer, indicating the data could

be transmitted over ranges much greater than an optical depth without degradation. The

limit would be the near/far field boundary. For an absorption coefficient of 30 cm−1 and

a laser spot size of 0.3 cm, equation 3.4 gives a boundary of 0.6 cm.
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3.4.4 Elastin Biomaterial

The acoustic wave of the stained biomaterial showed an exponential decay as the de-

position of the ink could not be expected to be uniform. Diffusion of the ink in the

biomaterial was likely to cause high concentrations near the surface, with decreasing con-

centration with depth. The result of the absorption coefficient algorithm shows a µa of

about 70 cm−1 at the surface with a drop to zero at about 180µm. The partition coeffi-

cient is the ratio of the applied concentration to the surface concentration. Since it is the

ratio of the concentrations, it suffices to use the ratio of the absorption coefficients. In this

case, the applied absorption coefficient was 78 cm−1. The surface absorption coefficient

was 70 cm−1, giving a partition coefficient of 0.9. This diffusion process can be modeled

by the equation [80]

C(x, t) = Csurface(1− erf(
z

2(αt)1/2
) (3.13)

where C(x, t) is the concentration of the dye, Csurface is the surface concentration, and α

is the diffusion constant. Applying this model to the diffusion process of the ink stained

biomaterial yields a diffusion constant of approximately 1 × 10−6 cm2/s. This model fit

the absorption curve of figure 3.11, enforcing the applicability of the diffusion model to

the data obtained by the acoustic analysis of the staining process.

3.4.5 Applications

Determination of absorption coefficient of soft, absorbing materials has obvious ap-

plication in tissue optics. Numerous tissues are treated as homogeneous when they are

clearly layered, e.g. human skin. The acoustic wave would be generated according the the

absorption of the separate layers and then travel through more tissue unimpeded by op-

tical attenuation. As long as the distance the acoustic wave travels is within the near/far

field boundary mentioned in equation 3.4, a plane wave analysis would apply. The ability

to characterize such layers by absorption in addition to the increased sensing range is

advantageous over many purely optical methods. Further applications can be found in the

characterization of absorption of stained tissues, as was shown with the elastin biomate-

rial. These diffusive stains can be looked upon as finely layered media, and may possibly
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be better suited to the method of numerical anaysis shown in this chapter, since succesive

layers would be similar, without harsh changes in the absorption values that contribute

to the algorithms instability.

The application of characterizing the finely layered, or stained, media may be suitable

for laser–tissue welding, since a tissue or biomaterial is typically stained with a chro-

mophore to absorb laser light. While the exact mechanism of tissue welding is unknown,

knowledge of the chromophore deposition and hence the initial temperature profile may

be used to study the welding process.



Chapter 4

Localization of spherical photoacoustic

sources in acrylamide gel phantoms using

time domain measurements

∗

4.1 Introduction

Photoacoustic methods have been used to obtain information about optical properties

of laser irradiated targets [24, 26, 27, 31, 77, 81, 82]. The optical contrast between a hyper-

vascular mass and the surrounding medium, such as a tumor in fatty tissue, may allow the

generation of photoacoustic waves that can be used to localize the hypervascular mass.

Analysis of the acoustic wave, particularly with respect to propagation time, may be used

to determine the location, size, and optical properties of the photoacoustic source. Such

information may be used for tumor imaging. This chapter offers an experimental set up

and a simple computational algorithm that localizes the photoacoustic source. Sphere size

is also studied and is computed using the duration of the acoustic pressure wave. Multi-

ple spherical photoacoustic sources are also detected and the resulting acoustic waves are

analyzed to discriminate the individual sources.

There are several ways in which laser light can be converted into acoustic radiation

[7, 81]. This chapter investigates only the photothermal effect of a stress confined laser

∗Parts of this chapter were submitted to the Journal of Applied Optics.
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volume of optical
absorption
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Laser
pulse

Figure 4.1: The absorption of optical radiation in an optically thick sphere occurs in the
spherical cap closest to the direction of the laser pulse.

pulse resulting in a thermoelastic expansion. This thermoelastic expansion gives rise to

an acoustic wave. A laser pulse can be considered stress confined if the pulse duration is

shorter than the time required for the energy to acoustically radiate away from the region

of optical absorption. This can be represented by the equation [27,77,82]

τ <
δ

cs
(4.1)

where τ is the pulse duration of the laser, δ is the absorption depth, and cs is the speed

of sound in the medium. The condition of stress confinement is met in the experiments

described in this paper as the pulse duration of the laser was 5 ns, the speed of sound

in the media is 1.5mm/mms and the absorption depth of the absorbing sphere was leq

300µm.

For an absorption coefficient of 60 cm−1, a 2 mm sphere is not optically thin, meaning

the absorption of optical energy is not homogeneous throughout the volume of the sphere.

The absorption depth for a 60 cm−1 sphere is approximately 300µm, thus the region of

absorption in the sphere is a cap, as shown in figure 4.1. As the spheres were not optically

thin, the localization algorithm determined the position of the spherical cap source, with

the highest amplitude occurring with the acoustic wave peak. This peak corresponded

to the central point of the surface of the cap, where absorption was the highest. The

acoustic source with this geometry may be modeled by a hemispherical source with a

radius equal to the original sphere with a smaller hemispherical source with negative
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Laser Irradiation

aδ

Figure 4.2: The volume of absorption of an optically thick sphere from a laser pulse is
shown here as a red hemispherical cap. The radius of the cap is a, the same as the sphere
itself, while the wall thickness of the cap is the absorption depth, δ.

amplitude with a radius equal to the radius of the sphere minus the absorption depth of

the sphere (figure 4.2). Thus, the model would consist of an acoustic source in the shape

of a spherical cap, similar to the absorption volume in an optically thick sphere, created

by hollowing out the inner part of a hemisphere. The analytic form of the solution can

be derived by integrating the spherical disks (Chapter 2) for form a hemispere. A disk

integrated from 0 to a0, where a0 is the sphere diameter, gives the primary hemispherical

source segment,

P (r, t) =
∫ a

0
j
ρ0c

2
U0
a

r
kaej(ωt−kr)

[
2J1(ka sin θ)
ka sin θ

]
da (4.2)

where ρ0 is the equilibrium density, c is the phase speed of the acoustic wave, U0 is
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Figure 4.3: The acoustic field from a hemispherical source can be computed by treating
the source as a collection of disk sources. Computing new radial distance, r’, angle, θ′,
and disk radius, a’, allows the computation of the field due to the additional disks. ∆z is
the distance from the origin to the new disk face, measured along the horizontal axis.

the maximum particle velocity, k is the wavenumber, and ω is the harmonic frequency.

Meanwhile, a disk integrated from 0 to a − δ), where δ is the optical absorption depth

gives the secondary hemispherical source which acts as a negative source. The result is

a spherical cap source. Hence, the resultant acoustic field is given by the sum of the two

hemispheres as

P (r, t) =
∫ a

0
p(r, z′, t)dz −

∫ a−δ

0
p(r, z′, t)dz (4.3)

This sum is valid as the acoustic wave equation is linear.

Computationally, the source is modeled by taking the disk sources and computing the

new field according to the new radius, radial distance, and angle (figure 4.3 The disk

diameters are expressed as

a′ = a sin(arccos(
∆z
a

)) (4.4)

∆z is the distance that each subsequent disk used to construct the hemisphere is displaced
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Figure 4.4: The spherical cap source is modeled here by creating a hemisphere from 10
successively smaller disks and then subtracting a smaller hemisphere from its core, made
by a series of ten smaller disks. The beam pattern is similar to a plane piston source,
without any weak deviations on or near the axis, as might have been supposed by the
subtraction of the smaller hemisphere. Diffraction lobes are still evident on the beam
pattern, as in the piston, though they disappear when the harmonic source is summed
over a band of frequencies to create a pulsed source.

from the origin. This expression makes sense, as for ∆z = 0, then a′ = a. The new radial

distance from the smaller disks, that are displaced from the origin, is

r′ = (r2 + ∆z2 − 2r∆z cos(π − θ))
1
2 (4.5)

The new angle is given as

θ′ = arcsin(
r

r′
sin(θ)) (4.6)

Thus, using the new expressions, r′, a′, and θ′, the fields due to each of the disks making

up the hemisphere can be computed. The sum of the fields of the positive and negative

hemispheres noted above make up the spherical cap. Thus the field due to a harmonically

vibrating cap is given by the integrals in equation 4.3. A sum of such field using all

frequencies up to several megahertz would give an approximation of the field due to an

optically thick sphere irradiated by a stress confined laser pulse. Using these expressions,

the beam pattern for a spherical cap harmonic source is shown in figure 4.4. The beam

pattern was calculated by concatenating ten successively smaller disks, with the largest

disk having unit size. The core of the hemisphere was removed by modeling ten disks,

10% smaller than the original series of disks. Thus, a spherical cap was produced. The

resultant beam pattern is very similar to a plane piston. One may have supposed that

the on axis portion of the beam would have been altered by the removal of the core of
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the hemispherical source. This is clearly not the case for the harmonic case shown here

and for a broadband case, which would appear the same with fewer diffraction lobes. This

modeling was done to show that the detection scheme for optically thick spheres would not

have to correct for some on axis deficiency in signal. Actual modeling of acoustic waves

from optically thick spheres was performed using thermoelastic modeling, which wouldn’t

provide a beam pattern, is optimal for producing acoustic waves from pulsed sources.

In this chapter, spheres of various size were irradiated with stress confined laser energy

giving rise to photoacoustic waves. The waves were detected and analyzed with respect

to propagation time. This analysis resulted in localization of the spheres, recognizing the

fact, noted above, that the sources may not have been truly spherical with respect to

photoacoustic generation. The analysis, using multiplicative backprojection of the data,

resulted in a 2–D map of the source location. An algorithm was implemented to more

precisely resolve an image of the source. The irradiated sphere was localized to within

5% of its true position, as indicated on the localization map. The spheres also created an

image source, due to the proximity of a reflecting boundary caused by the air/phantom

interface at the phantom surface. The source was approximately 4 mm from the surface,

creating an image 8 mm away, which was indicated in the localization map. The acoustic

waves were then analyzed to determine the size of the spheres. Spheres of 1–5 mm in

diameter with four absorption coefficients were studied. Finally, multiple spheres were

irradiated to create paired sources. The final images discriminated the individual sources

and a minimum center to center distance was measured.

4.2 Materials and Methods

4.2.1 Apparatus

The photoacoustic setup is shown in figure 4.5. A Q–switched, frequency–doubled

Nd:YAG laser operating at 532 nm with a pulse duration of 5 ns was used to irradiate

tissue phantoms. The laser operated at 10 Hz. The phantoms were either a turbid acry-

lamide block or a cuvette with mineral oil. The phantoms contained optically absorbing
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biconvex lens

cuvetteAbsorbing
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Acoustic 
Transducer

Oscilloscope 10-15 mm

Figure 4.5: The photoacoustic experimental set up. The 532 nm laser pulse was coupled
into a 1000µm fiber. The fiber face was imaged onto the target. A PVDF transducer
was used to detect the resultant acoustic waves. The waveform was then sent to a digital
oscilloscope.
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acrylamide spheres. The spheres used in the mineral oil experiments were 1–5 mm in diam-

eter with absorption coefficients of 8, 16, 25, 50, and 60 cm−1. The absorption coefficients

for the spheres in the turbid blocks were 8, 25, andf 50 cm−1. The laser pulse was either

coupled into a 1000µm fiber or delivered as a free beam. The fiber coupling was used

for irradiating the sphere in clear mineral oil, in order to provide a uniform laser spot.

The free beam was used to irradiate the spheres in turbid acrylamide blocks in order to

provide more laser energy. Due to optical diffusion by the turbid acrylamide block, the

the free beam was homogenized so that the spheres were irradiated uniformly.

For the spheres in oil, the output of the fiber was imaged onto the target via a biconvex

lens with a focal length of 19mm. The resultant laser spot was 3.3 mm in diameter with a

pulse energy of 5.6 mJ. This gave a radiant exposure of 0.066 J/cm2. The laser pulse, being

stress confined, created a photoacoustic wave which propagated through the phantom and

was detected by a piezoelectric transducer. The transducer output was connected to a

digital storage oscilloscope (DSA 602A, Tektronics, Wilsonville, OR). For the free beam,

the spot size was approximately 5 mm at the gel surface and the energy delivered was

about 70 mJ/pulse, for a radiant exposure of 0.365 J/ cm 2. The free beam, being more

energetic, was used to irradiate the spheres in turbid acrylamide.

For the initial sphere detection scheme, a sphere was placed 15mm above the detection

plane, so that the detector was 15 mm directly below the bottom of the 2mm acrylamide

sphere. Thus, the acoustic signal was generated approximately 17 mm above the detec-

tor. The sphere was immersed in clear mineral oil. Next, the spheres were placed in a

turbid acrylamide gel 10 mm above the detector plane, directly above the detector active

area. Thus the acoustic signal was generated approximately 12mm above the detector

plane. The transducer was translated ± 6 mm laterally in 2 mm increments for additional

detection points.

4.2.2 Acoustic Transducer

Two different acoustic transducers were used in this chapter. The acoustic transducers

were piezoelectric detectors using polyvinylidene flouride (PVDF) elements (figure 4.6).

. The first transducer, referred to as the small area transducer, was a small active area
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1.25"

Figure 4.6: The acoustic transducer was a PVDF film detector in a brass housing. A BNC
was connected to the PVDF electrodes for coupling to the oscilloscope. The 1.8× 1.8 mm
2 active area is shown as the crossed region on the top of the transducer.
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transducer (KP-135, Ktech, Albuquerque, NM). A 25µm thick PVDF element was placed

on a plastic substrate. The active area was made by sputtering electrodes on either side of

the PVDF. The area where the electrodes overlapped created the active area. The active

area was 1.0×1.0 mm 2. This transducer, having the smaller active area, was used for the

sphere localization experiments.

The second transducer, referred to as the large area transducer, was built and tested

from a PVDF element and a brass housing. The PVDF film was coated on both sides

with aluminum, which was etched with FeCl3 to form the active area. The active area

was in the form of two crossed aluminum electrodes. The PVDF active area was 1.8 mm

by 1.8 mm and placed on a 2 cm long cylindrical plug of acrylic. The acrylic plug served

as a base for the sensing element and was housed in a brass cylinder. The negative and

positive electrodes were connected to a BNC connector. This transducer was used for the

sphere size experiments.

The transducer sensitivities were calibrated using absorbing solutions made from Direct

Red 81 (Sigma Chemical) and deionized water. The solutions were purely absorbing and

had absorption coefficients of approximately 25, 50, 100, 150, and 200 cm−1 as determined

with a spectrophotometer (Hewlett Packard, 8452A Diode Array Spectrophotometer). The

calibration setup is shown in figure 4.5, with an absorbing Direct Red 81 solution used

instead of an absorbing sphere. The 532 nm Nd:YAG laser was coupled to the 1000µm

optical fiber and the fiber face was imaged onto the surface of the Direct Red solutions

by a biconvex lens. The spot on the surface was 3.3 mm in diameter. The energy of

the laser pulse was 5.6 J, giving a radiant exposure of 0.066 J/cm2. The acoustic waves

were averaged over 32 pulses. The pressure of the resulting acoustic wave was calculated

using [27,82]

p0(z) =
1
2
µaΓH0 exp(−µaz) (4.7)

where Γ is the unitless Grüneisen coefficient. The value Γ = 0.12 was used [27, 77].

The Grüneisen coefficient describes the fraction of optical energy that is translated into

thermoelastic expansion. The depth in the medium is given by z. H0 is the incident

laser radiant exposure. For z = 0, the pressure can be calculated and the corresponding

voltage on the acoustic peak will indicate the transducer calibration factor in mV/bar.
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The actual voltage from the transducer can be expressed as

V (t0 − t) =
Γµa

2H0
exp−µacs(t0 − t)Ccal (4.8)

whereV (t0 − t) is the voltage signal received after the event at time, t0, cs is the sound

speed, and Ccal is the calibration factor to convert the pressure into a voltage signal. The

inverse of this calibration factor is determined experimentally and used to convert the

voltage signals into pressure.

4.2.3 Acrylamide Gels

Tissue phantoms were made with acrylamide gels. Acylamide gels were used to create

small spheres with Direct Red 81 (Sigma Chemical) as an absorber. The spheres were

2 mm with µa = 8, 25, and 50 cm−1. These spheres were placed in turbid acrylamide

blocks and were subsequently immersed in turbid acrylamide solution that was gelled,

making the spheres embedded within the turbid blocks. The spheres were also submerged

in mineral oil (Mineral Oil, Fleet Pharmaceuticals, Lynchburg, VA). These spheres were

1–5 mm in diameter with µa = 8, 16, 30, and 60 cm−1. The spheres were then irradiated

with the laser to create acoustic waves. The spheres used in the sphere size determination

experiments were 8, 20, 38, and 59 cm−1.

The acrylamide was made according to the procedure outlined by Sathyam et al.

[78] and Viator et al. [82]. 9.735 g of acrylamide and 0.265 g of bis-acrylamide (Sigma

Chemical) were dissolved in 50 ml of deionized water to form a 20% polyacrylamide gel.

Polymerization was induced by adding an initiator of 0.02 g of ammonium persulfate and

0.2ml of TEMED (Sigma Chemical). For the turbid blocks, a 1:20 dilution of Intralipid

in deionized water (Liposyn II, Abbott Laboratories, North Chicago, IL) was used instead

of pure deionized water.

The absorbing spheres were made by injecting small quantities of acrylamide solution

into heated mineral oil. The acrylamide had been chemically initiated, so that the spherical

drops of acrylamide in the mineral oil would gel. The oil was heated to 80◦C to accelerate

the gelling process. The amount of injected acrylamide solution determined the size of the

spheres. Three small spheres are shown in figure 4.7.
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Figure 4.7: Three acrylamide spheres are shown here. The sizes are 3 mm, 2mm, and
1 mm as shown from left to right.



86

4.2.4 Optical Scattering Measurements

The turbid phantoms were made by making acrylamide gels with Intralipid as an

added scatterer. The proportion of Intralipid was 1%, to simulate tissue with a reduced

scattering coefficient of 15 cm−1. The 1% solutions were tested for scattering properties

using experiments based on diffusion theory and by a photoacoustic method, which derived

the reduced scattering coefficient from the effective attenuation.

The diffusion theory method used fluence measurements by taking the spectrum of

three solutions of 1% Intralipid. The fluence measurements and ”added absorber” method

is described in Wilson et al. [83–85]. One solution was purely scattering (the absorption

of Intralipid and water at 532 nm was neglected), a second solution had an absorption

coefficient of 0.5 cm−1 at 532 nm due to the addition of Direct Red dye (Sigma Chemical,

St. Louis, MO), while a third solution had an absorption coefficient of 1.0 cm−1 from

Direct Red. A fixed 400µm optical fiber delivered light from a broadband source (Ocean

Optics Inc., Dunedin, FL) and collected with a radially translated 400µm fiber, which

was connected to a spectrometer (Ocean Optics Inc., Dunedin, FL). The spectra were

stored and analyzed by diffusion theory code that computed the optical properties of the

solutions.

The photoacoustic method determined the scattering coefficient by fitting the acoustic

waveform with an exponential fit and deriving µeff , the effective attenuation coefficient. By

generating acoustic waves in turbid media where µa, the absorption coefficient is known,

µs’, the reduced scattering coefficient can be derived according to the following identity.

µ′s =
µeff

3µa
− µa (4.9)

In these experiments, three solutions of 1% Intralipid were used with absorption coefficients

of approximately 1, 2, and 3 cm−1 at 532 nm. The absorption was provided by adding

Direct Red dye. The solutions were irradiated from above by the 532 nm laser connected

to a 1000µm optical fiber. The acoustic waves were detected in transmission by the large

area transducer. The resultant acoustic waves were analyzed for effective attenuation,

from which the reduced scattering coefficient was derived.
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4.2.5 Acoustic Wave Simulation

Acoustic waves generated from irradiating spherical absorbers were simulated using

MATLAB code (The Mathworks, Natick, MA). The acoustic waves were modeled by ther-

moelastic expansion following stress confined heating as described by Beer’s Law attenua-

tion in laser irradiated spherical absorbers. The theory is delineated in Paltauf et al. [68]

in the theory of photoacoustic generation in liquids. The detection point was simulated

to match the geometry used in the experiments, where the spheres were irradiated from

above and the detection point was below the sphere and laterally translated for additional

detection points.

4.2.6 Backprojection Algorithm

A localization algorithm was written in Mathematica (Wolfram Research, Urbana-

Champaign, IL). The algorithm is expressed as a product

M(x, z) = W1(t)⊗W2(t) (4.10)

where M(x, z) is the two dimensional localization map that indicates the source location

and Wi(t) is the ith acoustic waveform, normalized by its maximum value. Higher values

of M(x, z) correspond to higher certainties of source location. The product is given by ⊗.

The localization takes each point of the first acoustic waveform and correlates its value with

each point of the second waveform. Alternatively, the relation between the localization

map and the waveforms can be described as operations on the x and z coordinates

M(x, z) = W

(
1
c

√
(x− d1)2 + z2

)
·W

(
1
c

√
(x− d2)2 + z2

)
(4.11)

where the multiplication is carried through for x and z, the lateral and vertical distances,

respectively. M(x, z) is unitless and has values from 0−−1, similar to a probability dis-

tribution, where higher values correspond to higher probabilities of source location. The

transducer translation distance from directly beneath the sphere is denoted as d. A typical

localization map as a density plot is shown in figure 4.8. A 2 mm acrylamide sphere was

irradiated in a turbid gel block 5 mm above the acoustic transducer. A second detection

point was taken by translating the detector 2mm laterally. The two resultant waveforms
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were used in the backprojection algorithm and the localization map was produced. The

backprojection arcs are visible in the density plot. The density plot indicated the source

location by the single bright spot at the intersection of the arcs. The source was indicated

at a distance of 5 mm, offset to the side by about 1mm, indicating either a measure-

ment error in the initial placement of the sphere in the acrylamide or an error in the

implementation of the algorithm or a combination of the factors.

4.2.7 Sphere Size Calculations

Sphere size was determined by a simple, geometric analysis of the acoustic waves.

Referring to figure 4.9 the propagation time, t1, for the pole of the sphere (region ”1”) is

t1 =
z + 2r
c

(4.12)

where z is the distance from the bottom of the sphere to the acoustic detector and r is the

sphere radius. This is so, as the propagation path is the diameter of the sphere (twice the

radius) and the distance from the bottom of the sphere to the detector. The propagation

time, t2, for the equator of the sphere (region ”2”) is

t2 =
√

(z + r)2 + r2 (4.13)

since the propagation path is the hypotenuse of the right triangle created by the radius of

the sphere and the radius with the distance from the bottom of the sphere to the detector.

Using the relation, z = ct1 − 2r from equation 4.12 and substituting it into equation 4.13

yields

r =
2ct1 ±

√
4c2t21 + 8(c2t21 − c2t22)

4
(4.14)

This relation gives the sphere radius. An acoustic wave from a 2 mm diameter, 60 cm−1

sphere is shown in figure 4.10. The pole and equator times are obtained by equating the

regions ”1” and ”2” with the pole and equator, respectively.

In the sphere size experiments, the large area transducer was used to detect acoustic

waveforms from spheres of various size. The transducer was placed directly below the

sphere location. The sphere location could be determined using the backprojection scheme.

8, 20, 38, and 59 cm−1 spheres were used. The size of the 8 cm−1 spheres were 1, 1.9, 2.7,
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Figure 4.8: This is a density plot of the location of an absorbing acrylamide sphere in a
turbid acrylamide block. The bright spot at the intersection of the backprojection arcs
indicates the predicted position of the photoacoustic source. The vertical axis shows the
distance above the initial transducer location (5mm), while the horizontal axis shows the
lateral offset of the sphere from the transducer (0.5 mm). The true position was 5 mm
above and 0mm offset.
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Figure 4.9: The acoustic wave generation for the optically thick sphere is shown here.
The region marked ”1” is the pole, having the longest propagation time to the acoustic
detector, while the region marked ”2” is the equator, having the shortest propagation
time.
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Figure 4.10: The acoustic wave from a 2 mm diameter, 60 cm−1 sphere in clear mineral
oil. The region marked ”1” comes from the pole, as in figure 4.9. Likewise, the region
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Figure 4.11: This is the calibration curve for the large area PVDF transducer. The
sensitivity was done for 26, 54, 102, and 151 cm−1 Direct Red 81 solutions. The calibration
was approximately 12.6± 0.8 mV/bar.

and 3.6 mm. The size of the 20 cm−1 spheres were 1.1, 1.6, 2.3, 3.1, and 4.8 mm. The

size of the 38 cm−1 spheres were 1.1, 1.8, 2.4, 3.2, and 4.8mm. The size of the 58 cm−1

spheres were 0.9, 1.5, 2.3, 3.3, and 4.5 mm. The sphere sizes were measured with a digital

micrometer.

4.3 Results

4.3.1 Transducer Calibration

The calibration curve for the large area transducer sensitivity is shown in figure 4.11.

The transducer sensitivity was 12.6 ± 0.8 mV/bar over the range of 26, 54, 102, and

151 cm−1 Direct Red solutions. The calibration curve for the small area transducer sensi-

tivity is shown in figure 4.12. The transducer sensitivity was 11.6± 0.4 mV/bar over the

range of 25, 48, 101, and 200 cm−1 Direct Red solutions. This result was applicable to the

absorption coefficient of the optically thick spheres, being 60 cm−1.
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Figure 4.12: This is the calibration curve for the small area PVDF transducer. The
sensitivity was done for 25, 48, 101, and 200 cm−1 Direct Red 81 solutions. The calibration
was approximately 11.6± 0.4 mV/bar.

4.3.2 Optical Scattering Measurements

The reduced scattering coefficient of the 1% Intralipid solution was determined by the

fluence measurement method to be 19.6 ± 1.6 cm−1 at 532 nm. The reduced scattering

coefficient of the photoacoustic method is shown in Table 4.1.

Table 4.1: The reduced scattering coefficients of the 1% Intralipid solutions were calculated
by determining the effective attenuation of the solutions of known absoption coefficient.
The errors for the effective attenuation coefficients are standard deviations, while the error
for the reduced scattering was derived from error propagation.

Solution µeff ( cm−1) µa ( cm−1) µs’ ( cm−1)
solution 1 9.0± 0.9 1.07 23.8± 5.2
solution 2 11.2± 0.4 2.14 17.3± 1.4
solution 3 13.8± 0.3 3.126 16.4± 0.8
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Figure 4.13: This is the waveform from irradiating an optically thick sphere (60 cm−1) with
a 2 mm diameter 15 mm directly above the PVDF transducer. The sphere was immersed
in clear mineral oil.

4.3.3 Acoustic Waveform from Optically Thick Spheres

A photoacoustic waveform for a 2 mm sphere with an absorption coefficient of 60 cm−1

is shown in figure 4.13. In this case, the sphere was directly above the detector at a

distance of 15 mm. The negative peak corresponding to the center of the spherical cap

was detected at 11.5µs, indicating a distance of 17.25mm. Since the actual source was the

top cap of the sphere, this corresponded to the correct propagation time of the acoustic

wave. The waveform is similar to the computer simulation for a 60 cm−1, 2mm sphere

positioned 15 mm from the detector (figure 4.14).

4.3.4 Sphere Size Determination

The result for the sphere size determination experiments are shown here. The results

for the 59 cm−1 spheres are shown in figure 4.15 The results for the 38 cm−1 spheres are

shown in figure 4.16. The results for the 20 cm−1 spheres are shown in figure 4.17. The
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Figure 4.14: A simulation of a 60 cm−1, 2 mm sphere irradiated by a stress confined laser
pulse. The sphere was centered 15 mm above the detector.

results for the 8 cm−1 spheres are shown in figure 4.18.

4.3.5 Localization of Spherical Sources

A simulation of an acoustic wave from irradiating a 2mm diameter, 60 cm−1 sphere

18.5mm directly above a detector is shown in figure 4.19 A simulation of an acoustic wave

from irradiating a 2 mm diameter, 60 cm−1 sphere 18.5mm translated 6 mm laterally from

above a detector is shown in figure 4.20 The result of the backprojection algorithm on the

two simulated waveforms is shown in figure 4.21.

Two acoustic waveforms from the photoacoustic source are shown in figure 4.22. In

each graph, the first waveform is the initial acoustic wave detected by the small area PVDF

transducer. The second waveform is a reflection from the surface of the tissue phantom.

This image source was included in the localization algorithm. The three dimensional

rendering of the localization map of the acoustic waveforms is shown in figure 4.23. The

map indicates that the sphere position was directly above the initial detector position at a
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Figure 4.15: The experimentally derived diameters, from equation 4.14 are graphed on
the vertical axis, while the measurements on the horizontal axis are from the digital
micrometer.
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Figure 4.16: The experimentally derived diameters, from equation 4.14 are graphed on
the vertical axis, while the measurements on the horizontal axis are from the digital
micrometer.
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Figure 4.17: The experimentally derived diameters, from equation 4.14 are graphed on
the vertical axis, while the measurements on the horizontal axis are from the digital
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Figure 4.19: The acoustic wave simulation of a 2mm diameter, 60 cm−1 sphere directly
above a detector.
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Figure 4.20: The acoustic wave simulation of a 2 mm diameter, 60 cm−1 sphere translated
6 mm laterally from above a detector.
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Figure 4.21: The localization map of the simulated acoustic waves. The source is shown
by a sharp peak exactly on the simulate source location, directly above the detector at
18.5mm.
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Figure 4.22: The two waveforms used for the localization algorithm are shown here. The
first waveform (top) was from the initial detector position. The second waveform (bot-
tom) was from the detector translated 6mm laterally. The first peak on both waveforms
was from the actual sphere. The second peak on both waveforms was from the acoustic
reflection from the acrlyamide surface.
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Figure 4.23: This is a 3-D graphic indicating the position of the spherical source as
predicted by the localization algorithm.
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distance of 21 mm. The true position was 20mm, since the sphere was 2 mm in diameter

and the distance from the bottom of the sphere to the detector was 18 mm. The prediction

was within 5% of the true value. The image source was 8mm above that, outside the tissue

phantom, clearly indicating a virtual source.

4.3.6 Localization of Paired Sources

The acoustic waveform from a paired photoacoustic source is shown in figure 4.24. The

spheres were 2 mm in diameter and had optical absorption coefficients of 60 cm−1. The

spheres were side by side, separated by 3.5 mm center to center. The upper figure shows

the acoustic wave from directly beneath the pairs at a distance of 10 mm. The acoustic

detector was then offset from the paired source, so that the detector was translated 4 mm

from being directly beneath the center of mass of the paired source. The localization map

for the paired source is shown in figure 4.25.

4.4 Discussion

Photoacoustic imaging has been studied recently with some success. Jacques et al. [31]

and Andersen et al. [32] used optical detection schemes to find buried absorbers using

photoacoustic methods. Liu offered theoretical investigations into photoacoustic imaging

using the Radon transform and the P–transform [86, 87]. Esenaliev et al. [88] performed

experiments to find the detection limit of tumor phantoms in gels and chicken breast tissue.

They detected signals from 2 mm spheres in gelatin at a distance of 60 mm. They also

detected small pieces of liver buried in chicken breast tissue at a distance of 80 mm. This

chapter attempts similar detection using propagation time to detect optically absorbing

spheres in tissue phantoms. The eventual goal is to localize tumors and determine size

and optical properties.

4.4.1 Optical Scattering Measurements

The optical scattering measurements were used to ensure that the optical properties of

the tissue phantoms were realistic for simulating tissue. A reduced scattering coefficient
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Figure 4.24: The acoustic waves from the irradiated pairs in turbid acrylamide. The
spheres were 2mm in diameter and space 3.5mm center to center. They had an absorption
coefficient of 60 cm−1. The top waveform is from irradiating the spheres with the detector
directly below. The lower waveform is after laterally translating the detector 4 mm.
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Figure 4.25: The localization map for the paired source is shown here. Though there is
some noise, the two bright spots indicate the paired sources in their actual locations.
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of 15–20 cm−1 at 532 nm was attempted. The 1% Intralipid solution was used to get this

scattering and it was verified using diffusion theory and by a photoacoustic method. The

diffusion theory method indicated a reduced scattering coefficient of 19.6± 1.6 cm−1. The

photoacoustic method indicated 23.8 ± 5.2, 17.3 ± 1.4, and 16.4 ± 0.8, for each of three

Intralipid targets. The first target had a high standard deviation due to difficulty in curve

fitting of such a small amplitude pulse. The second and third targets had better curve

fits, indicating that a reduced scattering coefficient of about 17 cm−1. Thus the turbid

phantoms, including a 0.5 cm−1 background absorption, was an appropriate model for

tissue.

4.4.2 Acoustic Waveform from Optically Thick Spheres

The acoustic waveforms for optically thick spheres conformed closely to the simulations

of optically thick spherical photoacoustic sources using the thermoelastic expansion model.

The top cap of the sphere (the pole) was manifested as a negative peak. This correlated

to measurements, including propagation time and the sphere size model. The reason that

the cap was a negative peak could be explained by considering the cap as a small disk

source, where the diameter and thickness are nearly equal, giving significant diffractive

effects. As the disk diameter increases (by looking at lower latitudes of the sphere) the

diffractive effect becomes less until the source becomes positive, as on the positive peak,

indicating the sphere’s equator.

A difference in the simulated waveform and the empirical one was shown as a plateau

in the positive region in the simulated wave. This plateau was a result of the Beer’s

Law attenuation in the thermoelastic model. In the empirical data, the positive peak was

narrower, although the drop to the negative peak was also somewhat exponential. The

difference could have resulted from actual diffractive effects from the equatorial region,

truncating the wave from its elongated simulation.

4.4.3 Sphere Size Determination

The sphere sizes were determined using a simple geometric model which assume that

the spheres were optically thick. For the 59 cm−1 spheres, the experimentally derived
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diameters were all within 5% of the actual diameter, except for the second largest sphere,

which was within 7%. The largest sphere in all cases was bigger than the actual laser

spot, so the derived diameters were all incorrect. These diameters should have been equal

to the spot size, though the 8 and 59 cm−1 spheres indicated that the largest spheres

were about 2–2.5 mm, much smaller than the 3.3mm laser spot. The 38 cm−1 spheres

showed derived diameters within 5% of the actual diameter, except for the 4 mm sphere.

The 8 and 20 cm−1 spheres showed incorrectly derived sphere diameters, probably due

to the fact that the spheres were no longer optically thick and that the geometric model

relied on that assumption. For a 20 cm−1 sphere, the absorption depth was 500µm, which

was 1/2 of the smallest sphere radius. The 8 cm−1 sphere had an absorption depth of

1.25mm, which was greater than the smallest sphere radius. These geometric model

could be modified to account for the large absorption depth, though prior knowledge of

the absorption coefficient must be known. If it was know beforehand that the spheres were

optically thin, then the geometric analysis would use t1 = z+2r
c , as the top pole of the

sphere remain the region of optical absorption most distant to the detector. The closest

region would no longer be the equator, as the optically thick model showed, but it would

be the bottom pole of the sphere. This would result in t2 = z
c . Using this value for t2,

the sphere size was determined to within 10% of the actual sphere size for the smallest

20 cm−1 sphere and the 8 cm−1 sphere with a diameter of less than 2mm.

4.4.4 Localization of Spherical Sources

The backprojection algorithm was first tested on simulated acoustic waves (figures 4.19

and 4.20), obtained from the thermoelastic model. These acoustic waves were nearly noise

free and the regions away before and after the waveform were uniformly zero. Thus the

backprojection map was extremely clean, with a sharp source prediction within a few

percent of its actual position. There were small backprojection arcs evident, though the

signal to noise ratio was much greater than 10:1 for the correct position versus the arcs.

An alternative use of the algorithm would be to backproject the velocity potential of the

photoacoustic sources, where the velocity potential is the time integral of the pressure

from the relation, p(t) = ρdφ
dt , where p(t) is the pressure, ρ is the density, and φ is the
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Figure 4.26: This is the velocity potential of the simulated acoustic wave from a 60 cm−1

spherical source, 18.5mm above an acoustic detector. The function has only positive
values, as it is the integral of a bipolar pulse with equal energy in the pressure and tensile
components. The velocity potential is everywhere zero except where the pressure wave is
nonzero.

velocity potential. The velocity potential of the on-axis simulated acoustic wave is shown

in figure 4.26 The advantage of working with the velocity potential is that it has only

positive values for a bipolar pressure wave where the energy is equally divided between

the acoustic wave and the accompanying tensile wave. Additionally, the function returns

to zero after the nonzero components of the pressure wave are integrated. Thus the

backprojection would be localized exactly on the source, without a negative tensile peak.

The algorithm was used for the simulated data, with the localization being within 2% of the

source location. The integral of the pressure wave from the experimental data did not yield

an actual velocity potential, since experimental noise made the energy balance with the

tensile wave appear uneven. Thus the integrated pressure wave showed a pseudo-potential
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that never returned to zero, but slowly diverged to infinity, causing the backprojection

scheme to show a high source probability far from the source.

The backprojection algorithm on actual acoustic waves (figure 4.22) showed less of a

defined source, with several backprojection arcs evident. The dominant source peak in

the localization map was within 5% of its true position. Additionally, image sources were

evident from reflection from the gel/air interface. The distance between the source and

the interface was 4mm, giving an image source 8mm above the true source. This image

source would not be confused with the true source, as it will always exist beyond the

gel/air interface, outside of the tissue phantom. The acoustic waveforms exhibited some

of the low frequency perturbations found by irradiating scattering media with a small

background absorption. These small bumps in the signal contribute to false correlations

on the localization map, though if the true signal has enough contrast (a much higher

amplitude), the true source will be easily distinguished on the localization map.

The backprojection algorithm used here, being multiplicative, may show some advan-

tage over the conventional method. In this application, each point on the first waveform is

multiplied with each point on the second waveform. Thus, large amplitude spikes on one

waveform enhance large amplitude spikes on the other waveform, while low amplitudes

tend to inhibit other low amplitudes. Thus, the localization map shows a high peak for

the position indicated by each acoustic wave as the source, while other points on the map

tend to flatten out. This scheme may also be enhanced by extending the product in the

backprojection algorithm to additional waveforms.

4.4.5 Localization of Paired Sources

The paired waveforms (figure 4.24) were much more problematic than either the simu-

lations or the single sphere sources. The paired source, being two 2 mm diameter spheres,

was 3.5mm center to center distance. The pairs that were closer spaced were not well

distinguished from each other. The on axis paired source acoustic wave, the waveform

obtained by setting the detector directly below the pair, showed some low frequency per-

turbation after the initial waveform. The first peak showed some evidence of a paired
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source, indicating the detector may have been slightly offset, as the pair would have ap-

peared as a single source if the detector were directly beneath the source. The off axis

wave definitely showed a second source, though the first peak was deformed, having a

plateau. This may have been due to low frequency perturbations from the background

absorption or pyroelectric effect on the transducer, since the source signal was weaker,

since the detector was not directly beneath the source. The backprojection still managed

to show two distinct sources, though the center to center distance seemed to be close to

3 mm. The bright spots on the localization map are the paired sources, with the vertical

distance predicting about 11mm, 10% greater than the true distance. The map may be

enhanced by additional detection points being introduced into the algorithm or possibly

by a reconstruction scheme. The density plot was chosen as it showed the sources better

than the three dimensional map, due to extensive noise.

4.4.6 Conclusions

The goal of this chapter was to introduce a method for determining location and size

of spherical photoacoustic sources in turbid media, as an attempt to model hypervascular

tumor masses in scattering tissue. The optical properties of the turbid gels matched the

expected scattering of some human tissue and included some background absorption to

account for small amounts of perfusion. The sources were optically thick, as might be

expected in a tumor, since a 10% perfusion in a tumor may give an absorption coefficient

as high as 30 cm−1 at laser wavelengths near 532 nm. The sources were localized with the

multiplicative backprojection and sphere size was determined for optically thick sphere.

The greatest difficulty was from the optical scattering. The scattering of light onto the

acoustic detector gave rise to a pyroelectric effect, manifested by a low frequency modula-

tion that interfered with the true signals. Even more importantly, the scattering of light

before reaching the spheres reduced the fluence at the sphere, making the background

absorption near the surface significant when compared to the spherical sources themselve.

The scattering and background absorption problems can be only aggravated in vivo, since

the optical properties are not precisely known and may not even be uniform over the re-

gion under investigation. The backprojection algorithm was shown to be robust, however,
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and a combination of proper laser energy, source strength, detector set up, and signal

processing may allow precise imaging of tumor masses in tissue.



Chapter 5

Design and testing of an endoscopic

photoacoustic probe for determining

treatment depth after photodynamic

therapy of esophageal cancer

5.1 Introduction

Photodynamic therapy (PDT) is a means of treating cancerous tumors by activating

a drug which is preferentially absorbed or retained by the tumor. Drug activation is

achieved by irradiating the tumor site, causing cell death in the tumor [89–96].∗ While

the use of light for activating drugs has been known since the time of Herodotus in ancient

Greece [97], the first use of PDT for oncologic reasons occurred in 1903, when eosin

was used to treat skin cancer. More recently, PDT has been used to perform palliative

treatment in esophageal cancer [89–92]. Currently, there is no means to evaluate the depth

of treatment immediately following a PDT treatment in the esophagous. Knowledge of

the treatment depth would aid the clinician in determining followup treatment, including

the need for additional PDT procedures. This chapter describes the design, construction,

testing, and use of a photoacoustic probe for use in determining treatment depth in situ

immediately after the PDT treatment. This information may aid the clinician in deciding

how to proceed with treatment of the tumor site.

∗Part of this chapter was submitted to the Journal of Biomedical Optics.
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5.1.1 Photodynamic Therapy for Esophageal Cancer

Esophageal cancer kills approximately 10,000 people per year [92, 98, 99]. The later

stages of esophageal cancer are aggravated by dysphagia, weight loss, pain and fatigue.

The dysphagia, or difficulty in swallowing, significantly decreases the patient’s quality of

life and is the chief aim of palliation. Additionally, palliation relieves pain and tumor bleed-

ing [92]. Treatment of esophageal cancer includes mechanical dilation of the esophagous,

stenting, and surgical esophagectomy [92, 100, 101]. Mechanical dilation tends to be in-

effective for other than short perioeds and may cause tissue trauma. Esophagectomy is

a drastic surgical procedure.5 In 1996, the FDA approved the use of PDT in palliative

treatment of obstructing esophageal cancer.

In a PDT case, the patient is intravenously given a photosensitive drug, such a porfimer

sodium (Photofrin), which accumulates in the cancerous tissue. Approximately 48 hours

later, an optical fiber is introduced within the esophagous via an endoscope. The optical

fiber irradiates the tumor with approximately 300 J per cm of fiber over 10–12 minutes.

The temperature rise in the tissue is physiologically negligible due to the laser light.

The light activated drug produces oxygen radical species in the tumor which results in

cell death. Upon light treatment, tissue blanching occurs due to the cessation of tissue

perfusion, indicating the necrotic region of the treatment area. Photographs of the PDT

treatment of an esophagous are shown in figure 5.1. The blanched areas indicate necrotic

tumor tissue. The depth of necrosis should be equal to the blanched layer thickness, as

indicated by the debridement of the tissue during the next 24 to 48 hours.

5.1.2 Photoacoustic Propagation Time

Photoacoustic propagation time has been used for locating positions of optical ab-

sorbers in tissue or tissue-like media. The key element in this type of scheme is that a

known acoustic propagation time and sound speed will give an indication of the position of

the acoustic source. This idea is at the heart of backprojection reconstruction. Esenaliev

et al. [88] used propagation time methods to image deeply embedded tumor models in

gelatin phantoms and to detect liver embedded in chicken breast. Viator et al. [69] used
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Figure 5.1: Photographs of the pre- and post-treatment esophagous. In the left photo-
graph, the tumor area is shown as bulbous obstructions in the esophageal lumen. In the
photograph on the right, the region of necrotic tissue is shown as a white, blanched area.
The thickness of this blanched area indicates the depth of necrosis and hence, the depth
of PDT treatment.

propagation time to detect small, optically absorbing spheres in turbid acrylamide gels.

This chapter uses simple propagation time analysis to determine the thickness of a turbid

layer over an optically absorbing layer in order to model the blanched (necrotic) layer after

PDT treatment in esophageal cancer.

A photoacoustic probe was designed that contained both a piezoelectric transducer,

made from a polyvinylidenefluoride (PVDF) film, and a 600µm optical fiber (figure 5.4).

The optical fiber, referred to as side firing, delivered stress confined laser pulses in a

direction orthogonal to the long axis of the fiber, while the PVDF film, located alongside

the end of the side firing fiber, detected the resulting acoustic waves. The simple equation

d = csτ (5.1)

shows the relationship of the propagation time and sound speed to the source distance,

where d denotes the distance from the transducer to the absorbing (perfused) layer, cs is

the speed of sound in the tissue, or tissue–like, medium, and τ is the time between the

absorption of optical energy and the acoustic wave detection by the transducer. An artist’s

rendering of the use of the photoacoustic probe is shown in figure 5.2, where the probe is

introduced to the esophagous via the working lumen of an endoscope. The probe comes

into contact with blanched layers, where it irradiates the tissue and subsequently detects
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Figure 5.2: An artist’s rendering of the use of the endoscopic photoacoustic probe. The
probe emerges from the endoscope and is directed to treated (blanched) areas to determine
the depth of necrosis.

acoustic waves resulting from absorption in the deeper, perfused layer of esophagous. The

probe was constructed and tested on clear and turbid layers over optically absorbing layers

of various absorption coefficients. The probe needed to fit into the working lumen of an

endoscope used in esophageal PDT. It needed to be sturdy, so as not to disintegrate within

the esophagous and sensitive enough to detect blood perfusion in the healthy esophageal

tissue underlying the blanched, necrotic layer. The probe was then used to detect a buried

vein phantom in a turbid medium. Finally, it was used to compare signals in vivo of a

normally perfused and underperfused finger tips.

5.2 Materials and Methods

5.2.1 Photoacoustic Set Up

The set up for testing the photoacoustic probe is shown in figure 5.3. A Q–switched,

frequency–doubled Nd:YAG laser (Quantel Brilliant,OPOTEK, Carlsbad, CA) operating
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Figure 5.3: The Q–switched laser launched 532 nm, 5 ns pulses into a 600µm fiber. A
piezoelectric detector was positioned at the end of the optical fiber. Optically absorbing
targets were irradiated by the fiber and the resulting acoustic waves were detected by the
piezoelectric element. The signal was sent to the oscilloscope.

at 532 nm launched 5 ns pulses into a 600µm quartz optical fiber. The pulse repetition

rate was 10Hz. The pulse energy out of the laser was approximately 5mJ. The pulse

energy out of the fiber was approximately 2–2.5 mJ. The optical fiber was mode mixed by

coiling the fiber. The photoacoustic probe, described below, was attached to the end of

the optical fiber. The probe was tested on various absorbing targets with the resulting

acoustic signal being sent to an oscilloscope (DSA 602A, Tektronix, Wilsonville, OR). The

bandwidth of the oscilloscope was 300 MHz with 1Gsamples/s. The input impedance of

the oscilloscope was 1 MΩ when the signal was not electronically amplified and 50Ω when

the signal was amplified. For all experiments in which the target was submerged within

a scattering solution, a background measurement was taken on pure scattering solution

without any embedded absorber. This background measurement was subtracted from all

subsequent measurements to acount for optical backscattering into the acoustic probe,

resulting in an interfering pyroelectric signal, and to account for any absorption of the

scattering solution itself.
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5.2.2 Probe Construction

The photoacoustic probe was designed to couple an acoustic transducer to an optical

fiber. The optical fiber delivered pulses of light from the Q–switched laser discussed

previously in the set up. The acoustic transducer detected pressure signals resulting from

the deposited laser energy. Both elements of the probe, the fiber and the transducer, were

designed so that they would fit into the 2.8 mm working lumen of an endoscope used in the

PDT procedure. The fiber/transducer pair were approximately 2.4 mm in diameter. The

center to center distance from the fiber face to the acoustic detector was approximately

1100µm. The optical fiber was side firing. This was accomplished by polishing the distal

fiber face at a 45◦ angle. This angled fiber face directed the laser energy orthogonally to

the axis of propagation of the fiber. To ensure a glass/air interface for proper reflection

at the 45◦ angled face, the fiber tip was encased in a glass tube and sealed. The acoustic

transducer was coupled alongside the fiber and was side detecting, meaning that the active

area was positioned to optimally detect pressure signals emanating from the direction of

the deposited laser energy. The acoustic transducer design is shown in figure 5.4. The

transducer was made from miniature coaxial cable (UT-34, Micro–Coax, Pottstown, PA)

with a total diameter of 860µm. The coaxial cable was composed of a center conductor,

a dielectric, and a conducting shield. The shield of the coaxial cable was made from silver

plated copper wire. The dielectric was made from polytetrafluoroethylene (PTFE). The

center conductor was made from silver plated copper wire and had a diameter of 200µm.

The characteristic impedance was 50Ω. The capacitance was 95 pF/m. The last 7 mm of

the coaxial cable was milled halfway, as shown in figure 5.5, for placement of the PVDF

film. A 7 × 1 mm 2 sheet of 25µm thick PVDF film, which had aluminum deposited

on both sides, was connected to the center conductor by a small amount of conducting

epoxy (Conducting epoxy, CircuitWorks, Inc., Garland, TX). The top of the PVDF film

was electrically coupled to the coaxial cable’s outer shield with conducting epoxy. A

photograph of the probe is shown in figure 5.6.
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Figure 5.4: The photoacoustic probe is shown here. The 45◦ polished fiber face directed
the laser light in a side firing mode (upwards, out of the plane of the page). The glass
tube contained the fiber face and ensured a glass/air interface for proper reflection onto
the target. The acoustic detector was positioned alongside the fiber. The detector was
composed of a piezoelectric film on a miniature coaxial cable that sent the signal to the
oscilloscope.
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Figure 5.5: The acoustic detector was composed of an aluminized PVDF film in contact
with the center conductor of a miniature coaxial cable ( 860µm diameter), with the other
side electrically connected to the conducting shield of the coaxial cable with conducting
epoxy.

5.2.3 Amplification

A noninverting amplifier was built using a surface mount CLC425 ultra low noise,

wideband operational amplifier (National Semiconductor, Arlington, TX) [102, 103]. The

gain–bandwidth product of the op amp was 1.9 GHz. Appropriate resistor values were

used in the amplifier circuit to maintain a gain of 45. The circuit board was etched from

a copper sheet over a plastic substrate. Conductive traces were designed to minimize RF

noise. The circuit is shown in figure 5.7.

5.2.4 Transducer Characteristics

The sensitivity of the acoustic transducer was characterized by irradiating Direct Red

solutions of various absorption coefficients with 2.0 mJ of laser light in contact with the

active area of the transducer. The relationship [27,69]

p(0) =
1
2
ΓµaH0 (5.2)
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Figure 5.6: The photoacoustic probe is shown here. The total width of the fiber–detector
pair is 2.1mm. The glass tube is rounded at the tip to prevent damage to tissue.
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Figure 5.7: The circuit schematic for the operational amplifier is shown here. The op-
erational amplifier was a CLC425 ultra low noise, wideband operational amplifier. The
resistor pair, R1 and R2, theoretically provided a gain of 45, though actual resistance
values provided a gain of 40.
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Figure 5.8: The set up for determining the directivity of the detector is shown here. A
600µm optical fiber irradiated an absorbing solution under clear water. The acoustic
detector was positioned above the irradiation site and rotated to determine the detector
response as a function of angle.

where p(0) is the pressure of the wave at the surface (point of detection), Γ is the Grüneisen

coefficient, here assumed to be 0.12 [27,69,77], µa is the absorption coefficient of the solu-

tion and H0 is the radiant exposure. The Direct Red solutions had absorption coefficients

of 8, 16, 31, and 61 cm−1. The spot sizes were approximately 1mm in diameter. The

radiant exposure was 0.064 J/cm2. This gave a temperature rise of less than 1◦C, by the

relation [82,104]

∆T =
µaH0

ρC
(5.3)

where ∆T is the change in temperature in degrees Celsius, and ρ is the density and C is

the specific heat of the solutions.

The antenna function, or response as a function of angle, of the acoustic transducer

was determined by rotating the transducer over an acoustic source. The set up is shown in

figure 5.8. The Q–switched laser irradiated a 4 mm spot on a 100 cm−1 Direct Red solution

in a cuvette. The acoustic transducer was positioned above the Direct Red solution with

a 6mm layer of clear water. The transducer was rotated with a rotation stage (Rotation
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Stage, Thorlabs, Newton, NJ) in 5◦ increments, from −40◦ to 40◦, where 0◦ was oriented

directly toward the laser spot. The detected acoustic waveforms were averaged over 64

pulses. The acoustic waves were not amplified in this experiment. The acoustic wave

amplitudes were measured and plotted to determine the sensitivity of the detector as a

function of detection angle.

5.2.5 Acoustic Testing

The photoacoustic probe was tested on tissue phantoms. These tissue phantoms were

meant to simulate a necrotic blanched layer of tissue over a perfused layer of esophagous.

The phantoms were made with Direct Red 81 (Sigma Chemical, St. Louis, MO) in water.

Four solutions were made with absorption coefficients of 8, 16, 30, and 61 cm−1 at 532 nm.

Assuming an absorption coefficient of 300 cm−1 at 532 nm, these absorption coefficients

correspond to 3, 6, 10, and 20%, respectively. The solutions were contained in a plastic

circular cuvette 20 mm in diameter and 20 mm tall. Cuvettes containing distilled water

or 1% Intralipid solutions (Liposyn, Abbott Laboratories, Abbott Park, Illinois) were

placed above the cuvette with the red absorbing solution (figure 5.9). The 1% Intralipid

solutions were used to simulate the reduced scattering coefficient of the blanched layer

of esophagous, which was estimated at 15 cm−1 [105]. These cuvettes were 1–8mm in

height, in 1mm increments. The photoacoustic probe was set in contact with the clear

or turbid solutions. The detected acoustic waves were averaged over 32 pulses at a 10 Hz.

The signal to noise ratio was calculated as a function of depth for the clear and turbid

solutions. The noise was approximated by calculating the standard deviation of 50 points

of a signal obtained from irradiating a phantom with no absorber. The noise value used

was 2 mV. The signal amplitude was calculated by the peak height of the acoustic signal.

5.2.6 Sound Speed

The speed of sound was calculated in the clear and turbid solutions by tracking the

peak of the acoustic pulse as a function of depth. The sound speed was determined as the

average of the difference in time between successive 1mm layers of solution for the depths

of 1 mm to 8 mm.
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Figure 5.9: The acoustic testing of the photoacoustic probe was performed by irradiating
solutions of various absorption coefficients under clear or turbid solutions of various thick-
nesses. The resulting acoustic waves were detected by the photoacoustic probe and sent
to an oscilloscope.

5.2.7 Vein Model Test

An in vitro vein model was made using a cylindrical tube filled with Direct Red 81

(Sigma Chemical, St. Louis, MO) solution with an absorption coefficient of 300 cm−1 at

532 nm. This absorption coefficient was chosen to simulate the absorption of whole blood

with hematocrit of 0.41 [5]. The 12 mm long cylindrical tube was made of Teflon (Zeus

Industrial Products, Orangeburg, SC), and had an outer diameter of 1.3 mm. The inner

diameter was 0.7 mm. The tube was submerged 3mm into a 1 scattering solution had a

scattering coefficient of approximately 20 cm−1 at 532 nm. This scattering coefficient was

chosen to simulate the scattering properties of human skin. A scan with the photoacoustic

probe was made across the axis of the cylindrical tube. This scan provided pressure signals

from the submerged vein model. The scan was made in 0.8 mm increments. The scan was

made over 11.6 mm so that the probe was directly over the submerged tube approximately

halfway into the scan.
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5.2.8 In Vivo Testing

The photoacoustic probe was tested on a human finger of a caucasian male volunteer.

The probe was placed above an acrylic sheet of 1mm thickness that was situated over

the finger. The pulse energy was approximately 4 mJ, with a spot size approximately

1 mm in diameter. When the acrylic sheet exerted pressure uniformly over the finger, the

tissue achieved a blanched look, becoming more yellow, while blood perfusion, indicated

by redness, appeared only at the boundary of the acrylic sheet. The probe measured

photoacoustic signals over the perfused and blanched finger. The acrylic sheet, finger, and

probe were acoustically coupled with thin water layers of less than 1 mm.

5.3 Results

5.3.1 Transducer Characteristics

The acoustic transducer had a sensitivity of 1.5mV/bar. The amplifier circuit had an

electronic gain of 40, so that amplified signals would have a sensitivity of 60.0 mV/bar.

The transducer antenna function is shown in figure 5.10

5.3.2 Acoustic Testing

The results of the acoustic testing are shown in this section. A montage of the acoustic

waveforms for the 60 cm−1 absorbing solutions are displayed, with the clear intervening

layers in figure 5.11 and the turbid intervening layers in figure 5.12. The depths of inter-

vening layers are 1–8 mm in 1 mm increments. The acoustic wave delay was approximately

0.7µs between graphs, though a small meniscus contributed to measurement error. The

meniscus was approximately 1mm. For a 1mm intervening layer, this accounts for 50%

of the acoustic delay, though at 8mm, it only accounts for a 13% of the acoustic delay.

The signal to noise ratios for all four absorption coefficient solutions as a function of

depth with clear and turbid intervening layers are shown in figure 5.13 and figure 5.14,

respectively.
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Figure 5.10: The sensitivity of the acoustic transducer is shown here as detector response
to plane acoustic wave as a function of angle.

5.3.3 Sound Speed

The sound speed was calculated in each of the experiments for the four absorption

coefficients through clear and turbid layers. The result is shown in figure 5.15. All sound

speeds were within 4% of 1.5 mm/µs.

5.3.4 Vein Model Test

A typical acoustic waveform is shown in figure 5.16. This waveform was taken at the

7th scan position, directly above the absorbing tube.

The result of the vein model test is shown in figure 5.17. The circle indicates the

position of the vein determined by the initial acoustic wave peak. The initial peak was

taken as the top surface of the vein model.
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Figure 5.11: The acoustic waves resulting from irradiating a Direct Red solution (µa =
60 cm−1) with various thicknesses (1–8 mm) of clear water between the absorbing solution
and the detector. The signal, easily discernable from the noise level, was delayed as the
clear layers become thicker. Zero on the horizontal axis indicates the laser pulse trigger.
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Figure 5.12: The acoustic waves resulting from irradiating a Direct Red solution (µa =
60 cm−1) with various thicknesses (1–8 mm) of turbid solution (µs =́ 15 cm−1) between the
absorbing solution and the detector. The signal, easily discernable from the noise level,
was delayed as the turbid layers become thicker.
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Figure 5.13: The signal to noise ratios for the solutions of various absorption coefficient
are shown as a function of depth of clear layer. The maximum signal occurred at 3–
4 mm of depth, due to the offset of the acoustic detector from the optical fiber. This offset
caused the acoustic wave source to be not directly underneath the detector, decreasing the
detector sensitivity. The acoustic signal maximized at about 3–4mm away, as the resultant
larger spot created acoustic waves directly beneath the detector. For greater than 4 mm,
the lower radiant exposure dominated the the acoustic signal generation, resulting in a
weaker acoustic detection.
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Figure 5.14: The signal to noise ratios for the solutions of various absorption coefficient
are shown as a function of depth of turbid layer. The maximum signal occurred at 1 mm,
as the highest radiant exposure occurred and optical diffusion was stronger at greater
distances, decreasing the acoustic signal strength.
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Figure 5.16: This is the acoustic wave on the 7th of 15 scans on the vein model. The vein
model was directly underneath the detector on this scan. The initial peak indicates the
detected vein model and the propagatio time, though several following peaks occur.
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Figure 5.17: A localization map of the vein model was constructed using all 15 scans.
The result is a map showing the vein model in depth and scan position. The small circle,
superimposed onto the first region of acoustic energy, indicates the vein model position.
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5.3.5 In Vivo Testing

The acoustic waves resulting from irradiation of the perfused and less perfused finger

are shown in figure 5.18.

5.4 Discussion

5.4.1 Photoacoustic Propagation Time

The concept of propagation time is simple, assuming a constant sound speed to calcu-

late a distance based on the time of arrival of an acoustic wave. The assumption of sound

speed in tissue-like media as 1.5 mm/µs is valid for water, milk, fat, nerve tissue, muscle,

etc [70,72,74,106]. The situation for a post–treatment esophagous, however, is aggravated

by the complex geometry caused by uneven uptake of photosensitizer, treatment light dis-

tribution, or other factors. These factors, though not affecting sound speed, would change

the propagation path, making the distance calculation inaccurate. The geometry of the

post–treatment esophagous may not be planar, nor even a reasonable approximation of

one. Repeated measurements and systematic scans may smooth these inhomogenous ef-

fects by integrating the bumps in an otherwise smooth heating distribution which creates

the photoacoustic field.

5.4.2 Amplification

The amplifier used in these experiments was a simple non–inverting instrumentation

amplifier. The gain was chosen so that the gain–bandwidth product of 1.9 GHz would

allow a good response up to about 50MHz. The input impedance of the amplifier was

1 kΩ, which was not optimal for integration of the charge from the PVDF transducer. The

PVDF film had a capacitance of about 100 pF. This capacitance with 1 kΩ results in a

time constant of 100 ns. Thus any acoustic measurement of greater than four or five such

time constants would lose charge, resulting in an inaccurate pressure measurement. The

result is that the incoming waveform was a transition between a charge measurement and

a pressure measurement. While this has little effect on the propagation time, any attempt

to derive optical properties from the pressure signal, or integration of the pressure signal
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Figure 5.18: The top graph shows the acoustic waves from the normally perfused and
underperfused finger tip. The acoustic signal from the normally perfused fingertip (red)
is greater in amplitude than the underperfused fingertip (blue), and the peak of the un-
derperfused fingertip appears to be delayed by about 100 ns, corresponding to 150µm
(lower graph). The peak times are indicated by the vertical bars. The amount of ringing
and noise from the transducer prevent precise analysis of layered structures, though the
discrimination of the two perfusion levels is evident by a factor of four difference in acous-
tic amplitude. A 3 mm water layer separated the fingertip from the acoustic detector,
accounting for the 2µs delay in the signals.
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for a velocity potential, must be considered an inaccurate measurement with regard to

amplitude, though not for propagation time. As all methods in these experiments use

only propagation time, the shape of the acoustic waveform was neglected. The results of

the propagation time and sound speed showed that the methods used were satisfactory

for determining the depth of the intervening, nonabsorbing layers.

5.4.3 Acoustic Testing

The results of the acoustic wave generation in the 8, 16, 31, and 61 cm−1 absorption

coefficient solutions with clear intervening layers showed signal to noise (SNR) ratios as

high as 150. In the 16, 31 and 61 cm−1 solutions, the SNR was greatest for the 3 and

4 mm layers. The 8 cm−1 solutions were much lower than the others. The greatest SNR

occurring at 3 or 4 mm is explained by the fact that at 1 and 2mm, the PVDF film is

not directly over the laser spot, as the distance from the fiber to spot is comparable to

the separation distance of the fiber and the PVDF film (figure 5.19. The drop off in SNR

after 4 mm is due to decrease in radiant exposure, due to spot size increase and acoustic

attenuation. The SNR’s shown in the turbid layers didn’t show the high SNR behavior at

3 or 4 mm since the light was diffuse, causing the laser spots to be larger and encompassing

the region below the fiber and detector.

The turbid solutions were a better model of the esophagous, as the blanched layer in

the post-treatment esophagous is scattering. Assuming a whole blood optical absorption

of 300 cm−1 at 532 nm, the 8, 16, 31, and 61 cm−1 solutions represented perfusions of 3, 5,

10, and 20%, respectively. A perfusion of 5–10% is reasonable for elevated perfusion levels

in cancerous tissue, so detection of perfused layers in the esophagous may occur in as deep

as 7-8mm, with an SNR of 4 or higher, neglected other factors such as high background

absorption or nonplanar geometry. Even with a 3% perfusion, detection may occur to 4

or 5 mm.

5.4.4 Sound Speed

The sound speed derived averaged to 1.52 ± 0.03 mm/µ s for the clear water and

1.47mm/µs for the turbid solution. The inherent error in the turbid measurements were
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Figure 5.19: For the clear intervening layer, the acoustic signal for distances of 1-2 mm
is weaker than signals detected at 3-5mm, as the acoustic sensor is not directly over the
acoustic source when the probe is so close. This is due to the antenna function of the
probe and the small spot size. After about 5 mm, the decreased radiant exposure results
in a weaker acoustic wave, making the detected signal weaker.
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primarily a result of low signal to noise ratio in the deeper measurements, making an ac-

curate pinpoint of the acoustic peak difficult. The process was robust enough so that the

two measurements were within 4% of the value of pure water, 1.481mm/µs at 20◦C [67].

5.4.5 Vein Model

While the photoacoustic probe wasn’t designed for blood vessel imaging, its compact

size and sensitivity made it an obvious candidate for an endoscopic imaging device. The

probe was designed to be endoscopic, making imaging during endoscopic procedures a

possibility. The small active area and the antenna function of the transducer made it

directional, though the laser pulse, while not omni-directional, loses its localization quickly

in turbid media.

5.4.6 In Vivo Testing

The blanching of the finger tip was an in vivo model of the esophagous. The discrim-

ination of blanched and unblanched finger tips was indicated by an acoustic amplitude

ratio of 4:1. The results of the phantom tests in conjunction with the finger tip models

indicate that the photoacoustic probe may provide depth information for the clinician in

the post-treatment environment. This test indicated a possible 150µm layer of nonper-

fused skin in the finger in the underperfused case, corresponding to a 100µs delay. The

environment in the esophageal case, however, can be more complicated, making the task

of probing the post-treatment esophagous a greater challenge.

5.4.7 Probe Design

The requirements for the photoacoustic probe were that it be small enough to fit into

a 2.7 mm endoscopic channel, sturdy enough that it wouldn’t disintegrate during an endo-

scopic procedure, and sensitive enough to detect perfusion layers under several millimeters

of blanched tissue. The current probe design satisfies all counts, as shown in the previous

discussion. The final probe was a culmination of a considerable amount of design and

testing of prototypes that failed on one or more of the probe criteria. Earlier designs

incorporated an acrylic cylinder housing the fiber tip, with a PVDF film attached to the
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Figure 5.20: Earlier versions of the photoacoustic probe were made from acrylic cylinders
housing a side firing optical fiber and a PVDF film between two electrodes. The acrylic
cylinder wasn’t optically clear enough after machining. At such small dimensions, the
acrylic was weak and unsuitable for a robust photoacoustic probe.

surface. One example is shown in figure 5.20 These acrylic designs were not optically

clear, since machining of the fiber channel caused frosting of the optical path. Build-

ing the acoustic detector was problematic in the connection of small electrodes to the

PVDF film. Attempts to create electrical connections between the PVDF film and the

electrodes included directly adhering wires to the aluminum on the film with epoxy, con-

necting aluminum foil to the electrodes and using the foil as the capacitive surface of

non-aluminized PVDF and finally, a spring connection between the aluminum capacitive

surface of the PVDF and the electrodes. All of these attempts failed. The reasons for the

failures included inability to get a good cure on the epoxy, tearing of the aluminum foil,

and difficulty in maintaining quality control for such small connections. In addition to

the electrical connection problems, the acrylic itself, being about 2mm in diameter and

containing channels and grooves, was too weak to be used clinically. The final probe was
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strong, as the PVDF substrate was a single length of coaxial cable and the optical path

glass and air.

5.5 Conclusions

The photoacoustic probe described in this chapter is a small, durable, sensitive device

suitable for use in an endoscope. The sensitivity shown by the turbid tissue phantoms

showed that the perfused layers may be detected to 5mm or greater under good conditions.

Detecting perfused layers under lesser depths of necrotic layer may be possible under

conditions of high background absorption or nonplanar optical absorption. An in vivo test

of a finger tip showed a 4:1 discrimination in normally perfused and underperfused tissue,

showing an ability to detect perfusion, though admittedly in a controled manner with a

quasi-planar geometry. The probe may also have application in photoacoustic imaging, as

shown by the vein model mapping. The ability to deploy this device endoscopically makes

its application extend to the many endoscopic procedures performed clinically.



Chapter 6

General discussion and conclusions

This dissertation has presented a theoretical framework for certain geometries en-

countered in biomedical photoacoustics, adapted from classical acoustical theory, and has

demonstrated experimental results of several photoacoustic applications. The parameters

in broadband photoacoustic pulse propagation in tissue phantoms, including attenuation,

dispersion, and diffraction were shown in chapter two. A method for depth profiling of

optical absorption in dyed acylamide gels and a stained elastin biomaterial was developed

in chapter three. Chapter four showed an investigation of spherical photoacoustic sources

in turbid media. Absorbing spheres embedded in clear and turbid acrylamide gels were

irradiated with a stress confined laser pulse, generating photoacoustic waves. These waves

were analyzed, giving sphere size and location. Additionally, a dipole photoacoustic source

was irradiated, showing minimum center to center distances for discrimination between

the two sources. Finally, chapter five detailed the design, construction, and testing of a

photoacoustic probe for use in an endoscopic procedure for determining treatment depth

after photodynamic therapy in esophageal cancer. The probe was ready for clinical testing.

6.1 Broadband Photoacoustic Pulse Propagation in Tissue

This preliminary chapter presented standard acoustical theory and applied it to certain

geometries found in biomedical photoacoustics, particularly the planar deposition of laser

energy on a circular spot. This situation was modeled as a baffled, piston acoustical

source. Axial attenuation was modeled and verified with experiment for 25, 50, 100, and

200 cm−1 Direct Red solutions. The experimental attenuation results were matched to
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the theoretical model. Diffraction of a piston source was stated as the interference of

the plane wave, from the circular spot, and the boundary wave, from the circumferential

wall of the disk of irradiation. The disk thickness was equal to the absorption depth.

An optical method of acoustic detection was used in order to discriminate between the

plane and boundary wave. The progression of the boundary wave into the plane wave was

documented graphically, resulting in a diffracted acoustic pulse, when the disk diameter

to thickness ratio was less than 10:1.

Dispersion of the photoacoustic pulses was measured by looking at the frequency spec-

trum of a diffraction free sample. Diffraction was minimized by ensuring the disk of

irradiation diameter was much greater than the thickness. This constraint was ensured

by using a 200 cm−1 absorbing solution, making the absorption depth, and hence the disk

thickness, 50µm. With a laser spot of 5 mm, the ratio was 100:1. The spectrum was

displayed for acoustic propagation distances of 0.4-3.4 cm. The results showed minimal

dispersion at these propagation distances.

Finally, the use of Direct Red solutions as tissue phantoms for these experiments was

justified by showing the similarity of acoustic impedance for various tissues and water. The

density and sound speeds were all withing 5%, making the impedance difference minimal,

justifying the use of a Direct Red solution tissue phantom.

Although there was correlation between the theory and experiment, actual clinical

relevance of the piston geometry may be questionable. The piston source exist in planar

geometries, which would only exist in certain regimes of biomedical treatments. Either

the irradiated spot must be small, in which case acoustic diffraction would need to be

considered, or the irradiated spot would be a departure from the planar geometry. Thus

the model must be modified or the shortcoming must be acknowledged.

Furthermore, the justification of the Direct Red solutions is valid only for plane wave

analysis, as the acoustic impedance is equal to the product of the density and sound

speed only for plane waves. If the waves are spherical or otherwise, the geometry must be

taken into account for determination of the acoustic impedance. Also, acoustic impedance

is not the only factor in acoustic propagation. Particularly in nonlinear cases, a more

sophisticated model must be developed and for acoustic propagation studies.
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6.2 Depth profiling of absorbing soft materials using pho-

toacoustic methods

Depth profiling of tissue and tissue–like media that are dominated by optical absorption

is a successful application of photoacoustics. The algorithm in chapter 3 was used to

determine the optical absorption coefficient of acrylamide gels and a stained elastin sheet.

The resolution of the measurement and calculation was about 10µm, though this limitation

was probably primarily due to laser pulse duration. The product of the pulse duration

and sound speed gives a theoretical limit to the layer resolution, so a sub–nanosecond

pulse with enough energy may increase the layer resolution even further, though a test of

the limit is difficult, as a gel phantom with layers thinner than 70µm could not be made

with the method used in this chapter. For applications such as laser–tissue welding where

biomaterials are stained with Indocyanine Green (ICG), the absorption must be high, as

the welding process is thermal. In such situations, absorption would dominate scattering,

making the depth profiling method a tool in understanding the thermal profile of the

welding process, in turn giving insight into the welding mechanism, which is currently

unknown.

While the technique was successfully demonstrated, the process depends on the dom-

inance of absorption in the light-tissue interaction. In cases where absorption is low, the

exponential curve fitting becomes more difficult. In fact, absorption coefficients of less

than 10 cm−1 often give erroneous fits. Unfortunately, for very high absorptions, nonlin-

ear effects may occur, in which case all of the modeling presented falls short. So absorption

coefficients of 10–300 cm−1 may be the acceptable range for this method. One must also

worry about divergence in the algorithm presented. The positive exponential term in

the algorithm for determining µa makes the calculated values blow up, so noise must be

limited for effective absorption reconstruction.
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6.3 Localization of spherical photoacoustic sources in acry-

lamide gel phantoms using time domain measurements

This chapter constituted a substantial part of the experimental work. A spherical shell

model was developed to describe photoacoustic generation in an optically thick sphere.

This model provided a means for calculating the beam profile of a spherical shell source and

showed that the beam pattern was similar to a plane piston. Thermoelastic modeling was

used to simulate acoustic waves from spherical sources. A backprojection algorithm was

developed to take photoacoustic signals from an optically thick sphere embedded in clear

and turbid acrylamide phantoms and determine the sphere locations. The resulting image

plot revealed sphere sources to within 5% of the true location. The simulations were also

backprojected into an image plot. Sources near reflecting boundaries were backprojected

and the image sources showed up as virtual sources outside of the gel phantom. Acoustic

wave shape was analyzed and related to the geometry of the optical absorption in the

sphere. Sphere size was determined from the acoustic wave using a simple geometric

model. Finally, dipole sources of optically thick spheres were irradiated and a minimum

separation distance was determined.

The localization algorithm, a multiplicative backprojection scheme, successfully lo-

cated optically thick spherical sources in turbid gels. The technique has yet to be suc-

cessfully tested in vivo. Though there was background absorption in the gels, the case of

living tissue is much more complex than a homogenous turbid medium. Stress confined

irradiation of a turbid medium with a background absorption with an embedded absorber

creates photoacoustic sources in the embedded absorber and in the medium itself, decreas-

ing the contrast between the two. While it may be possible to minimize the background

interference by subtracting the signal obtained by irradiating the medium in the absence

of an embedded absorber, this technique is not practical clinically, as a pure background

signal may not be available, and a background phantom will not necessarily be accurate

with respect to tissue optical properties.
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6.4 Design and testing of an endoscopic photoacoustic probe

for determining treatment depth after photodynamic

therapy of esophageal cancer

An endoscopic probe was designed and developed for the purpose of inducing photoa-

coustic waves in PDT treated esophageal lumens. The acoustic wave propagation time

would be used to determine the depth of treatment from PDT. The probe was made from

a 600µm, side–firing optical fiber, which delivered the stress confined laser pulses and a

890µm semi–rigid, coaxial cable with a PVDF film transducer attached to the tip. The

PVDF sensor was oriented to detect returning acoustic waves from the side–fired laser

pulses. The optical fiber and coaxial cable were attached alongside each other. The probe

was tested on clear and turbid tissue phantoms and the SNR was determined for 8, 16, 31,

and 60 cm−1 absorbing layers. An SNR of over 3 was achieved for the 8 cm−1 layer under

5–6 mm of a 20 cm−1 scattering layer. The probe was also tested to image a vein model in

a scattering solution. The probe was also used to determine the depth of a denatured layer

of liver in vitro. Finally, the probe was used to discriminate between various perfusion

states of a human fingertip in vivo.

The problems associated with probing an complex, optically turbid medium, as dis-

cussed in the previous section, also exist in this application. The testing on turbid layers

showed that signals attenuated much more quickly than in the clear case, where signal

strength dropped by a factor of five even with 1mm of intervening layer between the

probe and the planar absorber. The problems are aggravated in the esophagous by the

nonplanar geometry, which may be manifested by bulbous tumor growth and curves in

the esophageal lumen. Additionally, the blanching effect, which is the basis of the depth

profiling technique, may not be consistent, where treated areas may manifest swelling

and redness, masking the PDT treatment. The depth profiling method may still detect

changes in the optical properties of the treated area, though not in the ideal manner of

determining blanched layer thickness.
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6.5 Conclusions

The use of photoacoustics in biomedical applications can be superficially described as

a blending of optical and ultrasound methods in diagnostic applications. The availability

and safety of optical sources, being non–ionizing radiation, are advantages of optical diag-

nostics over radiographic methods in medicine. Unlike radiographic or nuclear medicine

techniques, the main hazard of optical sources is ocular damage, which is easily obviated

by standard eye protection. Unfortunately, the ability for light to propagate in tissue

is hampered by the scattering nature of tissue, making probing, particularly in imaging

applications, difficult beyond a few millimeters. In photoacoustics, since regions of tissue

become acoustic sources themselves, the propagation distances are extended to the cen-

timeter regime. Unlike conventional ultrasound, where imaging contrast results from small

differences in acoustic impedance of tissue regions, the tissue of interest is the acoustic

source itself, maximizing the contrast between it and the surrounding tissue. Additionally,

optical diagnostic methods may be used in conjunction with photoacoustic methods, such

as coupling a pair of optical fibers to an acoustic transducer (figure 6.1).

A laser pulse can be delivered via one optical fiber to induce an acoustic wave, while

simultaneously sending white light via the same fiber. The second fiber can collect re-

flectance measurements, while the acoustic transducer detects the resultant acoustic wave.

Thus an immediate sampling of superficial optical properties can be gained, with photoa-

coustic information supplementing it.

Photoacoustics extends the use of medical lasers as diagnostic tools, in some cases

overcoming the difficulties of optical scattering, while possibly providing a safe, effective

means for probing a tissue environment. It is the aim of this dissertation to extend the

knowledge and practical use of this fundamental interaction of light and tissue.



149

Collection 
fiber

Delivery 
fiber
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Figure 6.1: A scheme for combining optical and acoustic diagnostic methods. A delivery
fiber is used to introduce a stress confined heating in tissue with a fast laser pulse, while
simultaneously delivering white light. A collection fiber detects reflectance from the white
light for optical property determination. The acoustic transducer detects the resultant
acoustic wave from the fast laser pulse.
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