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Abstract

In this work, the OPUS (Optocoustic Plus UltraSound) system, a combination of a

wavelength-tunable pulsed optical parametrical oscillator (OPO) laser system and

a commercial ultrasound (US) scanner, is presented. The system has been designed

as an add-on to the commercial ultrasound system to enable breast cancer detection

using the benefits of both imaging modalities simultaneously. Optoacoustic (OA)

or, synonymously, photoacoustic (PA) is a spectroscopical technique to explore

optical absorption in semitransparent solids and liquids. Absorbed energy of laser

radiation is converted into acoustic pressure waves. Spatially and temporally

detected measurements of the pressure wave at the sample surface allow imaging

of 2D or even 3D distribution of the optical absorption. The OPUS system is

provided for medical application in particular for breast imaging. One focus lies

on quantitative analysis determining blood oxygen saturation. The performance of

the OPUS system has been investigated in phantom studies. The development and

characterization of the phantoms and absorber materials are part of the presented

work as well.



Zusammenfassung

In dieser Arbeit wird das OPUS (Optoacoustic Plus UltraSound)-System präsen-

tiert, das aus einer Kombination eines Wellenlängen-abstimmbaren optischen

parametrischen Oszillator (OPO)-Lasersystems und eines kommerziellen Ultra-

schallscanners besteht. Das System wurde als Add-on zu einem kommerziellen

Ultraschallgerät (US) entwickelt, um die Vorteile beider bildgebenden Verfahren

gleichzeitig, etwa für Brustkrebsuntersuchung, nutzen zu können. Optoakustik

(OA), auch Photoakustik (PA) genannt, ist eine spektroskopische Methode zur

Untersuchung von optischen Absorptionen in halbtransparenten Festkörpern und

Flüssigkeiten. Die absorbierte Laserstrahlung wird in eine akustische Druckwelle

umgewandelt. Räumlich und zeitlich aufgelöste Messungen der Druckwelle an der

Probenoberfläche erlauben eine 2D- oder sogar 3D-Darstellung der Verteilung der

optischen Absorptionen. Das OPUS-System ist für die medizinische Anwendung

insbesondere zur Brusttomographie vorgesehen. Ein Augenmerk liegt dabei auf der

quantitativen Analytik zur Bestimmung der Sauerstoffkonzentration in Blut. Die

Leistungsmerkmale des OPUS-Systems wurden durch Messungen an Phantomen

bestimmt. Die Entwicklung und Charakterisierung der Phantom- und Absorber-

materialien sind ebenfalls Teil der vorliegenden Arbeit.
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I. Introduction

1. Breast cancer: Methods of detection

In industrial countries, one woman in eight has or will develop breast cancer in her

lifetime [1]. Breast cancer is the second leading cause of death by cancer for women

after lung cancer. Early detection is vitally crucial. When tumors are detected

early, the five-year survival rate exceeds 95 % and tens of thousands of lives per

year may be saved.

Early breast cancer typically shows no symptoms as long as the tumor is small

and best treatable. Two common examination methods to find tumors are the

clinical breast examination (CBE) and the breast self-examination (BSE) [2]. For

women that are at average-risk and asymptomatic, it is recommended that a breast

examination should be part of a regular health examination. The examiner will

gently feel the breasts, giving attention to their shape and texture, and to the

location of any lumps [2]. Furthermore, the area under both arms will be examined.

For the breast self-examination, a woman should receive instructions by a healthcare

professional experienced in clinical breast examination.

Next to these tactile methods, breast imaging methods play an important role,

especially within screening and diagnosis of symptomatic women. Imaging methods

for breast cancer detection should fulfill the following requirements: They should

have high specificity and sensitivity, they should not take up large amounts of time,

money or manpower, and they should be non-invasive and safe [3].

The commonly used method is the X-ray mammography, a low-dose X-ray proce-

dure allowing the visualization of the internal structure of the breast. With respect

to sensitivity, 5% - 15% of breast cancers are not detected mammographically [4].

The primarily limitation of X-ray mammography is the imaging of radiographi-

cally dense breast [5]. Approximately 25% of women have dense breast tissue [6]

resulting in problems to use mammography as general screening method. In most
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I. Introduction

cases additional tests like biopsies are required to distinguish between benign and

malignant lesions. Furthermore, one of the risks of X-ray mammography is the

carcinogenic potential of the ionizing radiation [7, 8]. For these reasons, there is a

continuous search for other imaging methods that suit for breast cancer screening.

Within this search, ultrasound imaging emerged as an useful method that avoids

the carcinogenic hazards of ionizing radiation. In ultrasonography, a sound wave,

usually produced by a piezo-electrical crystal, is coupled into the medium, where it

becomes backreflected from parts of the medium with a different impedance, which

is a measure for the resistance against the wave propagation. The backreflected

wave is measured. The propagation time of the wave and the backreflected provides

the information about the location of the reflecting object. The application of

ultrasound in breast imaging was first mentioned by Wild [9] in 1951. Wild also gave

an explanation of the principle of the ultrasonograph and reported that ultrasonic

waves showed no harmful effects in his experiments. More detailed descriptions

about the physical basics and engineering principles of ultrasound can be found in

[10] and [11]. The main role of ultrasound for breast imaging (B-mode scanning)

is the differentiation between cysts and solid masses [12], leading to a reduction

in the number of biopsies. In addition, ultrasound can also be applied to dense

breast tissue. The limitations of ultrasound in screening for breast cancer include

the inability to depict microcalcifications, difficulties in imaging fatty breasts, the

inability in differentiating benign from malignant solid masses, and an unreliable

depict of solid masses smaller than 1 cm [13]. Sonographic equipment for breast

imaging has continued to improve; but rather than replacing mammography, the

role of sonography has evolved to that of an indispensable adjunct to mammography

[14].

Another promising method in breast imaging is the magnetic resonance imaging

(MRI). This technique utilizes the interaction between the magnetism of atomic nu-

clei and radio waves to depict the structure of biological tissues primarily based on

their hydrogen content. An introduction to the physical principles of MRI is given

e.g. by Leach [15]. The biological effects of magnetic fields and radiofrequency

radiation applied in MRI have been reviewed by Bernhardt [16]. The important

parameters in MRI to distinguish between different tissues are the T1 and T2 re-

laxation times. Some first relaxation time measurements of tumors showed the

possibility of differentiating between benign and malignant lesions [17]. Based on
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2. Photoacoustics - A history

this, several studies have been carried out to evaluate the possibility of in vivo cha-

racterization of breast lesions. One of this studies demonstrated that MRI detects

carcinomas as frequently as mammography and additionally allows to discriminate

between benign and malignant tissue that was suspicious for carcinoma on mam-

mography [18], but causes high cost for scanning. Although further developments,

as for example the design of breast coils that replaced the whole-body imaging

coils, makes this method an efficient tool, MRI has not found its final role in breast

imaging, but shows promise as potential adjunct to mammography [18, 19, 20].

Further methods used for breast imaging described in literature are computer-tomo-

graphy (CT) and positron-emission-tomography (PET) [21, 19], microwave imaging

[22], and near-infrared optical mammography [23, 24, 25, 26]. Since these imaging

techniques are not used for routine screening, a detailed description is abandoned,

but can be found in the cited literature.

In this long search for new imaging techniques supporting or even replacing mam-

mography, the old physical principles of photoacoustic (PA) find their new applica-

tion in breast imaging. First prototypes of photoacoustic mammoscopes are under

development [27, 28, 29] or even in trial phase [30]. One of these PA mammoscopes,

the OPUS system is the subject of this work.

2. Photoacoustics - A history

Figure I.1.: Portrait of Alexander

Graham Bell c. 1910

The photoacoustic effect was first mentioned in 1880

by Alexander Graham Bell [31, 32, 33]. Together

with his friend and colleague S. Tainter, he discov-

ered that modulated solar radiation, which was fo-

cused onto a segment of selenium, produces a sound

signal. Thus, a few years after the construction of

his telephone, he developed a ”photophone” based

on the new findings. Through a mirror placed on a

membrane he modulated sunlight with his voice. The

modulated light was on his part reconverted into a

sound wave at the receiver side by the photoacous-

tic effect [34]. He observed and studied the photoacoustic effect on gases, solids

and colored water. Next to Bell, the photoacoustic effect was also observed by
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I. Introduction

the scientists J. Tyndall [35] and W.C. Röntgen [36] in 1881. Since the excitation

sources during that time were not efficient enough for applications, the interest on

the photoacoustic effect was fading.

Several decades later, photoacoustics experienced its revival with the development

of the laser, a stronger excitation source opening the gates for new applications in

this field. In the 70s and 80s of the 20th century, the photoacoustic effect was used

for analytical problems. In the first experiments, chopped light was used to produce

sound waves in the audible range which were detected by a microphone [37, 38, 39].

With the use of piezoelectric detectors, the sound waves in the ultrasound range

could also be detected. Additionally, optoacoustic detectors made from piezoelectric

detectors exhibited fast response time and sufficient sensitivity to perform on-line

studies of thermal deactivation processes [40], which made them interesting for

many analytical applications. Next to the analysis of gases [41], the method was

used to examine biological materials [42]. The detection of photoacoustic signals

is most commonly performed by piezoceramics or polyvinylidene fluoride (PVDF)

films [43]. Another sensor type used for photoacoustic measurements is the optical

interferometer [44, 45, 46]. Photoacoustic signals produced in gases are detected

by microphones as shown for example in [47, 48].

3. Task

This work is about the OPUS project, which has been financially supported by

the Bavarian State Ministry for the Economy, Infrastructure, Transportation and

Technology within the framework of the BayMed program. The OPUS project is

a cooperative project between the Institute of Hydrochemistry (Technical Univer-

sity Munich, Munich), InnoLas (Krailling) and GE - Global Research (Garching b.

München). The name OPUS stands for OPtoacoustic plus UltraSound. Goal of the

project is the development of a photoacoustic system as an add-on to a commercial

ultrasound system for breast cancer detection. GE as distributor of commercial

ultrasound systems has been responsible for the modification of the ultrasound sys-

tem, the trigger system between ultrasound system and laser, and the development

of reconstruction algorithms [49]. The scope of the laser distributor InnoLas has

been to develop a laser satisfying the requirements regarding repetition rate needed

for this application and with regard to pulse-to-pulse stability, which is important
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3. Task

for medical applications [50, 51]. The Institute of Hydrochemistry had the respon-

sibility to develop a sensor probe for first tests [52], to design the optoacoustic

coupling between laser and ultrasound scanner, to built and test phantoms for this

special purpose, and finally to test and evaluate the system.

The aim was to optically and mechanically couple the laser and the ultrasound

system to enable photoacoustic measurements in addition to ultrasound scanning.

Another part was the development of phantoms that possess optical as well as

acoustic properties of breast tissue that should be mimicked. The main aim was to

test and evaluate the performance of the optoacoustic system with the phantoms

and to find an adequate procedure to quantitatively analyze the data. Since with

the system it is aimed to distinguish between different levels of oxygen saturation

in blood, a proper quantitative analysis is needed.

Chapter II provides a short review of the theoretical background and an overview

about the current state of research of comparable PA systems.

The phantom materials and their preparation are described in chapter III. The

phantoms have been acoustically (section 2) and optically characterized (section 3).

The OPUS system is presented in chapter IV. The chapter comprises the descrip-

tion and performance of the system as well as the realization of the opto-mechanical

coupling of the laser and the ultrasound scanner (section 1). Furthermore, it in-

cludes the reconstruction algorithms and their evaluation (section 2), first results

with the system of the different generations (section 3) and some quantitative re-

sults (section 4).
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II. Background

In photoacoustic imaging, optical inhomogeneities of a sample are visualized based

on their absorption characteristics. The processes involved in this imaging modality

are the photoacoustic effect for the initiation of the acoustic wave, the acoustic

wave propagation, the detection of the sound wave, and finally the reconstruction

to receive a map of the optical inhomogeneities of the sample from the measured

signals. These processes are mostly discussed in this chapter. Furthermore, some

photoacoustic systems are exemplarily presented. Since the photoacoustic signal

amplitude depends on the absorption coefficient, quantitative information about

the local absorption can be revealed. The possibilities for quantitative analysis are

subsequently discussed in this chapter.

1. Photoacoustic spectroscopy

Photoacoustic spectroscopy belongs to the category of absorption spectroscopical

methods. In photoacoustic spectroscopy the absorption of a certain structure is

measured by detecting sound waves induced by absorbed laser light.

1.1. Photoacoustic signal generation

The photoacoustic effect describes the conversion of an electromagnetic wave into a

pressure wave. Pulsed lasers or amplitude modulated continuous wave lasers (cw-

laser) are typically used as excitation sources. Since for this work only pulsed lasers

were used, the following description of the mechanism of pressure wave generation

is restricted to this method. The single steps of the photoacoustic signal generation

are pictured in figure II.1.

Radiating a sample with a short laser pulse in the range of nanoseconds, the energy

is locally absorbed in the medium depending on the local absorption coefficient

9



II. Background

Figure II.1.: Flowchart of the photoacoustic signal generation and detection.

µa(r). This local absorption coefficient is wavelength dependent. The deposited

energy can be transferred via the radiative relaxation processes fluorescence and

phosphorescence or by radiationless relaxation. Radiationless relaxation processes

cause local heating of the medium. The thermal absorption depends thereby on the

specific heat at constant pressure Cp. The local heating lead to a volume expansion

characterized by the volume expansion coefficient β. The volume expansion cause

an increase in pressure. This pressure increase moves at the speed of sound c0

through the sample and can be detected time- and spatially-resolved at the surface.

If the speed of sound of the medium is known, the origin of the pressure wave can

be traced back by the time duration between pulse generation and detection.

1.2. Detection

Detecting photoacoustic pressure waves gives information about optical inhomo-

geneities. In pulsed photoacoustic spectroscopy, there are two detection geometries,

10



1. Photoacoustic spectroscopy

Figure II.2.: Schematic of direct and indirect detection.

the direct and indirect detection which are depicted in figure II.2. In the presented

case of a point source, the induced pressure waves propagate into all directions.

Direct detection

For the direct detection, the detector is positioned at the opposite side of the light

source. The pressure waves propagate parallel to the laser beam. The detector

will register two pulses. The first pulse is the pressure wave that travels straight

forward in the direction of the detector. The second is a reflection of the pressure

wave on the surface of the sample.

Indirect detection

The indirect detection takes place at the same side as the radiation. In general, a

transparent detector or a transparent medium between detector and sample enables

the irradiation of the sample underneath the detector. The acoustic signal that will

be detected is only the single pressure wave propagating straight to the detector.

The indirect detection is used for samples that are only accessible from one side as

it is the case in most medical applications.

In both detection geometries as presented in figure II.2, the detector is placed

in a distance to the sound source which is not in the acoustical near-field thus

11
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diffraction effects are not neglectable. Since for the OPUS system a detector array

was used instead of a single detector, the diffraction effects were considered in the

reconstruction.

1.3. Light propagation

The photoacoustic pressure wave gives information about the locally absorbed en-

ergy depending on the energy distribution within the sample. The energy distribu-

tion is conditioned by the light propagation. The light propagation depends on the

optical properties of the sample as well as on the initial energy distribution.

In non-scattering samples, the direction of the light beam stays unchanged. The

light propagation can be calculated according to the laws of the geometrical optics

[53]. Only absorption and diffraction are of importance.

In scattering samples, the light propagation is additionally influenced by the scat-

tering coefficient and the anisotropy factor. The photoacoustic signal amplitude

becomes therewith indirectly influenced by the scattering. The light propagation

in scattering samples is more difficult to describe. Different models and methods

are used to simulated light propagation to obtain analytical information from the

pressure signals; for example the Monte-Carlo-Method [54].

1.4. Sound propagation

The distribution of the optical inhomogeneities can be achieved from the detected

sound wave by knowledge of sound propagation behavior.

Sound wave

A sound wave is a mechanical, spatio-temporal oscillation of an expanded matter.

This means, that the particles, which build the matter, deflected from their rest

position, oscillate around the rest position. The disorder of the rest position moves

with the velocity c = ∆x/∆t through the matter. This velocity is called the speed

of sound and is a matter constant. Sound waves are longitudinal waves [11].

In photoacoustic measurements, the detector measures the time dependent pressure

perturbance p(~r, t). For constant speed of sound, there is a relation between the

12



1. Photoacoustic spectroscopy

origin of the pressure wave and the time interval, that the wave needs to arrive at

the detector. This is described by the retardation

p (~r, t) = p

(
~r, t− |~r|

c0

)
. (II.1)

The retardation allows to trace back the origin of the detected sound wave.

Acoustic impedance

Another measure influencing the sound propagation is the acoustic impedance Z,

which is a matter constant. It is a quantity for the resistance that a wave experiences

propagating through the matter. Therefore, it is also called the wave resistance [11].

The acoustic impedance is related to the matter constants speed of sound c0 and

density ρ0 by

Z = ρ0 · c0. (II.2)

It plays a role for sound waves passing the boundary between two media (medium

1 and medium 2). Depending on the difference between the impedances, parts of

the sound wave become reflected and parts are transmitted. The reflected part of

the sound energy can be calculated knowing the impedances. Analogue to optics,

reflected and transmitted parts can be calculated with the Fresnel’s equations for

the perpendicular incidence

Ta =
ET
a

Ea
=

(
2Z2

Z2 + Z1

)
and (II.3)

Ra =
ER
a

Ea
=

(
Z2 − Z1

Z2 + Z1

)
(II.4)

with transmission coefficient Ta and reflection coefficient Ra. If medium 2 has a

greater acoustic impedance than medium 1, the sound wave becomes reflected and

13



II. Background

the reflection coefficient is positive. The reflection coefficient is negative for the

reverse case and the phase of the reflected wave will be inverted [55]. If the sound

wave has to propagate through several boundary layers j, the resulting coefficients

for reflection and transmission are obtained by multiplying the coefficients of the

single boundary layers, that is

T resa =
∏
j

T ja and Rres
a =

∏
j

Rj
a. (II.5)

The sound energies are proportional to the squares of the sound intensities. For

an ideal acoustic transparent matter without losses of sound intensity, the relation

between the reflected and transmitted parts is given by

(Ta)
2 + (Ra)

2 = 1. (II.6)

For the direct detection, the reflected sound wave depends on the difference of the

acoustic impedance between the sample and the surrounding matter. It can change

its phase and interfere with the non-reflected wave. For the indirect detection, the

signal is not influenced by the reflected wave, but the signal amplitude is dependent

on the difference in the acoustic impedance.

In both cases, the impedance of the surrounding matter Zm or the contact medium

Ztr between sample and detector has to be adjusted. Meaning that a material has

to be chosen with an acoustic impedance similar to that of the sample Zm,tr ≈ Z0.

This is important to minimize the loss of information.

1.5. Depth resolution

The frequency spectrum of the laser-excited sound waves is the Fourier transform

of the spatial distribution of the acoustic sources [55]. This means, that the depth

dependent absorption coefficient µa(z) defines the modulation of the photoacoustic

signal. The depth resolution δz can be extracted from the detected, time-resolved

δt pressure signals by

δz = c0 · δt. (II.7)
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1. Photoacoustic spectroscopy

Some specific conditions have to be fulfilled until equation II.7 becomes valid. The

most important processes are characterized by their running times, the acoustic

relaxation time ta and the thermal relaxation time tχ.

Acoustic relaxation

The acoustic relaxation time is dependent on the absorption coefficient µa. The

pressure relaxes during the time it takes for the acoustic pulse to transit the heated

region and is expressed as [55]

ta ∝ (µac0)−1 , (II.8)

where µ−1
a is the mean penetration depth. This means, the relaxation time is short

for small penetration depths. If the laser pulse τL is short compared to the acoustic

relaxation time ta

τL � ta, (II.9)

the shape of the acoustic wave excited follows the spatial distribution of the heat

sources [55].

Thermal relaxation

The thermal relaxation time is depends on the square of the absorption coefficient

µa and takes place very slowly [55]. It gives the time duration, that the deposit

thermal energy needs to leave the probe element by diffusion. Its characteristic

time scale is

tχ ∝
(
µ2
aχ
)−1 � ta, (II.10)

where χ is the thermal diffusivity of the medium [55]. As mentioned in paragraph

1.1, in photoacoustics the deposited energy is adiabatically transformed into an

acoustic wave. Hence, the condition for the adiabatic volume expansion is fulfilled

and the thermal diffusion can be neglected.
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1.6. Classification of absorbing media

Media that are examined in their absorption structure can be classified with respect

to their optical distinctions.

Homogeneous media

Homogeneous media have identical optical properties in every part of the sample

volume. That means, they can be described by a constant absorption coefficient

µa = const. (II.11)

Homogeneous media are used for the derivation of the photoacoustic signal.

Macro inhomogeneous media

In macro inhomogeneous media, the absorption coefficient is space dependent

µa = µa(~r). (II.12)

Most samples used in the experiments in this work are macro-inhomogeneous.

Micro inhomogeneous media

Micro inhomogeneous media content light absorbing centers or particles, with a

mean distance of a few micrometer between the particles. The absorption coeffi-

cient µa(~r) varies on the microscopic scale. The absorption coefficient is composed

of the macroscopic absorption behavior of the media µmacroa (~r) and the microscopic

distribution of the particles µmicroa (~r). The particles have thereby a uniform ab-

sorption coefficient

µpa = const. (II.13)

In micro inhomogeneous media, scattering plays also a role, since, the particles

work not only as absorption but also as scattering centers.
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1. Photoacoustic spectroscopy

1.7. Theory of signal generation

In this section, the photoacoustic amplitude is formally affiliated. Assuming pulsed

laser light for the illumination with a single pulse energy of E0 and a homogeneous

absorbing medium, the energy absorbed (Ea) by the medium through a depth z is

given by [56]:

Ea = E0

(
1− e−µaz

)
. (II.14)

For µaz << 1, the absorbed energy can be linearly approximated by a TAYLOR-

series expansion. Hence, equation II.14 can be oversimplified as [56]:

Ea ≈ E0µaz. (II.15)

Assuming that radiationless relaxation predominates in the medium, the thermal

energy Eth is given by [56]

Eth = Ea = E0µaz. (II.16)

With knowledge of the specific heat at constant pressure Cp, the change in tempe-

rature ∆T of the illuminated volume V with density ρ (neglecting thermal conduc-

tion) is given by [56]:

∆T =
Eth
CpρV

=
Ea
CpρV

. (II.17)

The temperature change leads to a volume expansion ∆V outgoing from the equi-

librium condition V0 which is described by the volumetric expansion coefficient β.

It can be derived from the definition of the volumetric expansion coefficient [57]:

∆V = V0β∆T. (II.18)
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For adequate short laser pulses, the volume expansion can be considered as adia-

batic. This expansion induces a pressure wave that travels through the medium

with the material-specific speed of sound c0. That pressure change can be described

by [58]:

∆p = c2
0ρβ∆T, (II.19)

where ρ is the density of the medium. Stating the volume V as the product of

the illuminated surface FS and the illuminated depth in the medium, and inserting

equation II.17, lead to the following equation for the pressure change:

∆p =
1

FSz

βc2
0

Cp
Eth. (II.20)

With the linear approximation for Eth (equation II.16) the expression of the pressure

change simplifies itself to:

∆p =
1

FS

βc2
0

Cp
E0µa. (II.21)

For fixed geometry of laser illumination and laser properties, the illuminated surface

and thereby its reciprocal as well can be taken as constant [56]. Hence, equation

II.21 is reduced to:

∆p ∝ βc2
0

Cp
E0µa. (II.22)

The amplitude of the laser induced pressure wave for a fixed illumination geometry

is finally dependent on the excitation energy E0, the volumetric expansion coef-

ficient β, the specific heat at constant pressure Cp, the material-specific speed of

sound c0, and the absorption coefficient µa. To quantify absorption coefficients by

photoacoustic pressure amplitudes the first four variables have to be kept constant

and must be known. For known absorbers with unknown material-specific condi-

tion of the surrounding medium another approach must be chosen. Examples are

presented in section 3 in this chapter.
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1.8. Photoacoustic tomography

In the previous sections, photoacoustic spectroscopy was discussed for the 1-dimen-

sional case of a distribution of absorption inhomogeneities µa(z).The distribution

of absorption inhomogeneities µa(~r) can also be examined in 2D or 3D, which is

called photoacoustic tomography.

One possibility to obtain the distribution of absorption inhomogeneities in a volume,

is to make several depth scans, the so-called A-scans (1D). For these measurements,

the detector should be straightened to receive only the sound waves that are from

one direction. The detector is moved along an axis (x-axis) over the surface from

measurement to measurement. When the depth scans generated this way are pieced

together, they result in a 2D cross section or alternatively a slice image through

the volume. Moving the detector over the full top surface of the volume and taking

depth scans at each coordinate of this plane, the depth scans result in a 3D image.

Another possibility is the usage of a detector array, where the single detectors are

arranged in a row along the x-axis on top of the surface. A depth scan of the array

produces a cross section. Taking cross sections with the array along the y-axis, the

images stringed together result in a 3D image as well.

The reconstruction in the 2- or 3-dimensional space can get arbitrarily complicated,

since processes as diffraction, impedance steps or the interference of the sound waves

of different origins play a role. Additionally, it is influenced by the directivity of

the detector and the light distribution. There exist several approaches for the

reconstruction. Some of them are discussed in chapter IV, section 2.

With the possibility to receive tomographic information of a volume, photoacoustic

is interesting for medical application such as the visualization of lesions.

2. Photoacoustic systems - An overview

In this section, a few photoacoustic systems are depicted, including systems us-

ing commercial ultrasound scanner, systems for breast scanning, systems for mice

imaging, and a system with a Fabry Perot polymer film as sound detector.
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Combined US and OA system described by J.J. Niederhauser

A combined ultrasound and optoacoustic system for real-time high-contrast vascu-

lar imaging for in vivo use is presented by J.J. Niederhauser et al. [59]. The laser

source of the system is a Q-switched alexandrite laser (Storz Medical) with 7.5 Hz

repetition rate and a pulsewidth of 60 ns at 760 nm working wavelength. The light

is led fiberoptically to the ultrasound transducer, where it is guided by a prism and

two mirrors around the transducer to illuminate the tissue with an energy density

of 5 mJ/cm2. The detection unit consists of a linear array ultrasound transducer

LA/7.5/128/ULS (Vernon S.A., France), with a center frequency of 7.5 MHz and

a bandwidth of 76 %, and a digital phased array ultrasound system (DiPhAS) de-

signed by Fraunhofer Institute for Biomedical Engineering (St. Ingbert, Germany).

The ultrasound system is designed to acquire data of all transducer elements paral-

lel at a 30-MHz sampling rate and to transfer the data in real-time to a processor.

Since the frame rate is limited by the laser repetition rate, a frame rate of 7.5 Hz

is achieved. The system has a lateral resolution restricted by the element pitch

to 0.4 mm and a depth resolution of about 0.3 mm at a transducer bandwidth of

5.5 MHz. In vivo studies showed the capability of the system to photoacoustically

image vessels in human finger, leg and arm with high contrast.

Philips system

The Philips system is a photoacoustic scanning system that is based as the OPUS

system on a commercial ultrasound system and is used for imaging nude mice.

The following facts are based on the sources [60, 61]. The photoacoustic system is

build around the commercial Philips-ATL HDI-5000 ultrasound scanner. A data

acquisition board is added to acquire raw radiofrequency data per transducer chan-

nel. Although all standard HDI-5000 compatible transducers are usable with the

system, it was tested with the CL15-7 compact hockey-stick probe, which is a broad-

band linear array with a center frequency around 8 MHz. As light source serves a

Nd:YAG-pumped OPO laser system (laser: Q-switched Brilliant B, Quantel; OPO:

VIBRANT I, Opotek Inc.) with a repetition rate of 10 Hz and a wavelength range

of 650 - 950 nm. The light is led over a fiber bundle to the surface. The system

works in backward mode. The acquisition board enables dual PA-US mode with a

frame rate of 4 frames per minute. While the ultrasound images generated in regu-
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lar B-mode are undergoing a delay-and-sum beamforming algorithm in the scanner,

the photoacoustic images are beamformed by a Fourier approach externally at a

PC. The systems resolutions are specified to be 240 µm axially and 360 µm laterally

based on FWHM definition.

PAM Photoacoustic Mammoscope

The Photoacoustic Mammoscope (PAM), based on a parallel plate geometry, was

developed at the University of Twente. The breast is thereby gently pressed bet-

ween a glass plate and a flat high-density ultrasound detector matrix with 590

elements. A Q-switched Nd:YAG laser (Quantel Brilliant-B) operating at 1064 nm

with a pulse duration of 5 ns and a repetition rate of 10 Hz is illuminating the

breast through the glass plate. The detector consists of a 110 µm thick polyvinyli-

dene fluoride (PVDF) sheet of approximately 90 mm in diameter with thin gold

electrodes arranged in a circular grid. The light is led over a liquid light guide to

the glass plate and is moved across the plate to obtain all regions of interest. For

a volume of interest of approximately 37 mm × 31 mm, the scanning time is rated

to 20 min with 128 averaged signals per element. The scanner is able to detect

inhomogeneities of 2 mm diameter down to 32 mm depths with a resolution of 3.5

mm. First clinical trials showed promising results in recognizing regions of tumor

vascularization. One observed disadvantage is the difficulty for the patients to lie

still for the long periods of measurement [29, 62, 30].

LOIS

The laser optoacoustic imaging system (LOIS) is a photoacoustic tomograph built

to image breast cancer and was designed by the group around A. Oraevsky. Former

generations of the LOIS has been reported in [63, 64, 65, 66, 67]. The present

system, currently used in clinical trials, named LOIS-64/16 in [27] and LOIS-B in

[28], will be depicted in the following.

The LOIS-64/12 has two laser sources to enable multiple wavelength measurements.

One is a Nd:YAG laser (Brilliant B, Big Sky Laser/Quantel) at a working wave-

length of 1064 nm with a pulse duration of 6 ns and a repetition rate of 10 Hz. The

other is an alexandrite laser (601-X, Light Age Inc.) with a pulse duration of 75 ns

and a 10 Hz repetition rate at 757 nm. The laser light is led to the patient where
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it illuminates the surface of the breast with an energy density of about 20 mJ/cm2.

The photoacoustic signals are detected by an acoustic probe consisting of an arc of

64 PVDF transducers and a linear array of 16 PVDF transducers on the back of

the probe. The system has a lateral as well as a vertical resolution of 0.5 mm [27].

Photoacoustic scanner with a Fabry Perot polymer film sensor

The photoacoustic scanner based on the detection with a Fabry Perot polymer

film sensor was developed by the photoacoustic imaging group at the University

College London. In earlier versions of the system, it was described for an operating

wavelength of 1064 nm [68, 69].

As excitation source a fiber coupled tunable (410-2100 nm) OPO laser system is

used with 8ns pulse duration. The sensor consists of a wedged transparent polymer

backing stub and a multilayer sensing structure, which is a sandwich of a Parylene

polymer film spacer between two dichroic dielectric mirrors, that are highly trans-

missive for wavelengths between 590 nm and 1200 nm. The system is designed to

work in the backward-mode. The sensor is placed in acoustic contact with the tissue

and the excitation laser illuminates the tissue through the sensor. The surface of

the sensor is raster scanned by a 1550-nm focused cw laser beam. The photoacous-

tic waves become measured by detecting the reflected intensity modulation of the

cw laser light with a photodiode. The raster scanning of the surface is comparable

to a 2D ultrasound array. 3D images are obtained by reconstructing the signal

map by a k-space backpropagation algorithm. The bandwidth, and therewith the

resolution, are dependent on the thickness of the Fabry Perot polymer film. With

a film thickness of 22 µm (-3 dB bandwidth of 39 MHz), a scan laser beam spot

of 64 µm, a scan step size of 20 µm, and a detection aperture of 40 mm, lateral

and vertical resolution of approximately 40 µm and 20 µm were achieved. The sys-

tem is capable of high resolution 3D imaging of small vessels close to the surface.

[70, 71, 46, 72]

In vivo studies showed the capability of the scanner to 3D image human tumors

grown subcutaneously in mice with high resolution [73].
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PA tomograph for quantitative imaging of rat brains

The group around Lihong Wang at the Washington University in St. Louis has

described several small animal imaging systems [74, 75, 76, 77] as well as a system

for biological tissue imaging with an intensity-modulated continuous-wave laser [78].

The system, that was chosen to be described in this section, is used for noninvasive

imaging of hemoglobin concentration and oxygenation in rat brain and is presented

in detail in [79].

Its light source is a tunable dye laser (ND6000, Continuum) pumped by a Nd:YAG

laser (Brilliant B, Bigsky) with a pulse duration of 6.5 ns and a repetition rate of

10 Hz. The rat head becomes illuminated on the top with an energy density of

< 3 mJ/cm2. The photoacoustic waves are detected by an unfocused ultrasound

transducer (XMS-310, Panametrics) with a central frequency of 10.4 MHz, which is

circulating around the head with a scanning radius of ∼ 3 cm and a scanning step

size of 1.5 deg. During the measurements, the imaged part of the rats head as well

as the transducer are positioned in a water tank for acoustic coupling purposes.

In the center of the scanning circle a lateral resolution of ∼ 60 µm is achievable.

With stable energy, the smallest detectable changes in hemoglobin concentration

and oxygenation are in the range of 0.4 %. [79]

3. Quantitative photoacoustic

Rosencwaig has already shown in 1973 [42] that photoacoustic imaging is able to

obtain more than a qualitative, spatial distribution of a certain absorber. Photoa-

coustic imaging is capable to reveal quantitative information about the absorbing

substance.

Three steps lead from the raw photoacoustic data to the local chromophore dis-

tribution. First step is the reconstruction of the signal map from the raw data

array. The conversion from the signal map into the absorption coefficient map is

the second step. Since the locally absorbed energy depends on the energy distri-

bution, an adequate model for the light propagation within the volume of interest

is crucial. Furthermore, the knowledge of the acoustic properties in the volume

of interest is helpful as they influence the pressure wave propagation. Although

in general, the complete volume is assumed to be acoustically homogeneous, this
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assumption only true to a certain degree and for certain tissue areas. The last step

is the quantification of the chromophore concentration, where the focus lies in the

discrimination between background noise and analyte signal. [80]

Image reconstruction

The image reconstruction of photoacoustic raw data sets is an extensively discussed

subject in literature. It is essential for the signal detection with 1D or 2D linear as

well as curve shaped sensor arrays. Since the quantitative information is extracted

from the reconstructed image and corresponds to a distinct region of absorption,

a proper reconstruction is crucial. Furthermore, the speed of reconstruction which

partly depends on the chosen reconstruction algorithm, plays a role for the ca-

pability for real-time reconstruction. The most commonly used and discussed re-

construction approaches are iterative algorithms [81], back-projection algorithms

including the Delay-and-Sum algorithm [82, 83, 62] and Fourier based algorithms

[84, 85, 86]. The basics of the most common approaches are presented by Xu and

Wang in [87]. The Delay-and-Sum, a circular back-projection, a Fourier-transform

based as well as a Hough-transform algorithm are discussed and compared to each

other later in chapter IV, section 2.

Conversion from signal to absorption coefficient

The main focus in photoacoustic tomography is put on the chromophore hemoglobin

regarding its concentration and oxidation state in whole blood. The absorption

spectra for oxy- and deoxyhemoglobin as well as the absorption spectra for melanin

(chromophore in the skin) at different concentrations are presented in figure II.3.

The absorption spectrum of hemoglobin depends on the oxygenation state.

The reconstructed data set shall visualize the distribution of the absorption coeffi-

cient. But in fact, it is a map of the locally absorbed light amount convoluted with

the pressure attenuation of the medium between the location of the light absorp-

tion and the detector, which can vary due to acoustic inhomogeneities [80]. Hence,

for the conversion from signal to absorption coefficient the signal map has to be

corrected firstly for the local light distribution and secondly for the acoustic inho-

mogeneity distribution. While the local light distribution may vary significantly

due to strong absorption and scattering in tissue, biological tissue is according to
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Figure II.3.: Absorption spectra of oxygenated and deoxygenated hemoglobin as well as of the

epidermis (melanine) (Data source: http://omlc.ogi.edu/spectra/index.html, down-

loaded 19.November 2007).

[88] ultrasonically non-dispersive, hence, ultrasound generation and further propa-

gation of the attenuating sound waves can be treated as linear.

For 1D photoacoustic signals (A-scans), a mathematical way to gain quantitative

information from the signal was described by Karabutov et al. [55], who charac-

terized the signal slope as proportional to the absorption coefficient. This way of

quantification was later also used by Esenaliev et al. [89] for monitoring blood

oxygenation in the brain by 1D photoacoustic signals. They found a correlation

between the oxygenation and the absolute photoacoustic signal amplitude as well

as the signal slope. In contrast to the amplitude, the slope of the normalized sig-

nal showed itself insensitive to optical and acoustic transmission of tissues between

the sensor and the blood. Brecht et al. [90] stated that the amplitude cannot be

used to monitor blood oxygenation in vivo with the necessary exactness without

corrections. But they found the integral of the normalized signal to be robust for

monitoring the blood oxygenation in large vessels in real time. Although these

approaches work for the 1D case, their application in 2D or 3D image evaluation is

not known. Maslov et al. [91] showed that it is possible to measure the hemoglobin

oxygen saturation using the peak amplitude of the photoacoustic image. They
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considered the peak amplitude as the only parameter that can be separated for

the analysis of micro-vascular imaging in vivo. According to Sivaramakrishan et

al. [88], a quantification based on this method is only feasible under the condition

that the central frequency of the transducer, which limits the spatial resolution,

has to be shorter than the penetration depth of light in the imaged structure. That

means, if the origin of the acoustic wave can be resolved, only the signals of the

relevant region are taken into account. Therewith, the signals of the surrounding

area cannot falsify the results. This condition was tested for small vessels close to

the surface. They showed that in a wavelength range of 570 - 600 nm with central

frequencies of the transducer above 25 MHz accuracy of ∼ 4 % can be achieved in

in vitro measurements.

Another approach is that of multiple wavelength measurements. Relative quantifi-

cation is less sensitive to inhomogeneous light distribution. The common task in

quantitative photoacoustic imaging, the determination of blood oxygenation, can

be performed by two-wavelength measurements. Usually one wavelength is chosen

at an isosbestic point of oxyhemoglobin and deoxyhemoglobin. Their ratio can then

be calculated from the known molar absorption coefficients at the two wavelengths.

Additionally, the total hemoglobin concentration can be obtained by this method.

The determination of blood oxygen saturation as well as of the hemoglobin con-

centration using the two-wavelength approach was demonstrated by Wang et al.

[79] imaging rat brains. Although this method is less sensitive to inhomogeneous

light distribution, they state that, for studying the metabolism in the brain, the

affecting optical parameters such as wavelength dependent absorption and scat-

tering of the skin, skull and surrounding tissue, have to be further investigated.

Zemp et al. [92] developed a mathematical model to improve the accuracy of the

quantitative analysis by operating at more than two wavelengths. They formed a

system of linear equations, that reflects the relation between the measured signals

at different wavelengths and the known molar extinction coefficients for the two

analytes at these wavelengths. Furthermore, they discussed the limitation of this

approach. The absorption coefficient shows no significant change for wavelengths

that are spectrally close. Besides, the reconstructed image does not necessarily

reflect the quantitative absorber distribution for three reasons. First: the imaging

system is sensitive to only a radial band of frequencies. Second, the reconstructed

image is in a sense a projection of photoacoustic signals into the imaging plane and

the extent and weighting of signals of different depths, meaning that they depend
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on the depth resolution of the imaging system. The third reason is, for strong

absorption, where all incident light is absorbed, the photoacoustic signal becomes

proportional to the incident laser energy, and thereby, independent on the molar

extinction spectra. Hence, this approach can only be performed when the depth

resolution is less than the optical attenuation. This matches with the conditions

concerning the spatial resolution of the imaging system which is dependent on its

frequency response postulated in [88].

Another promising approach was presented by the research group of P. Beard. They

developed a forward model for quantitative photoacoustic imaging, that reaches

from the light distribution over the signal generation to the acoustic wave propaga-

tion. The absorption distribution can be solved by the inversion of the model and

by iteratively adjusting the input data until the calculated and measured signal

map match. Cox et al. [93] investigated the iterative process and the associated

problems. They described that in addition to the optical absorption of the tissue

the local fluence has to be iteratively adapted to obtain an absorption map with rea-

sonable precision. Although light distribution is usually simulated by Monte Carlo

models [94], Cox et al. [93] chose a finite element model, since in their opinion,

the Monte Carlo method has two major disadvantages with respect to their appli-

cability in routine photoacoustic image evaluation. It is computationally intense

and second, the geometry of absorption and scattering inhomogeneities must be

encoded directly [95]. The diffusion approximation would be usable to model light

distribution accurately, but since it assumes a near-isotropic light source, it is not

able to simulate the highly anisotropic fluence close to the surface of the tissue [93].

To overcome this limitation, the δ-Eddington approximation can be applied, which

draws nearer to the predominant forward scattering of biological tissue [96], and

therefore, improves the accuracy close to the surface [93]. Based on this improved

light transport model, Cox et al. [95] theoretically describes the iterative adap-

tion of a calculated absorption map to the measured photoacoustic signal map.

They start with an initial value of zero for the absorption coefficient calculating

the local fluence. The new absorption coefficient estimate is then calculated from

the measured absorbed energy distribution and the calculated local fluence. With

the new absorption a new local fluence will be evaluated. The fluence as well as

the absorption are iteratively estimated in this way until the calculated absorbed

energy distribution is close to the measured one resulting in a final absorption

distribution map. The whole procedure is applied assuming that the scattering
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coefficient is known. The authors concluded that, although the absorption map

can be determined with a known scattering coefficient, the absorbed energy map

requires calibration to be used in the described recursive algorithm, which can be

achieved by calibrating the ultrasound sensor. On the other hand, they suggest to

overcome this problem by calibrating the whole system with phantoms of known

optical properties and compare the results with theoretical maps.

In a next step, Beard and his coworkers extended their model from single-wavelength

to multiple-wavelength application. Using optical coefficients with known wave-

length dependency they obtained accuracies of total hemoglobin concentration be-

low 10 % and of oxygen saturation below 7 %, measured on a phantom and compar-

ing the data to those measured with a CO oxymeter [97, 98]. Since the developed

model works for single-point multiwavelength measurements, the model has to be

modulated for 2D or even 3D application in photoacoustic imaging. They further

investigated a k-space propagation model to improve the accuracy and computa-

tional efficiency in 2D photoacoustic imaging as presented in [99].

All approaches mentioned in this section assume homogeneous acoustic properties,

which does not reflect the real behavior of tissue. Since photoacoustic signals do not

allow the reconstruction of acoustic inhomogeneities, other imaging modalities have

to be used for corrections. Such a combination of photoacoustic imaging together

with ultrasound imaging was demonstrated by Manohar et al. [100]. Even though

the optical properties vary strongly, the strength of the influence of the acoustic

properties in photoacoustic imaging has to be further investigated.

Quantification of the local chromophore concentration

The last step in quantification of the local chromophore concentration based on

the absorption coefficient map is barely discussed in literature. However, some

aspects of the evaluation have to be considered: How many and which pixels carry

the quantitative information; and, is it more precisely averaging the values for

the region of interest or taking the most intense pixel? Since there is no common

solution published in literature, an approach based on the assumption of a Gaussian

distributed background noise was used for the system presented in this work. Under

this assumption, the limit of detection was defined to be 3σ (three time the standard

deviation of the Gaussian distribution). A detailed description of this evaluation is

given in chapter IV, section 2.
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spectroscopy and tomography

In medical imaging a phantom is a simulation of a human or animal body part that

possesses the relevant physical properties.

Phantoms are widely used in medical imaging for testing or calibrating devices. In

optoacoustic imaging the phantoms have to possess both optical as well as acoustic

properties of the simulated tissue. In the last decades a large variation of tissue

simulating phantoms for optical, optoacoustical and ultrasound imaging have been

described. One group of materials described in literature consists of milk [101],

gelatine [102, 103, 104], a fat emulsion, intralipid [105, 106, 107, 108, 109], agar [110]

and agar-intralipid mixtures [111, 112]. In some intralipid phantoms, India ink was

used as absorber [111, 112], for others non-scattering dyes [113]. Unfortunately,

those materials are more or less liquid and cannot be used without other materials,

with different optical properties, to separate sections with differing absorbing and

scattering behavior within the phantom. Another aspect is that these materials

do not have a long durability. Some materials, that can be reproducibly shaped

into 3D solids and be kept stable over a few months, are polyacrylamide gel (PAA)

[114, 115, 116], polyvinyl alcohol gel (PVA)[117, 118, 29, 119], resin [120, 121, 122],

wax [123], and polyvinyl chloride-plastisol (PVCP) [124].
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1. Materials and methods

1.1. Phantom preparation

Agar

The preparation of agar into 3D solid shapes is straightforward and fast. There is

no risk for health during handling and preparation. It is stable for several weeks,

when it is stored under water at about 4 ◦C.

The agarose gel is produced of a 2 % solution of Danish agar powder (Carl Roth

GmbH & Co., Karlsruhe, Germany) in distilled water. The solution is heated on

a heating and magnetic stirrer (160 ◦C) under continuous stirring until it becomes

transparent and viscous. Subsequently, it is cast into the desired form, where it is

cooled down to room temperature and solidifies.

Silicone

Silicone can easily be shaped into arbitrary 3D solids. It is stable for months and

even years and insensitive to rough handling. It is non-toxic during preparation

and application.

For the preparation of base material silicone, a two-compound silicone was used

(Elastosil RT 601, Wacker-Chemie GmbH, Munich, Germany). Component A con-

tains the platinum catalyst and component B (hardener) the cross-linker to build

the silicone framework. Both components are mixed at a 9:1 (A:B) ratio of masses.

The curing time depends on temperature, the higher the temperature, the shorter

the curing time. Hence, to avoid fast curing, the silicone is filled into a pre-cooled

mold. Small air bubbles, which occur in the silicone polymer during preparation,

are eliminated by applying a reduced pressure to the silicone until it is free of visible

bubbles. This procedure takes about 1 h.

Polyvinyl alcohol gel

Polyvinyl alcohol gel (PVA) is time-consuming in preparation due to the necessary

granule dissolution and freezing cycles. It can easily be molded into solid forms.

Kept under water close to freezing point, it can be stored for several months.

Granulated PVA, with a 99.0 − 99.8 mol% degree of hydrolysis and an averaged

30



1. Materials and methods

molecular weight of MW = 145,000 (Fluka, Buchs SG, Switzerland), is used to

prepare an aqueous solution.

Non-scattering PVA phantom

The non-scattering phantoms are prepared according to ’method II’ of the pub-

lication by Kharine et al. [117] and [125]. 15 % PVA granulate are dissolved in

dimethylsulfoxide (DMSO, Carl Roth GmbH & Co., Karlsruhe, Germany) and dis-

tilled water at a 80 : 20 ratio by weight . The solution is continously stirred while

heating in an oil bath at a temperature of 140 ◦C for a duration of 2 h. Subse-

quently, the solution is filled into the mold. When cooled down for several hours at

room temperature, the PVA is put into the freezer at −18 ◦C for 24 h. By freezing

the PVA takes its solid form. The DMSO causes the crystallization of the PVA

imparting the phantom the clear appearance. After freezing and following thawing

the PVA is put into a bath of distilled water so that the DMSO can diffuse out of

the phantom. For this procedure, the water is changed frequently. The preparation

with DMSO has the advantage that the PVA phantom has a higher tensile strength

especially at the 80 : 20 mass ratio compared to a phantom prepared by PVA only

dissolved in water [125].

Scattering PVA phantom

According to ‘method I‘ of the publication by Kharine et al. [117], a 20 % solution

of PVA in distilled water is prepared. The solution is heated to 100 ◦C in an

oil bath under continuous stirring. Filled into the form and cooled down, it is

frozen at −18 ◦C for 12 h and afterwards thawed for 12 h. During freezing the

PVA polymerizes and becomes solid and turbid. Kharine [117] and Devi [118]

described that the turbidity and therewith the scattering coefficient increases with

the number of freezing-thawing cycles. This characteristics is used to simulate

scattering of tissue.

Polyacrylamide gel

Polyacrylamide (PAA) can be formed into arbitrary shapes, but it takes addi-

tional production steps to achieve a smooth and plain surface. During preparation,

precaution is required, as PAA is performed by polymerization of the monomer

acrylamide, which is known to be carcinogenic and neurotoxic. Polyacrylamide is
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suspected to depolymerize to acrylamide under environmental conditions, such as

heat and UV light (UV: ultraviolet) and it is discussed that PAA may contain a

small amount of the monomer acrylamide after production [126]. In general, great

care has to be taken during preparation and handling of PAA.

A 10 % PAA gel is prepared from a 40 % solution of acrylamide:bisacrylamide

(29 : 1, Rotiphorese Gel 40, Carl Roth GmbH & Co., Karlsruhe, Germany). For

10 ml of gel composition, 2.5 ml of the Rotiphorese Gel is mixed with 4.8 ml distilled

water and 2.5 ml of a 1.5 M Tris/HCl buffer solution (pH 8.8).

4 µl N, N, N’, N’-tetramethylethylendiamine (TEMED, 99 % p.A. for electrophore-

sis, Carl Roth GmbH & Co., Karlsruhe, Germany) and 100 µl 10 % ammonium

peroxodisulfate (APS, Carl Roth GmbH & Co., Karlsruhe, Germany) are added

to the mixture and stirred. The mixture is poured into a mold to cure at room

temperature for about 45 min.

1.2. Absorbers

Silicone dyes

The silicone dyes Elastosil Farbpaste RAL 9010 white, RAL 3000 dark red, and

RAL 2004 orange (Wacker-Chemie GmbH, Munich, Germany) are used to achieve

the desired optical properties for silicone. Before the color pastes are added the

silicone components A and B are mixed. For each dye, a concentration series is

made starting with a stock solution of 60 mg/g concentration. Based on a first

1:100 dilution, there are dilution steps of 8:10, 6:10, 4:10 and 2:10. The final

concentrations are shown in table III.1.

Table III.1.: Concentrations of color pastes and scatterer in silicone.

Concentrations (mg g−1)

0.6

0.48

0.36

0.24

0.12

32



2. Acoustic characterization

Dyes

The dyes given below are all soluble in distilled water and are used together with

agar and PVA phantoms.

• Indocyanine green (ICG), Product Number: 21980-100MG-F, Sigma-Aldrich,

Steinheim, Germany

• Pelikan Tusche A Drawing Ink 17 Black (Ink), Pelikan, Hannover, Germany

• Remazol Rot RB (RR, Remarol Red RB), DyStar Textilfarben GmbH & Co.,

Frankfurt, Germany

• Remazol Türkisblau G (RT, Remazol Turquois), DyStar Textilfarben GmbH

& Co., Frankfurt, Germany

2. Acoustic characterization

2.1. Acoustic property measurements

Acoustic velocity and attenuation coefficient

The acoustic properties of the different phantom base materials were determined

by using the insertion technique [127]. This technique is a relative measurement

method, which employs water as a reference to study the transmission of longitudi-

nal ultrasonic waves through solid media. The experimental geometry is represented

schematically in figure III.1. It mainly consists of an ultrasound source and a hy-

drophone as a detector. Figure III.2 depicts a typical signal of an ultrasound pulse

transmitted through water without the sample, i.e., a reference signal, exempla-

rily correlated to a signal transmitted through silicone. Both signals were recorded

using a 5-MHz transducer as signal source.

The unknown acoustic velocities in the samples are deduced from the temporal shift

(∆t) between the pulse transit time with and without samples. The sound velocity

(cs) can be calculated as

cs =

(
1

cw
− ∆t

∆x

)−1

, (III.1)

knowing the speed of sound in water (cw) and the thickness of the sample (∆x).
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Figure III.1.: Experimental setup for the speed of sound (cs) and acoustic attenuation (αs) mea-

surements.

Figure III.2.: Typical ultrasound pulse shape in water without sample and behind a 2-mm silicone

sample produced by a 5-MHz transducer

The attenuation coefficients (αs) are measured by using the same experimental

configuration and calculated according the following equation:

αs = αw −
1

∆x
[lnAs − lnAw − 2ln (1−R)] , (III.2)

where Ai is the amplitude of the received ultrasound pulse with the indices w

and s representing water and the sample, respectively. The sample thickness is

given by ∆x, while R is the acoustical reflection coefficient at the water/sample
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interface. For the transition of an acoustic wave from medium 1 to medium 2 with

the impedances zi=1,2, R follows the equation III.3:

R =
z2 − z1

z2 + z1

. (III.3)

The impedances zi=1,2 are those of water and the sample in the presented case. The

impedance is given by

z = ρscs, (III.4)

with ρs representing the density and cs representing the acoustic velocity. Accor-

dingly, R correlates with the acoustic velocity (c) and density (ρ) as well.

Table III.2.: Thickness of the silicone, agar, PVA, and PAA samples.

∆x1 ∆x2 ∆x3

(mm) (mm) (mm)

Silicone 2.0 4.0 6.0

Agar 2% 5.5 9.5 16.1

PVA 6.1 12.1 18.4

PAA 2.8 5.6 12.1

The acoustic properties were determined for the phantom materials silicone, agar

2% solution, PVA, and PAA. All materials were formed as rectangular blocks

(80 × 80 mm2) of three different thicknesses each. The dimensions are listed in

table III.2. The measurements were performed in a water tank at room temperatur

(25 ◦C). The detector was positioned at a distance of 74 mm to the source, while

the sample, between them, was placed 20 mm behind the source. Two transducers

(Subminiature Immersion probe H 5 M and H 10 M, GE Inspection Technolo-

gies, Ahrensburg, Germany) served as ultrasound sources with central frequencies

of 5 MHz and 10 MHz respectively and outer diameters of 5 mm. The detector
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was a PVDF needle hydrophone (MH28-5, FORCE Technology, Brondby, Den-

mark)(PVDF, polyvinylidenfluoride). A pulse generator (33250A, Agilent Tech-

nologies, Santa Clara, USA) was used for the excitation of the ultrasound pulses

(five cycles) by a pulsed voltage of ±5 V. The pressure waves detected by the

hydrophone were monitored with a digital storage oszilloscope (54641D, Agilent

Technologies). To store the recorded data, they were transferred to a personal

computer via the GPIB interface.

The results for each material were obtained by averaging 20 measurements per

sample and by calculating the mean of the results of the three thicknesses with

respect to a thickness of 1 cm. Errors were calculated based on the error propagation

of the errors from the 20 averaged measurements, the three averaged thicknesses

and that of the thickness measurements itself.

Density and impedance

The density values of the phantom materials were measured by the mass of three

cubes with defined volumes for each material. According to equation III.4, the

acoustic impedances can be calculated knowing the densities and the acoustic ve-

locities of the phantom materials.

2.2. Results of the acoustic characterization

The acoustic attenuations were achieved using equation III.2 and 8.686 as the con-

version factor from cm−1 to dB cm−1 [124]. To determine the absolute value for

each sample, the attenuation coefficient of water, αw = 2.5 × 10−4f 2 [128, 129]

was used, where the attenuation coefficient is given in cm−1 and the frequency f

in MHz. For water, the acoustic attenuation coefficient increases proportionally to

the squared frequency. The measured data for the different samples are presented

in figure III.3 a) - d). In the frequency range from 4 to 14 MHz, the frequency-

dependent attenuation coefficients are α = 6.06f 0.49 dB cm−1 MHz−1 for silicone,

α = 0.15f 1.15 dB cm−1 MHz−1 for PAA and α = 0.16f 0.65 dB cm−1 MHz−1 for

agar. Over the frequency range, no reasonable fitting according to the frequency

power law was possible for PVA. The resulting errors were mainly caused by the

fluctuations of the results of the measurements at three different thicknesses that

were normalized to unit length.
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2. Acoustic characterization

a) Silicone b) Agar 2%

c) PAA d) PVA

Figure III.3.: Acoustic attenuation coefficients as a function of frequency in a range from 4 MHz

to 14 MHz of a) silicone, b) agar 2%, c) PAA and d) PVA.

The acoustic velocities were calculated according to equation III.1, assuming a

speed of sound in water of 1482.3 m s−1 [130]. Knowing the acoustic velocity and

the measured density, the impedance was calculated. Sound velocities and acoustic

impedances show, within experimental uncertainties, a vastly linear and constant

frequency dependence. In table III.3, the acoustic velocities, the impedances and

densities as well as some results of the acoustic attenuation experiments are sum-

marized and compared to literature data of phantom materials and human tissue.

Only those results, measured in the frequency ranges similar to the cited literature

data were selected.

Agar possesses acoustic velocity, impedance, and density similar to human tissue.

The acoustic attenuation coefficient at the measured frequency is lower than that

of breast tissue and skin. The results for the acoustic velocity are confirmed by

the results of Browne et al. [131]. The acoustic velocity and impedance of silicone

are lower than those of human tissue, but it has a density similar to human tissue.
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Its acoustical attenuation lies between the values of breast tissue and that of skin

within the frequency range investigated. The acoustic velocity, impedance, and

density found for PVA are comparable to those of human tissue and similar to

those found in literature [117]. Only the acoustic attenuation determined in the

experiments is lower than that of breast tissue. Our measured acoustical properties

and a density value for PAA are similar to those of human breast tissue and skin.

However, the acoustic attenuation of PAA is too low to simulate these types of

human tissues. These findings are in good agreement with the results of Prokop et

al [132].

Table III.3.: Sound velocities, densities, impedances, and acoustic attenuation coefficients of sili-

cone, agar, PVA, PAA in comparison to the values of human tissues and literature

values.

Acoustic

attenuation

Velocity, cS Density, ρ Impedance, z coefficient, α Frequency

Material (103 m s−1) (103 kg m−3) (106 kg m−2 s−1) (dB cm−1) (MHz) References

Human

breast tissue 1.43− 1.57 0.99− 1.06 1.42− 1.66b 9.5− 12.6 7 [130]

Human skin 1.54a 1.11− 1.19 1.71− 1.83b 9.2± 2.2 5 [130]

Silicone 1.03± 0.06c 1.07± 0.03 1.10± 0.05c 14.0± 1.4 5 experiment

- - - 14.7± 1.6 7

PVA 1.57± 0.02c 1.10± 0.05 1.74± 0.08c 2.9± 0.1 5 experiment

- - - 3.2± 0.1 7

1.58± 0.03 1.07± 0.05 1.71± 0.06 2.1 5 [117]

PAA (10%) 1.58± 0.05c 1.09± 0.09 1.73± 0.08c 0.7± 0.1 5 experiment

- - - 0.7± 0.1 7

- 1.02± 0.01 - 0.4± 0.1 5 [132]

Agar (2%) 1.50± 0.03c 1.04± 0.11 1.57± 0.08c 0.4± 0.1 5 experiment

- - - 0.5± 0.1 7

1.54 - - - - [131]

a Fetal, 7 mo.
b Calculated from columns 1 and 2.
c Measured at 7 MHz.
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3. Optical characterization

The optical properties relevant for this work are the scattering coefficient µs and

absorption coefficient µa. These properties are not direct accessible, but there are

different ways for determination.

3.1. Spectroscopical measurements

Integrating sphere measurements

One method to obtain optical properties, described in literature, is a non-iterative

indirect method based on a combination of diffuse transmission (Td) and reflection

(Rd) measurements and the Kubelka-Munk coefficients (SKM and AKM) [133]. The

correlation is given in mathematical form by the following equations:

SKM =
1

yt
ln

[
1−Rd (x− y)

Td

]
(III.5)

AKM = (x− 1)SKM (III.6)

x =
1 +R2

d − T 2
d

2Rd

; y = +
√
x2 − 1 . (III.7)

The dependence of the Kubelka-Munk coefficients on the absorption coefficient and

the reduced scattering coefficient µ
′
s is given by [134] as

AKM = 2µa (III.8)

SKM =
1

4

{
3µ
′

s − µa
}

. (III.9)
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The scattering and reduced scattering coefficient are related over the anisotropy

factor g by

µ
′

s = µs (1− g) . (III.10)

Combining the equations III.5 to III.9, the final absorption and reduced scattering

coefficients can be calculated by the following equations

µa =
1

2
(x− 1)SKM (III.11)

µ
′

s =
1

6
(7 + x)SKM . (III.12)

The scattering coefficient cannot be determined directly by these measurements. A

correlation between the scattering coefficient and the collimated transmission Tc is

given by Beer’s law

µt = µa + µs = − lnTc
t

, (III.13)

where µt is the attenuation coefficient. With knowledge of µa and Tc , µs can be

calculated. In case that only diffuse Td and total Tt transmission are measurable,

Tc can be derived by

Tc = Tt − Td . (III.14)

In addition, knowing µ
′
s and µs, the anisotropy factor can be calculated according

to equation III.10.

This method was used only for the characterization of the silicone dyes. To measure

the absorption and scattering coefficients, the diffuse reflectance and transmittance

and the total transmittance of the samples were measured using an integrating
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a) b)

Figure III.4.: a) Diffuse reflection measurement; b) reference measurement for diffuse reflection.

sphere. The samples were illuminated by collimated light. The 2 mm thick slides

were placed behind the sphere for the reflection measurement (see figure III.4a))

a) b)

c)

Figure III.5.: a) Total transmission measurement; b) diffuse transmission measurement; c) refer-

ence measurement for transmission measurements.
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and in front of the sphere for the transmission measurements (see figure III.5a)

and b)). In these measurements, only the light intensity I is measurable. Hence,

reference measurements were taken to obtain I0 and therewith the reflectance or

transmittance by placing the samples beside the sphere as shown in figures III.4b)

and III.5c). In both, the measurement and the corresponding reference measure-

ment, an even amount of openings and similar surface conditions in the interior of

the sphere were chosen to generate comparable conditions. Due to the experimental

setup one reference measurement is required for the reflectance measurement and

only one for both transmission measurements. A reference measurement was taken

for every sample. The detector was placed to face one of the interior surfaces of

the sphere to keep the detection conditions stable.

A white light lamp (KARL STORZ GmbH & Co. KG , Tuttlingen, Germany)

served as light source for the collimated illumination. For the detection of the

diffuse light in the sphere a fiber optic spectrometer was used (S2000, Ocean Op-

tics Inc., Dunedin, Florida, USA). An average over 30 spectra was taken for each

measurement.

UV-Vis spectrometer measurements

Another way to determine optical properties is the UV-Vis spectroscopy. With the

spectrometer (Beckman DU 600) the extinction was measured, which is given as

[135]

E = log
I

I0

= ε · c · d (III.15)

where ε is the decadal molar extinction coefficient, c the concentration and d the

sample thickness. The extinction coefficient µt can be obtained by multiplying ε

with 2.202. According to equation III.13, µt is the sum of absorption and scattering

coefficient. Hence, the absorption and scattering coefficients can only be separated

if the sample is purely scattering or absorbing.
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Photoacoustic measurements

One method to directly access the absorption coefficient is photoacoustic spec-

troscopy.

A scheme of the experimental setup is depicted in figure III.6. The photoacoustic

sensor has been described in detail in [136]. The sample is put on top of a prism. A

fiber is connected at the side of the prism with a convex lens in front to collimate the

laser light. The collimated laser beam is guided to the upper surface of the prism to

illuminate the probe. The induced ultrasound waves are detected piezo electrically

in backward mode at the reverse side of the prism. The piezo foil converts the

pressure wave into a voltage signal which becomes amplified by a voltage amplifier

and is led via BNC to an oscilloscope and a computer for recording.

Figure III.6.: Schematic of the photoacoustic measurements on top of a prism.

To determine an unknown absorption coefficient, the photoacoustic signals of a

concentration series of a sample with known absorption coefficients have to be mea-

sured. Since the photoacoustic signal depends on the energy of the laser beam, the

energy has to be monitored and the signal amplitudes have to be divided through

their corresponding energy. With the results of concentration series, a calibration

curve can be determined by plotting the energy-corrected photoacoustic signals

against the known absorption coefficients. The absorption coefficient of the un-

known sample is now obtained by using the calibration curve and the measured

and energy corrected photoacoustic signal of this sample.
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3.2. Results of the optical characterization

To test the capability of the OPUS system for quantitative analytical measurements,

phantoms with well defined absorption characteristics are required. In the following

section, the results of the optical characterization of the dyes used for Phantoms

are presented.

Indocyanine Green

Indocyanine green (ICG) is a fluorescence dye. Hence, the absorbed energy trans-

forms only partially into a pressure wave, while the rest of the energy leads to

photon emission in form of fluorescence light. The fluorescence absorption and

emission spectra of a 1-mg-L−1 solution of ICG, taken by the luminescence spec-

trometer LS50 (Perkin Elmer, Beaconsfield, Buckinghamshire, GB), are shown in

figure III.7.

Figure III.7.: Fluorscence absorption and emission spectra of a 1-mg-L−1 ICG solution.

To characterize ICG by UV-Vis spectroscopy, a stock solution with a concentration

of 100 mg L−1 was prepared. Based on this stock solution, a concentration series

with concentrations between 0.1 mg L−1 and 10 mg L−1 was prepared and measured

contemporary. The UV-Vis spectra are depicted in figure III.8 a). The spectra show

two maxima, one at 715 nm and another at 780 nm. The calibration curve at 780

nm is given in figure III.8 b).
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a) b)

Figure III.8.: a) UV-Vis spectra of a freshly produced ICG solution at different concentrations

between 0.1 mg L−1 and 10 mg L−1; b) calibration curve at 780 nm.

The stock solution was stored in the dark for seven days. After this period, a

new concentration series with concentrations between 8 mg L−1 and 50 mg L−1

was prepared and measured. The spectra for this series and the corresponding

calibration curve evaluated at 780 nm are shown in figure III.9 a) and b). A lower

slope can be observed, although the stock solution was stored in the dark.

a) b)

Figure III.9.: a) UV-Vis spectra of a seven days old ICG solution at different concentrations

between 8 mg L−1 and 50 mg L−1; b) calibration curve at 780 nm.
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Figure III.10.: UV-Vis spectra of two ICG solutions (10 mg L−1). One prepared from a new stock

solution, the other prepared seven days later from the same stock solution.

The 10-mg-L−1 solutions of the two concentration series are contrasted with each

other in figure III.10. A 7,6%-reduction in the absorption coefficient at 715 nm

and a reduction of 47.2% at 780 nm are observable for the solution prepared from

the seven days old stock solution. The changes in the absorption coefficient is the

result of aging processes.

Black Ink

The black ink was characterized by UV-Vis measurements. For this purpose, a

concentration series was prepared with concentrations between 0.05 ml L−1 and

0.25 ml L−1 with 0.05-step width. Since ink is a colloidal suspension and the

colloids cause scattering, only the extinction coefficient can be determined by UV-

Vis spectroscopy. The spectra are illustrated in figure III.11. The ink absorbs over

the whole measuring range from 400 nm to 900 nm.

Plotting the extinction coefficient against the concentration at 760 nm results in a

calibration curve that can be seen in figure III.12.
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Figure III.11.: UV-Vis spectra of black ink solutions at different concentrations.

One undesired side effect of the colloidal consistence of the ink is the sedimentation

of the colloids on the bottom of the container. Hence, prior to the measurement,

the solution has to be shaken well or treated by ultrasonification.

Figure III.12.: Calibration curve of black ink at 760 nm.
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Remazol Turquois

A spectrum of a 10-mg-L−1 Remazol Turquois solution, taken by UV-Vis spectro-

meter, is shown in figure III.13. The dye has two maxima, a larger one at 667 nm

and a smaller one at 628 nm.

Figure III.13.: UV-Vis spectrum of a 10-mg-L−1 Remazol Turquois solution.

Remazol Red

The UV-Vis spectrum of a 7.5-mg-L−1 solution of Remazol Red is shown in fig-

ure III.14. Remazol Red has an absorption maximum at 521 nm. It is, as ICG

and Remazol Turquois, a non colloidal dye, thus, the plotted values are the real

absorption coefficient.

Since the real absorption coefficients of Remazol Red can be determined by UV-

Vis spectroscopy and its absorption maximum lies near the working wavelength

of the frequency doubled Nd:YAG laser (532 nm) of the photoacoustic setup (see

section 3.1), Remazol Red is used as a reference dye for the PA measurements. A

typical photoacoustic signal of Remazol Red is depicted in figure III.15. The signal

was taken for a 1-mg-L−1 solution with a laser energy of 0.68 mJ. The photoacoustic

signal at position 1 (0 µs) is caused by radiation which becomes reflected at the
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Figure III.14.: UV-Vis spectrum of a 7.5-mg-L−1 Remazol Red solution.

sensor surface and partially illuminates the lower electrode layer of the detector.

Peak 2 is the photoacoustic signal of the Remazol Red solution on top of the prism.

To use Remazol Red as reference for further photoacoustic measurements, a calibra-

tion curve was taken for the UV-Vis measurements as well as for the photoacoustic

Figure III.15.: Photoacoustic signal of a 1-mg-L−1 solution of Remazol Red (Laser energy

0.677 mJ).
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a) b)

c)

Figure III.16.: Calibration curves for Remazol Red at 532 nm measured with a) UV-Vis and

b) photoacoustic spectroscopy. c) Photoacoustic versus UV-Vis measurements of

Remazol Red at 532 nm.

measurements. Due to laser energy fluctuations, the photoacoustic signal must be

normalized to the energy. The calibration measurements were performed for con-

centrations between 0.1 g L−1 and 1 g L−1. The resulting calibration curves are

illustrated in figure III.16 a) and b). In figure III.16 c) the photoacoustic signals

measured in V mJ−1 are plotted against corresponding absorption coefficients which

leads to a linear correlation given by the equation as shown in the graphic. This

equation is the basis to calculate the absorption coefficients of partially scattering

samples by measuring their PA signal and the corresponding energy.
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Silicone Dyes

Results of the integrating sphere measurements

The silicone dyes white (RAL 9010), red (RAL 3000), and orange (RAL 2004) were

first characterized via the integrating sphere measurements. To obtain the absolute

values for absorption and scattering of the dyes and scatter paste, a blank value

had to be measured. Figure III.17a) shows a typical result for total transmission

and reflection for clear silicone. As expected, there is only low reflection of about

3 - 4 % and high transmission in a range from 90 % to 95 % over the measured

wavelength range. This means that the 2 mm thick silicone alone absorbs 1 - 7 %

of the incoming light.

Typical transmission and reflection spectra of the white and red silicone dye (each

at a concentration of 0.48 mg g−1), with that of clear silicone already subtracted,

are presented for a selected concentration in figures III.17b) and c). The white

sample has a higher reflectivity than silicone, which means, that the sample has

a strong scattering behavior. The reflection and transmission are nearly constant

over the measured wavelength range. The sum of the reflection and transmission

results in a constant absorption over the whole wavelength range of 8 %. The

spectra of the red dye show a transmission minimum between 480 nm and 575 nm,

while the reflection is constant and low. This wavelength range can be identified as

the range of highest absorption. For larger wavelengths, the transmission as well as

the reflection is increasing leading to the suggestion, that the red dye is additionaly

scattering.

In figure III.18, the absorption and scattering coefficient for the red dye at a con-

centration of 0.48 mg g−1 are compared with each other. As discussed before, the

dye shows an obvious scattering behavior with a maximum at around 610 nm,

where the absorption is minimal. The scattering is caused by pigments within the

dye appearing as small particles with a few hundred nanometers and aggregates of

these particles in the size of some tenth of micrometers. These particles and aggre-

gates could be observed with an inverse fluorescence microscope (Olympus IX 70).

The absorption has maxima at 500 nm and 550 nm. Comparing the absorption

coefficient over the wavelength range for different concentrations (see figure III.19),

it can be seen, that at lower concentrations, there is no distinction possible be-

tween the two maxima. Furthermore, the absorption decreases stronger for larger

wavelengths at higher dye concentration.
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Figure III.17.: Transmission and reflection spectra of clear silicone (top), white (0.48 mg/g) (mid-

dle), and red 1(0.48 mg/g) (bottom).
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Figure III.18.: Absorption and scattering coefficient versus wavelength for the red dye (0.48 mg/g).

Figure III.19.: Wavelength dependent absorption coefficient for the red dye at three different con-

centrations.

The scattering and absorption coefficients for two concentration series of the red dye

(red 1 and red 2) were plotted against the concentrations for the two wavelengths

550 nm and 620 nm. Both series were prepared at once, but stored differently. The

series red 2 was illuminated for one week by sun light. The results are illustrated

in figure III.20. At 550 nm, which is the absorption maximum, the absorption

coefficient varies only slightly with concentration, while the scattering coefficient is
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a) b)

Figure III.20.: Absorption and scattering coefficient versus concentration for red 1 and red 2 at

a) 550 nm and b) 620 nm.

rising with increasing concentration. The same trend for the scattering coefficient

can be observed at 620 nm. The absorption coefficient at 620 nm is decreasing with

increasing concentration. Both charges give similar results within the error range,

which means, that the illumination by daylight has no obvious effect on the optical

parameters for short time periods.

In the orange dye, particles and aggregates could be observed with the microscope

as well. Figure III.21 shows the wavelength dependent absorption and scattering

Figure III.21.: Wavelength dependent absorption and scattering coefficient for the orange dye

(0.48 mg/g).

54



3. Optical characterization

Figure III.22.: Absorption and scattering coefficient versus concentration for the orange dye at

520 nm.

coefficient for a concentration of 0.48 mg g−1. The absorption is highest in a range

from 480 nm to 530 nm. The maximum of the scattering coefficient is at 650 nm.

The behavior of the absorption and scattering coefficient in dependence on the dye

concentration for a fixed wavelength is similar to that of the red dye. It is illustrated

in figure III.22 for 520 nm.

Figure III.23.: Wavelength dependent absorption and scattering coefficient for the white dye

(0.48 mg/g).
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III. Phantoms for photoacoustic spectroscopy and tomography

Figure III.24.: Absorption and scattering coefficient versus concentration for the white dye at

550 nm.

The white dye, consisting mainly of TiO2, has a different behavior than the red

and orange dye. The absorption coefficient is nearly constant over the measured

wavelength range, while the scattering coefficient is increasing for higher wave-

lengths. The diagram for one exemplary concentration of 0.48 mg g−1 is presented in

figure III.23. Looking at the concentration dependency of the coefficients at a

wavelength of 550 nm (see figure III.24), the absorption coefficient shows a similar

behavior as the red and orange dye. Mimicking the scattering coefficient of human

breast tissue which is µs = 395 cm−1 at 635 nm (see [133] with references therein)

the absorption coefficient would become negligibly small for the corresponding con-

centration.

Results of the UV-Vis measurements

In addition to the integrating sphere measurements, the concentration series red 1

was also examined by UV-Vis spectroscopy to measure the attenuation coefficient.

The spectra for the single concentrations are shown in figure III.25. These spec-

tra support the results of the integrating sphere measurements. The absorption

maxima are observable within the same wavelength range. A scattering behavior

can also be observed by this method. If the dye only or mainly absorbs, the spec-

tra would show an increase only in the absorption peak and not over the whole
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3. Optical characterization

Figure III.25.: UV-Vis spectrum for the concentration series red 1.

measured wavelength range, which is the case with this dye. The absorption and

scattering coefficient cannot be separated from these measurements. Hence, no

statement can be made over the exact absorbing and scattering behavior of the

dye, nor can it be proved, whether the absorption coefficient is really decreasing

with increasing concentration or not.

Results of the photoacoustic measurements

Since it is unlikely, that the absorption coefficient is descending with increasing dye

concentration, the way of determining the coefficient from the integrating sphere

measurements has to be verified with respect to the suitability. Therefore, the

absorption coefficient for the red dye was studied by photoacoustic measurements.

The complete concentration series red 1 was tested at 532 nm. The coefficients

has been calculated based on the reference measurements from Remazol Red. The

resulting graph is illustrated in figure III.26. With these measurements it has been

shown that the absorption coefficient as expected is increasing with increasing dye

concentration. Accordingly, the integrating sphere measurement with the presented

method determining the absorption coefficient is inappropriate.
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III. Phantoms for photoacoustic spectroscopy and tomography

Figure III.26.: Photoacoustic measurement for red 1 at certain concentrations.

4. Discussion

The acoustic characterization shows that all investigated materials are suitable for

tissue-mimicking phantoms under different conditions. The choice of the material

depends mostly on the part of the human body to be simulated, on the frequency

range of the ultrasound scanner and on the practical handling considerations. The

part of the human body of interest in the present work is the breast.

PVA fits very well to simulate breast tissue regarding the acoustic properties espe-

cially up to 10 MHz. In particular, the sound velocity matches best. The scattering

coefficient can be easily adjusted by a specific preparation method with a defined

number of freezing-thawing cycles. PVA can be used with the water soluble dyes

presented in the work. It has the disadvantage, that the preparation procedure is

rather time-consuming. Furthermore, if the dyes are used without separating them

from PVA by a barrier material, they diffuse into the PVA.

The acoustic properties of agar are satisfactory, but not stable over days and weeks,

therefore, it is not suitable for repeated applications. But Agar is quick and easily

fabricated, thus, there is no necessity for long-term stability. Agar also works with

water soluble dyes, but with the same disadvantage as for PVA.

Although PAA is well suited with respect to its acoustic properties, it seems to be
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less appropriate for phantom preparation, due to its potential toxicity, especially

during preparation.

The main advantages of silicone are its long-term stability and robustness. Hence,

it is a suitable material for stable phantoms, particularly for training, although its

acoustical properties do not fit perfectly. Furthermore, the dyes do not diffuse into

the material.

Compared to the phantom materials, the dyes are suitable to mimic the optical

properties of tissue depending on the used laser wavelength of the equipment and

their texture.

ICG is a water soluble fluorescence dye, that is able to mimic the absorption of

blood within the wavelength working range of the OPUS system, since it possesses

an absorption maximum in this range. Due to aging processes, it is necessary to

produce fresh solutions before every experiment to gain reproducibility. Another

problem lies in its fluorescence character. To correlate the photoacoustic signal

with the corresponding part of the absorbed energy, it is necessary to know, which

quantity of the absorbed energy is transformed into a photoacoustic pressure wave

and how much is led into the disexcitation by fluorescence. Nevertheless, it is

suitable for system tests.

Black ink is water dilutable and has the advantage of being absorbing over the whole

tested wavelength range. However, it is a colloidal suspension, thus absorption and

scattering coefficients cannot easily be determined, nor adjusted independently.

Furthermore, it was observed, that the colloids sediment at surfaces which may

falsify results. On the whole, it can be used for test purposes.

The remazol dyes are well suitable to adjust specific absorption coefficients. They

are non-colloidal, water soluble, and available for several wavelength ranges. While

the absorption spectrum of Remazol Turquois overlaps only by a small part with

the wavelength range of the OPUS system, the red dye fits perfectly for the mea-

surements with the wavelength 532 nm of a frequency doubled Nd:YAG laser. Using

tunable OPO-laser systems, these dyes may also serve as reference dye to measure

absorption coefficients by photoacoustic over broader wavelength ranges.

At last, the silicone dyes proved not to be useful for mimicking human tissue with

the probable exception of the white dye. Since for the white dye the absorption is

neglectable, it may be usable to adjust the scattering coefficient. But as the results

of the integrating sphere measurements show, the determination of the scattering
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coefficient has to be verified by another method. The red as well as the orange

dye have their maximum close to the emission wavelength of the frequency doubled

Nd:YAG laser (532 nm). Their disadvantage is their scattering behavior mak-

ing it impossible to adjust the absorption and scattering coefficient independently.

The photoacoustic measurements of the red dye demonstrate, that it is possible to

determine the absorption coefficient separately. Furthermore, these measurements

confirm the originally expected behavior of the absorption concentration correlation

and therefore, indicate that the applied method especially the calculation proce-

dure depicted in the section about integrating sphere measurements is not suitable

to achieve absorption and scattering coefficients.

5. Conclusion

Summarized, the acoustical properties are adjustable [101] and the characterization

of the materials shows that the optical properties of all materials can be adjusted

to the desired parameters.

The final choice of the material and the absorber depends on the tissue to be

mimicked and the wavelength of the laser. Since phantoms are used to simulate

blood in human tissue or human breast tissue and to test the performance of the

OPUS system, all materials except PAA are considered useful. PVA is the first

choice to mimic the tissue, as it is easily producible with its scattering behavior

and has appropriate acoustic properties. Therefor, all of them can be applied in

the performance tests. The choice of dyes usable for the OPUS system is limited

to ICG, black ink and to some extent to Remazol Turqois, due to its wavelength

range from 690 nm to 870 nm. Although all these dyes have disadvantages, they

can be employed for first quantitative measurements and performance tests. For

further tests, other dyes should be characterized to verify if they are able to mimic

the needed absorption in this wavelength range. Graphite or metal rods can be

utilized as absorbers for simple non-quantitative performance tests.

Altogether, suitable phantom materials and absorbers, applicable with the OPUS

system, have been identified.
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1. System overview and performance

The OPUS system is schematically depicted in figure IV.1. The main parts are an

OPO-laser combination serving as light source and a commercial ultrasound system

as detection unit. These components are synchronized by a trigger interface and

coupled through an optoacoustic unit. The parts of the system and the different

laser generations are described in more detail in the next paragraphs.

Figure IV.1.: Schematic of the OPUS setup.
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1.1. Detection system and triggering

The commercial ultrasound scanner Logiq 9 with the transducer M12L, both GE

- Global Research (Garching b. München, Germany) served as detection unit.

The ultrasound scanner works at an imaging frame rate of 83 Hz. The ultrasound

transducer with a center frequency of 8.8 MHz contains 192 channels performing 1D

depth scans, the so-called A-scan. Since the channel readout is serial, the A-scan

rate is 16 kHz. Each laser shot gives one photoacoustic A-scan (PA-line) record.

Ultrasound scanner and laser are synchronized by a trigger interface. For practical

reasons the ultrasound scanner serves as master trigger. With a laser repetition

rate of 100 Hz and an ultrasound image frame rate of 83 Hz, one up to two PA-lines

are produced during the record of one ultrasound image. The triggering scheme

is shown in figure IV.2. Since the channels are alternating between ultrasound

and photoacoustic signals (lines), it takes 88 lines for each method to build one

image. This results in a photoacoustic image frame rate of approximately 1.1 Hz.

Hence, using this recording scheme, it is possible to overlay the ultrasound and

photoacoustic images online at the screen which enables the usage of the information

of both methods at the same time. An overlay image of a photoacoustic image and

an ultrasound image is presented in figure IV.3.

Figure IV.2.: Schematic of the triggering.
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1. System overview and performance

Figure IV.3.: Overlay photoacoustic and ultrasound image.

1.2. Light source

The optical excitation is forced by a pulsed frequency doubled Nd:YAG(@532 nm)

laser pumping an OPO. The laser source operates with a repetition rate of 100 Hz

and a pulse duration of approximately 10 ns. Three different Nd:YAG laser types

(generations) have been developed by InnoLas (Krailling, Germany) to pump the

OPO and are described below.

Laser generation I: flash lamp pumped

The first laser used is a frequency doubled SpitLight 600, which is flash lamp

pumped. The special feature of this laser is the smallest water-water cooled power

supply for a 100 Hz system world wide.

Laser generation II: diode pumped, flash lamp amplified

The second generation is a frequency doubled SpitLight Hybrid. The specialty of

this hybrid laser is the combination of a diode pumped oscillator and a flash lamp

pumped amplifier. In contrast to the broadband emission of a flash lamp, the diode

emits in a small band which can be chosen near the excitation wavelength of the

Nd:YAG (808 nm). With the small band emission, the pump efficiency is improved
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and negative thermal side effects are strongly reduced.

Laser generation III: diode pumped, diode amplified

A frequency doubled SpitLight DPSS is the third laser generation. It is as well

diode pumped as diode amplified. The diode pumped amplifier is less efficient than

a flash lamp pumped, but the negative thermal side effects are stronger reduced.

The energy is still sufficient to pump the OPO, and thereafter, sufficient for the

application.

a) b)

c)

Figure IV.4.: Typical histograms of the pulse energies for a sequence of pulses equal to the number

of pulses used to build one photoacoustic image for a) SpitLight 600, b) SpitLight

Hybrid and c) SpitLight DPSS.
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To enable wavelength dependent measurements, each laser was pumping a near-

infrared OPO (Optical Parametrical Oscillator). The SpitLight 600 was pumping

a OPO-S 532 (GWU, Erftstadt, Germany), while the SpitLight Hybrid and the

SpitLight DPSS were both combined with a versaScan-L 532 (GWU, Erftstadt,

Germany). Signal wavelengths in a range from 690 nm to 870 nm are used for the

experiments.

Quantitative evaluations are performed from photoacoustic images. Since 88 laser

shots are needed to build one photoacoustic image (frame) and the photoacoustic

signal of each A-scan depends on the laser energy strong pulse-to-pulse fluctuations

in this 88 shots would bastardize the resulting amplitude in the photoacoustic

image. Moreover, images taken at different wavelengths cannot be quantitatively

compared. Thus further development of the lasers is required.

Typical pulse energy statistics of the three laser generations are shown in figure IV.4

a)-c). For this purpose the energies of 88 pulses were recorded and evaluated. The

SpitLight 600 has the broadest distribution, while the SpitLight DPSS has the

smallest. This reflects the behavior, which was expected due to the improved

pump efficiency with the diode.

Figure IV.5.: Comparison of the 3σ statistics of SpitLight 600, SpitLight Hybrid and SpitLight

DPSS for different number of frames.

Figure IV.5 compares the 3σ statistics of the three lasers. For statistical purposes,

the data of five frames (photoacoustic images) are taken for calculations. The 3σ

statistics are calculated for same number of frames. In this comparison, the Spit-
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Light 600 has pulse-to-pulse fluctuations between 82% and 95%, while the SpitLight

Hybrid obtained fluctuations of approximately 3σ = 32% and the SpitLight DPSS

of approximately 12%, respectively.

1.3. Optoacoustic unit

The basic idea of this setup is the usage of photoacoustic imaging as an add-on

to conventional ultrasound to improve the acceptance of this method for medi-

cal applications. Hence, the optical excitation unit was not integrated into the

ultrasound transducer, but that can be fixed to the transducer as a clip (see

figure IV.6). The laser light is led fiber optically to a fiber connector at the clip.

This fiber connector is movable over a curved bar to set different angles of inci-

dence. The angles can be chosen between 20◦, which is a nearly perpendicular

incidence to the tissue surface, and 80◦, which is flat incidence angle. The center

of rotation is chosen to be the point of incidence. To form the laser beam to a long

narrow beam along the side of the transducer, a cylinder lens is fixed in front of the

connector. Since most parts along the side of the transducer shall be illuminated,

a split fiber (y-fiber) coupled into two identical side-by-side connectors was used

for some of the experiments. Both configurations, with the single fiber and with

the y-fiber, are illustrated in figure IV.7. The beam illuminates a surface area of

12 mm × 3 mm for the single fiber and of 24 mm × 3 mm for the y-fiber. The legal

limit (MZB) for laser radiation onto skin according to standard DIN EN 60825-1

Figure IV.6.: Schematic side view of the optical unit coupled to the ultrasound transducer showing

the changeable incident angles for the laser beam.

66



1. System overview and performance

at 760 nm is 26.36 mJ cm−1. For repetitive pulses, the limitation of the single

pulse energy has to be corrected depending on the number of pulses applied. The

strictest limitation is that of the continuous wave (cw) laser. For a 100-Hz repetition

rate, the limit of the cw laser has to be applied. This limits the average power to

263.6 mW cm−1. Resulting in a maximum pulse energy of 1.9 mJ for the illumina-

tion of the used area. The maximum energy that can be reached at the distal end

of the fiber amounts to around 3 mJ depending on the laser output, but it can be

down-regulated. For some of the experiments also higher energies have been used

to test the system.

Figure IV.7.: Schematic of the coupling of the fiber optics to the ultrasound transducer with a

single- and a y-fiber.

It is expected that the photoacoustic signal shows a dependency on the incidence an-

gle of light in non-scattering media, given that the light is directed straight forward,

and that the dependency is different at different depths. This fact was proven with

a metal rod as absorber at different depths. The results are shown in figure IV.8

a). In non-scattering media, angles between 40◦ and 50◦ give highest intensities for

depths from 10 cm to 25 cm. For lower depths large angles are needed. In scattering

media, as expected the photoacoustic signal intensity is slightly dependent on the

incidence angles, which is presented in figure IV.8 b). The scattering is usually not

totally directed forward, but distributed broader, meaning that the light intensity

reaching the absorber at a specific depth is lower than in non-scattering media.

The light however can reach the absorber from a larger range of incidence angles,

due to distribution.
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a) b)

Figure IV.8.: Angular dependance of the photoacoustic signal of a metal rod in a) non-scattering

media at depths of 13 mm and 21 mm and in b) scattering media at a depth of

13 mm.

2. Image reconstruction and evaluation

2.1. Image reconstruction algorithms

In recent years of photoacoustic research, proper image reconstruction algorithms

have become a major focus. A circular backprojection [137, 138, 68, 82] is the

standard approach. Its time-domain equivalent, the delay-and-sum algorithm is

implemented as the standard reconstruction method in conventional ultrasound

[139, 84]. Another approach, which allows very efficient reconstruction, is based

on the Fourier transformation [86]. Improvements over these direct reconstruction

approaches have been presented, such as iterative reconstruction [140, 141] and

quantitative imaging [95]. Few data is available on the relative performance of

these different reconstruction approaches.

Therefore, four methods will be compared in this work: 1) circular backprojection,

2) delay-and-sum, 3)Fourier transform and 4) Hough transform. The four methods

and the used algorithms are presented in the following and have been described in

more detail in [49].

Image Orientation

Figure IV.9 shows how the signal from a single point source is recorded and how

it looks like in a raw data image. Since the wavefront from the single point source
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is not planar, it reaches the detector elements at different times. Hence, the time

delays result in a curved shape in the raw data image.

Figure IV.9.: Schematic of the generated sound waves by a point source and how they are detected

and displayed in a raw data image.

Assuming that the linear transducer array acquires a 2D data set s(x, t), which

describes the surface pressure field along a lateral axis x and over the time t (see

figure IV.9 right side). Such an array is composed of parallel aligned piezo elements

with a fixed distance hx. For each element, the data is stored digitally with a sample

length ht. Therewith, the data set is defined over the discrete domain

Σ = {x1, x2, . . . , xN} × {t1, t2, . . . , tM}, xl+1 = xl + hx, tk+1 = tk + ht. (IV.1)

N denotes the number of elements and M the number of samples.

The pressure reconstruction is the transition from the signal domain Σ to the image

domain

Ω = {x1, x2, . . . , xN} × {z1, z2, . . . , zM}, zj+1 = zj + hz, (IV.2)

where z is the depth, orthogonal to x. The objective is the computation of the

pressure distribution p(xi, zj) from the recorded signals s(xl, tk) in consideration of

an estimated speed of sound c0.
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Circular Backprojection (CBP)

In medical image reconstruction backprojection is a widely used technique[138, 68,

82]. Basically it projects each recorded signal onto all possible origins. Given a

certain record sample s(xl, tk), its origin lies somewhere on the circle

K l,k =
{

(x, z) ∈ R2, (x− xl)2 + (z − c0tk)
2 = r2

k

}
. (IV.3)

with the radius rk = c2
0t

2
k ∈ R+. Figure IV.10 shows exemplarily the calculated

origins of a photoacoustic signal in the time-domain. K l,k does not necessarily lie

in Ω. Thus, the approximation is being defined by

K l,k
h =

{
(xi, zj) ∈ Ω, |xi − xl| ≤ rk, zj ≈

√
r2
k − (xi − xl)2

}
. (IV.4)

The next step is the superposition of the signal values s(xl, tk) in the image domain

Ω. The image

p(xi, zj) = 0 ∀(xi, zj) ∈ Ω (IV.5)

is initialized and the signal amplitudes are added:

p(xi, zj) = p(xi, zj) + s(xl, tk) ∀(xi, zj) ∈ K l,k
h . (IV.6)

The directional transducer receptivity depends on the angle of incidence of the

pressure signal. This is regarded by weighting the single summands. The optimal

weighting factors, specifically those, who maximize the signal-to-noise ratio (SNR),

are exactly the directivity factors of the transducer [139]. The directivity function

d :
[
−π

2
,
π

2

]
→ [0, 1] (IV.7)

Figure IV.10.: Example for calculated origins of a PA signal in the time-domain.
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returns these factors depending on the angle

βi,l,j = arctan

(
xi − xl
zj

)
. (IV.8)

The number of superpositions varies over Ω. Points close to the borders (x1, zj) and

(xN , zj), j ∈ [1,M ], are less allocated to circles K l,k
h than central points. Deeper

points (large index j) are more often allocated, since the radii rk are larger, and

therefore, K l,k
h contains more elements. This results in varying pixel intensities

p(xi, zj) depending on the image region. This is regarded by a so-called density

compensation: The number of superpositions are encountered for every point in Ω

in a map

C : Ω→ N0, (IV.9)

and the image p(xi, zj) is divided by C after the superposition step.

Algorithm 1: Circular backprojection (CBP)

Set p(xi, zj) = 0 and C(xi, zj) = 0 for (xi, zj) ∈ Ω.

For k = 1, . . . ,M :

– Compute radius rk = c0tk.

– For l = 1, . . . , N :

1. Compute K l,k
h according to (IV.4).

2. For every (xi, zj) ∈ K l,k
h :

a) Superimpose the weighted signals:

p(xi, zj) = p(xi, zj) + d(βi,l,j)s(xl, tk).

b) Count superposition: C(xi, zj) = C(xi, zj) + 1.

Apply density compensation: p(xi, zj) = p(xi, zj)/C(xi, zj) ∀(xi, zj) ∈ Ω.

Delay-and-Sum (DnS)

The DnS is a reconstruction method applied in the x-z-space, but in conventional

US, the superposition for a certain focal depth is done in the x-t-space. This
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Figure IV.11.: A simple example for the Delay-and-Sum algorithm.

idea can be transferred to photoacoustic image reconstruction [139, 84]. For a

signal sample at (xl, tk) the proper delay τk is a function of the number of channels

between xl and the neighbors xl±m, m ∈ N:

τk : [1, N ] ⊂ N0 → R+, τk(m) =
√
t2k +m2h2

x − tk. (IV.10)

The obtained superimposed signal is

S(xl, tk) =
N ′∑

m=−N ′
s(xl+m, tk + τk(m)). (IV.11)

The number of regarded neighbors N ′ should be related to the transducer directivity

d (see equation (IV.7)). Also directivity dependent weighting factors should be

included. Thus, the angle of incidence is calculated by

βm,k = arctan

(
mhx
tkc0

)
, (IV.12)

and determined N ′ with the threshold a ∈ [0, 1]:

N ′ = max {m ∈ [0, N ], d(βm,k) ≥ a} (IV.13)

72



2. Image reconstruction and evaluation

It has to be ensured, that the summation is limited to the domain Σ. Therefore

the lower and upper summation limit are set to

L = max{l −N ′, 1}, U = min{l +N ′, N}. (IV.14)

A simple example for the DnS algorithm is shown in figure IV.11. It can be seen

how the signal changes with summing the nearest neighbors.

Similar to the CBP, a density compensation has to be applied. Since the super-

positions for a certain point (xl, tk) are realized in one step, it is not necessary to

store a whole density map. The resulting signal sample can just be divided by the

number of superimposed samples L+ U + 1.

The resulting signal S(xl, tk) is then converted to the pressure distribution p(xi, zj)

by identifying the x-coordinate and computing the z-coordinate by rescaling the

step widths

hz = htc0. (IV.15)

Algorithm 2: Delay-and-sum (DnS)

For k = 1, . . . ,M :

1. Compute the number of the relevant neighbors N ′ from (IV.13).

2. Compute the delays τk(m) for m ≤ N ′ according to (IV.10).

3. Compute angles βm,k for m ≤ N ′ according to (IV.12).

4. For l = 1, . . . , N :

– Determine lower and upper summation limit L and U according to

(IV.14).

– Superimpose signals

S(xl, tk) = 1
L+U+1

∑U
m=L s(xl+m, tk + τk(m))d(βm,k).

Rescale S(xl, tk) according to (IV.15) to obtain p(xi, zj).
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Generalized Hough Transform Algorithm (HTA)

The Hough Transform is a tool for model based image segmentation, which allows

the extraction of geometric shapes within a binary image I : D → {0, 1} [142]. By

applying this tool, a new photoacoustic image reconstruction method is derived. A

geometric shape can be described by the set

Kp = {(xl, tk) ∈ D, gp(xl, tk) = 0} (IV.16)

with the mapping gp : D → R. The index p denotes the dependency on certain

parameters, which can be written into a vector p ∈ Rd, d ∈ N. This motivates the

introduction of the parameter space P ⊂ Rd, that contains all possible parameter

assignments. Every possible location of Kp in the image corresponds to a certain

point p0 in P .

All possible shapes through a fixed point (xl, tk) result in a curve

Hl,k = {p ∈ P, hl,k(p) = 0} (IV.17)

with the mapping hl,k : P ⊂ Rd → R. If two points (xl, tk) and (xm, tn) in D belong

to the same shape, their parameter curves Hl,k and Hm,n intersect in exactly that

point, that corresponds to the shape in the image. If the transformation to the

parameter space is performed for every foreground pixel (xl, tk) ∈ D, I(xl, tk) = 1,

clusters in P are obtained, which highlight the shape locations in D.

The applicability of the HTA on photoacoustic signals is based on the distance

dependent arrival time of the waves. Photoacoustic point sources in Ω lead to

hyperbolas in Σ. Those hyperbolas are described by

Kp = {(xl, tk) ∈ Σ, gp(xl, tk) ≈ 0} (IV.18)

gp(xl, tk) =
1

c2
0

(xl − xS)2 − t2k + t2S (IV.19)

and the apex coordinates (xS, tS). Since the speed of sound c0 is assumed to be

constant, xS and tS completely determine the shape and location of the hyperbola.

Thus, they are identified as the shape parameters p. Hence, the parameter space
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Figure IV.12.: Hyperbolas through the point (xl, tk) = (5 mm, 15 mm) and the resulting param-

eter curve (parabola) of the apex coordinates.

P ⊂ R2 is the set of all possible apex coordinates. Focusing on hyperbolas in the

bounded space Σ, both domains can be identified:

P = {(xS, tS) ∈ R2, xS ∈ {x1, . . . , xN}, tS ∈ {t1, . . . , tM}} = Σ. (IV.20)

The parameter curve Hl,k describes a parabola in Σ (see figure IV.12) and can be

written as the set

Hl,k =

{
(xS, tS) ∈ Σ, |xS − xl| ≤ c0tk, tS ≈

√
t2k −

1

c2
0

(xS − xl)2

}
. (IV.21)

The extraction of the hyperbolas enables the reconstruction of the pressure distri-

bution p(xi, zj): An apex coordinate (xS, tS) is directly related to a pressure source

(xS, zS) = (xS, c0tS). Since the parameter space was identified with the signal do-

main, there is no need to apply an inverse transform to obtain the final image. In

contrast to the original application, there are no binary images to deal with, but

the superposition of all Hl,k weighted with the amplitude s(xl, tk) will gain the real

source locations.

Like in the algorithms CBP and DnS, the superposition density varies within

s′(xS, xS). Therefore, a density map C : Σ→ N0 is defined (see equation IV.9) and

the number of superpositions are counted. In the end, s′(xS, tS) becomes norma-

lized by C(xS, tS).

An advantage of this approach is the ability to apply special weighting factors: If

a sample at (xl, tk) is really part of a hyperbola with the parameters (xS, tS), both

values s(xl, tk) and s(xS, tS) should show a high amplitude. Hence, the normalized
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amplitude at the apex is chosen as a weighting factor

w : Σ→ [0, 1], w(xS, tS) =
|s(xS, tS)|

max{s(xl, tk), (xl, tk) ∈ Σ}
. (IV.22)

The weighting could consider more hyperbola elements than the apex itself. This

may increase the reliability in the case of disturbed signals and instabilities of the

laser energy. Like in the DnS, the resulting signal s′(xS, tS) can be rescaled to the

pressure distribution p(xi, zj) (see equation IV.15).

Algorithm 3: Generalized Hough transform algorithm (HTA)

1. Set s′(xl, tk) = 0 and C(xl, tk) = 0 for (xl, tk) ∈ Σ.

2. For (xl, tk) ∈ Σ:

• Compute the parabola Hl,k of the possible apex coordinates according to

(IV.21).

• For (xS, tS) ∈ Hl,k:

– Compute weighting factor w(xS, tS) according to (IV.22).

– Superimpose signals s′(xS, tS) = s′(xS, tS) + w(xS, tS)s(xl, tk).

3. Apply density compensation.

4. Rescale s′(xl, tk) according to (IV.15) to obtain p(xi, zj).

Fourier Transform Algorithm (FTA)

The three up to now presented algorithms, CBP, DnS, and HTA, are all based

on superposition. They try to gain the real pressure sources by overlaying high

amplitude values resulting in typical superposition artifacts and blurred images. In

contrast FTA as fourth algorithm tries to calculate an exact reconstruction of the

pressure distribution by rescaling the temporal frequencies in the Fourier domain

[86].

The propagation of the pressure waves complies with the 2D wave equation [143]

utt − c2
0∆u = 0. (IV.23)
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2. Image reconstruction and evaluation

For the purpose of finding a solution u(x, t), a general approach with a harmonic

function is considered:

u = u0 exp(i(ωt− κxx− κzz)) (IV.24)

with the circular frequency ω and wave vector κ = κxex +κzez. The vectors ex and

ez are the unity basic vectors in the x-z-coordinate system. The derivatives are

utt = (iω)2u

∆u = (iκx)
2u+ (iκz)

2u.
(IV.25)

If these formulas are substituted into the wave equation (IV.23), it is stated that a

solution (IV.24) of the wave equation has to comply with

ω2 = c2
0(κ2

x + κ2
z) = c2

0 |κ| . (IV.26)

Equation (IV.26) is named dispersion relation and describes the relation between

temporal and spatial frequencies of a wave. Thus, the spatial Fourier transform

can be calculated from the temporal Fourier transform, which induces the following

reconstruction algorithm:

Consider the signal s(x, t), (x, t) ∈ R × R+. Since the domain is defined only for

positive times t ≥ 0, the continuation s(x,−t) = s(x, t) will be defined. Therewith,

s : R2 → R describes an even function in time, and hence, its Fourier transform

can be reduced to a cosine transformation:

ŝ(κx, ω) =

∫ ∞
0

∫ ∞
−∞

s(x, t) exp(−iκxx) cos(ωt) dx dt. (IV.27)

On the other hand, p(x, z) should be calculated. Its 2D Fourier transform reads

p̂(κx, κz) =

∫ ∞
−∞

∫ ∞
−∞

p(x, t) exp(−i(κxx+ κzz)) dx dz. (IV.28)

Applying the dispersion relation (IV.26):

p̂(κx, κz) = p̂

(
κx,
√
ω2 − c2

0κ
2
x

)
= C(ω, κx)ŝ(κx, ω). (IV.29)

The factor C(ω, κx) in front of ŝ(κx, ω) is the result of the conversion of the differ-

entials dω and dκz:

1

C
=
dκz
dω

=
d

dω

√
ω2

c2
0

− κ2
x =

ω

c0

√
ω2 − c2

0κ
2
x

. (IV.30)
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Consider the discrete setting. The discrete frequencies for the time tk and depth

zk, respectively, read:

ωk =
k

htM
, κz,k =

k

hzM
= ωk

ht
hz
, k = 1, . . . ,M. (IV.31)

For κx, negative frequencies have to be taken into account as well, since also x

might be defined in a negative range. There is

κx,l =
l −N1

hxN2

, l = 1, . . . , N, N1 =
x1

hx
, N2 =

max{|x1| , |xN |}
hx

. (IV.32)

Algorithm 4: Fourier transform algorithm (FTA)

1. Define frequencies κx,l, ωk, and κz,k according to (IV.31) and (IV.32).

2. Compute the 2D discrete Fourier transform (DFT) of s(xl, tk): ŝ(κx,l, ωk).

3. For k = 1, . . . ,M and l = 1, . . . , N :

• According to the dispersion relation (IV.26) compute κz,k ≈
√

ω2
k

c20
− κx,l.

• Assign values p̂(κx,l, κz,k) = C(ωk, κx,l)ŝ(κx,l, ωk).

4. Compute p(xi, zj) as the inverse DFT of p̂(κx,l, κz,k).

2.2. Image evaluation

In contrast to absorption measurements without spatial resolution, the extraction

of quantitative information from image data is not straight forward and the proper

choice of mathematical evaluation is pivotal in order not to lose relevant information

[80].

In a first step, an average of five raw data images is taken to minimize the influ-

ence of the laser energy fluctuation on the recorded data. Afterwards, an average

of five raw blank images is subtracted to eliminate measurement artifacts. The

resulting images are then reconstructed by the algorithms described in the section

above. These steps can be followed by the example of a point source depicted in

figure IV.13.
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2. Image reconstruction and evaluation

a) b) c)

d) e)

f) g)

Figure IV.13.: a) Raw data image of a point source (graphite rod) with diameter 0.35 mm at 18

mm depth in a low scattering phantom (5 images averaged); b) raw data image of

the blank (phantom without absorber, 5 images averaged); c) raw data image of

the point source with the blank subtracted; reconstructed by d) CBP, e) DnS, f)

HTA and g) FTA.

The next step is the separation of data points carrying significant information from

those bearing only noise. Plotting the intensity distribution, as it is exemplarily

shown in figure IV.14, the background level can be clearly identified by its normal

distribution around the most frequent intensity. This approach for the identification

of the background signal is even feasible for images of very structured samples.

Assuming a normal distribution, the standard deviation of the background sb is

given by the full width at half maximum (FWHM) of the normal distribution. sb

is calculated from the distribution constructed by mirroring the distribution below
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Figure IV.14.: Intensity distribution of a FTA reconstructed photoacoustic image of a point source.

the background level. By definition, the limit of detection (LOD) is 3 times the

standard deviation sb counted from the background level. The image values are

shifted to the background level by subtracting the background value from all data

points. All pixels with intensities larger than 3sb are considered significant, while

all pixel values below the LOD are regarded as bearing noise only and are set to

zero consequently. Such a threshold image after FTA reconstruction is illustrated

in figure IV.15.

Figure IV.15.: FTA reconstructed image of the graphite rod point source after thresholding.
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2. Image reconstruction and evaluation

2.3. Results of the evaluation

The four reconstruction algorithms presented differ with respect to resolution, con-

trast, size reconstruction and computation time. Therefore, they were analyzed

regarding their performance with data sets, acquired by the OPUS system (see fig-

ure IV.1), to show their suitability for the OPUS system. Graphite rods served as

point sources and were embedded in an agar phantom (2%) with acoustic properties

as described in chapter III. A similar evaluation was made with hydrophone mea-

surements, the results are depicted in [49]. Therein, the algorithms are presented

in more detail.

Reconstruction speed

Figure IV.16.: Computing time depending on the number of 88×200 pixel images for FTA, HTA,

DnS, CBP.

In medical imaging, fast recording is important to avoid movement artifacts, caused

for example by respiration motions. It is sometimes beneficial to average a few

recorded raw data images. When the reconstructed image should be visible imme-

diately after recording a short computation time is required. Figure IV.16 presents

the linear increase of computation time for an increasing image number of a specific

size of 88× 200 pixels. For computation, a computer equipped with a 3-GHz pro-

cessor, 2 GB RAM, and MATLAB 7.0.4 (Mathworks) was used. The reconstruction

time for the three superimposition algorithms strongly increases with larger num-
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ber of images. This is caused by the fact that calculations are required for every

depth. This is time consuming. The FTA turns out to be much faster than the

other algorithms especially for large number of images. FTA allows reconstruction

of around twenty photoacoustic images of 88 × 300 pixels while CBP, DnS, and

HTA need significantly more computation time. The computation time depending

on image size was shown in [49]. Only FTA allows real-time reconstruction, since

the photoacoustic frame rate of the OPUS system lies at 1.1 Hz for the 88 A-scans.

Figure IV.17.: From top to down right, the raw data image and the reconstructed images based

on CPB, DnS, HTA, and FTA of a point source (graphite rod) with diameter

0.35 mm at 10 mm depth are illustrated.
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2. Image reconstruction and evaluation

Point source reconstruction

For photoacoustic medical imaging as for ultrasound imaging it is important to

depict objects of a specific size without enlargement. All algorithms were tested

in their quality to reconstruct a point source at different depths. Therefore, the

FWHM had to be calculated from the threshold image. All pixels with intensities

of less than half the maximum intensity were set to zero. The remaining intense

pixels were counted in lateral and axial direction and multiplied by the width of the

pixels, which is 0.44 mm in lateral and 0.15 mm in axial dimension. For a depth

of 10 mm, the raw data image as well as the differently reconstructed images of a

point source with diameter 0.35 mm are exemplarily shown in figure IV.17.

The lateral and axial FWHM at different depths for the four reconstruction algo-

rithms are depicted in figure IV.18. The FTA shows the best results in lateral and

axial directions. In the lateral profile, the FWHM has a minimum in the depth

dependency for all algorithms which is affected by the focal zone of the ultrasound

scanner which was set at a depth of 14 mm. Hence, the reconstruction algorithms

perform best at this depth. The differences between the algorithms in reconstruct-

ing point sources, are larger in the lateral than in the axial direction.

Figure IV.18.: Lateral (left) and axial (right) FWHM in mm of a reconstructed point source

(graphite rod) with a diameter of 0.35 mm versus depth for FTA, HTA, DnS, and

CBP.
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Figure IV.19.: Schematic setup with an agar phantom for resolution test with graphite rod as

absorber.

Minimum lateral peak-to-peak distance

Another important aspect for quantitative evaluations of photoacoustic images is

the capability of spatially separating the origins of two photoacoustic signals. The

object size after reconstruction influences the minimum distance to distinguish be-

tween two sources. To obtain the minimum resolvable lateral peak-to-peak distance,

two graphite rods, both of a diameter of 0.35 mm, as point sources were placed at

different distances for the data acquisition (see figure IV.19). Exemplarily, one

of the recorded images together with the FTA based reconstructed image and its

corresponding lateral profile is illustrated in figure IV.20.

To resolve two sources, the intensity level between them must be lower than half

the intensity of the maximum peaks. Hence, the number of pixels between the two

sources fulfilling this condition were counted and multiplied with the lateral width

Figure IV.20.: From left to the right: recorded raw image, the FTA based reconstructed image

and the corresponding lateral profile (x-direction) of two point sources (graphite

rod with diameter 0.35 mm) at a distance of 3 mm.

84



2. Image reconstruction and evaluation

Figure IV.21.: Space between two peaks where the intensity is lower than half the maximum peak

intensity for different peak-to-peak distances.

of the pixels (0.44 mm). The spaces obtained were plotted against the distance

of the two point sources. The results are shown in figure IV.21. The FTA shows

the best results with a minimum distance of 1 mm. The minimum space detected

for HTA was 2 mm and it is 5 mm for DnS and 4 mm for CBP. Compared to the

results presented in [49], the algorithms show lower detectability with real data of

the OPUS system, which is effected by the large FWHM compared to the original

size of the absorbers. It has also to be taken into account, that with a depth

dependent FWHM the lateral resolution is also depth dependent. Which means,

that for DnS and CBP a higher lateral resolution should be reached at a depth of

14 mm.

Signal-to-Noise ratio

The FWHM has been shown to be depth dependent, hence, the SNR was also

expected to show a depth dependency. In order to obtain the SNR, the quotient

of the signal amplitude after filtering and the standard deviation was determined

using the identical data set as for the FWHM. Figure IV.22 presents the resulting

SNR with regard to the depth.

The HTA shows the best SNR of all algorithms, while the SNR of FTA, DnS, and

CBP is similar and about half of that of HTA. These results show a similar trend

as seen with the hydrophone measurements presented in [49]. While for the CBP
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Figure IV.22.: Signal-to-noise ratio in dB versus depth for FTA, HTA, DnS, and CBP.

and DnS the SNR is reduced due to the broad superposition artifacts, the SNR of

the HTA is even increased by the special weighting factors, with regard the pixel

values at the possible apex coordinates.

Robustness

Since each laser pulse corresponds to one A-line in the image, instabilities of the

laser energy lead to a variation of the signal amplitudes within the acquired signal

during scans. Hence, the laser energy influences each A-line of each of those images.

After reconstruction, the maximum amplitudes of DnS and CBP show a smaller

standard deviation in a series of five image as the other methods, so that they seem

less sensible to laser energy fluctuations as it can be seen in table IV.1.

Table IV.1.: Performance of the reconstruction algorithms with fluctuations of the laser energy:

maximum amplitude at a depth of 10 mm with best SNR and standard deviation

(STD) of the four reconstruction algorithms.

FTA HTA DnS CBP

Max. amplitude 13.27 11232 84.52 75.49

STD 0.19 278.12 0.75 0.74

STD (%) 1.4 2.5 0.9 1.0
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3. First Results with the OPUS system and a PA sensor stick

3. First Results with the OPUS system and a PA

sensor stick

For all measurements presented in this section the OPUS system with the first laser

generation SpitLight 600 was used.

3.1. Pre-test

Before the characterization of the OPUS system and the quantitative measurements

some preliminary tests have been performed.

One possible application considered for the OPUS system is breast imaging. The

imaging depth shall be up to 3 cm. Since breast tissue consists mainly of fat it was

tested whether the light is able to penetrate through a 15 mm thick layer of pig fat

or not. The photoacoustic signal of the metal plate was clearly visible as seen in

figure IV.23.

Figure IV.23.: Ultrasound (left) and photoacoustic (right) image of a metal plate below 15 mm

pig fat layer.
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Figure IV.24.: FTA reconstructed PA image of a spring (on the right) embedded in an agar phan-

tom under an incident angle of light of 35◦. (The coin was not embedded.)

Additionally, some photoacoustic images of metal objects embedded in agar phan-

toms were taken. The first object was a spring depicted in figure IV.24. A grid,

used as a second object, should give a first impression of the lateral resolution. The

photoacoustic images illustrated in figure IV.25 show different sections with varying

space. The different sized bars and spaces can be clearly seen and distinguished.

Figure IV.25.: FTA reconstructed PA images of a grid (depicted on the right) embedded in an

agar phantom, larger spaces to small spaces from top to bottom measured under

an incident angle of light of 50◦. (The coin was not embedded.)
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Figure IV.26.: PA image of a vein in a human forearm under an incident angle of light of 29◦ with

a 12-mm agar layer as spacer.

3.2. Imaging of a human vein

As a first in vivo experiment, a vein in a human forearm was imaged. The vein is

located closely under the skin. Since the laser beam cannot illuminate the tissue

closely underneath the transducer, a 12-mm agar layer was placed as a spacer

between the skin and the transducer to enable the illumination of the vein. The

image was taken under an incident angle of light of 29◦. The resulting image is

illustrated in figure IV.26. The cross section of the vein is visible but with blurred

outline.

3.3. Angular dependence

One of the characteristics of the OPUS system to be determined is the angular

dependence. The angular dependency was tested with a PVA phantom depicted

in figure IV.27 with channels (diameter 3 mm) implemented at different depths.

The results with metal rods as absorbers at depths of 13 mm and 21 mm in

non-scattering and scattering PVA was already shown in section 1.3. The same

measurements were taken at depths 17 mm and 25 mm for ICG filled channels in

non-scattering PVA.

One of the photoacoustic images of the ICG channels is shown in figure IV.28. The

photoacoustic signal of the ICG and the bottom of the phantom were clearly visible
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Figure IV.27.: Schematic of the phantom for the angular test with channels at different test filled

with ICG or metal rods (right side). Ultrasound image of the phantom on the left

side.

in the 2D image as well as in the signal measured by a single transducer element.

The results for the angular dependence illustrated in figure IV.29 show closer peaks

in contrast to the measurements with the metal rods. Furthermore, at 17 mm depth

angles between 40◦ and 50◦ give highest intensities as well. For greater depths as

25 mm the highest intensity is reached at smaller angles, but would still be visible

at 40◦.

Figure IV.28.: Exemplarily photoacoustic image of ICG in a channel in an agar phantom and

additionally, the photoacoustic signal measured by one single transducer element.
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Figure IV.29.: Angular dependence of the photoacoustic signal of ICG in a non-scattering PVA

phantom at depths of 17 mm and 25 mm.

4. Quantitative analysis

As discussed in section 3, the focus of photoacoustic tomography lies not mainly

in the image generation but in the quantification of the tissue constituents, more

precisely, the quantification of chromophore concentration and the determination

Figure IV.30.: Absorption spectra of hemoglobin at different oxygen satu-

ration stats for 150 g Hb/l whole blood. (Data source:

http://omlc.ogi.edu/spectra/hemoglobin/index.html, downloaded 19.Novem-

ber 2007)
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Figure IV.31.: Ratio of absorption coefficients at 758 nm and 797 nm versus

oxygen saturation for 150 g Hb/l whole blood. (Data source:

http://omlc.ogi.edu/spectra/hemoglobin/index.html, downloaded 19.Novem-

ber 2007)

of the oxygenation state of a certain chromophore, e.g., hemoglobin in whole blood.

Since cancer may cause vascularization and higher oxygen consumption than in

normal tissue [144], hemoglobin and its state of oxygenation in particular may give

more detailed information about the constitution of a lump to reduce the number

of biopsies. Hence, next to the photoacoustic imaging modality, this work deals

with the capability of the OPUS system to quantify oxygen saturation states of

blood.

Blood has a specific absorption spectrum for each level of oxygen saturation de-

pending on the hemoglobin concentration. Figure IV.30 presents absorption spec-

tra for a hemoglobin concentration of 150 g Hb/l for some oxygen saturation

levels. (Data source: http://omlc.ogi.edu/spectra/hemoglobin/index.html, down-

loaded 19.November 2007).

One of the approaches for the quantification of blood oxygen saturation is the

measurement at multiple wavelengths as already discussed in section 3. The ratio

between two absorption coefficients at two different wavelengths is specific for each

oxygen saturation level. Taking the ratio between two wavelengths for all satura-

tions will lead to a regression line as it is shown for the ratio between 758 nm and

797 nm in figure IV.31. With the resulting linear equation an unknown saturation

level can be determined by measuring the photoacoustic intensities at these two
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wavelengths and calculating their ratio. Since the OPUS system is intended to be

used for in vivo measurements, where the actual hemoglobin in the blood is prob-

ably not known, this approach may be promising and was therefore chosen to be

tested, beginning with two wavelengths.

4.1. Sheep blood

Sheep blood was used for the first in vitro experiment with real blood. As phantom,

a non-scattering PVA phantom, pierced with a channel of 3 mm diameter, was

taken. Heparinized sheep blood with an oxygen saturation of 65 %± 10 % was

pumped through the channel. The photoacoustic image as well as a schematic

of the phantom can be seen in figure IV.32. The channel is visible although the

contrast has been lower than with the dyes before, which may be caused by the

rather high pulse-to-pulse energy fluctuations of the laser (SpitLight 600, laser

generation I). Additionally, the image evaluation as described in this chapter was

not yet developed at this point of the design.

The photoacoustic signal was determined at 760 nm, 800 nm, and 840 nm. The

values obtained have been energy corrected. The results were compared with the ab-

sorption spectrum with an oxygen saturation of 65 % and presented in figure IV.33.

Figure IV.32.: Photoacoustic image of a channel (diameter 3 mm) pierced into a non-scattering

PVA phantom and filled with heparinized sheep blood ([O2] = 65%± 10%), mea-

sured at a wavelength of 769 nm under an incident angle of light of 45◦. The right

side shows a schematic of the PVA phantom.

93



IV. OPUS System

Figure IV.33.: Photoacoustic signals of sheep blood ([O2] = 65% ± 10%) measured at 760 nm,

800 nm, and 840 nm with and without energy correction as well as the absorption

spectrum belonging to this saturation.

The corrected signals show a similar progression as the absorption spectrum. Cal-

culating the ratio between the values at 760 nm and the isosbestic point at 800 nm

results in an oxygen saturation of 54.4 %± 25.5 % which would fit with the origin

saturation within the error range. The ratio between the values at 840 nm and at

800 nm gives a saturation of 115.3 %± 29.4 % which is physiologically impossible.

This and the large errors may be caused by the high energy fluctuations, that are

not monitored during the experiment. The photoacoustic values were corrected

with energy mean values, that were typically meassured for this wavelengths.

4.2. Dye mixtures

With the second laser generation (SpitLight Hybrid), used for all of the following

presented experiments, the energy fluctuation could be reduced from around 90 %

to 32 %. Hence, the two wavelength measurements have been repeated with dye

mixtures.

The absorption coefficients of ICG and Remazol Turquois have already been de-

termined solitary and are presented in chapter III. For the measurements with

the OPUS system, the dyes have been mixed in different ratios. While the con-

94



4. Quantitative analysis

centration of ICG stayed the same, the concentration of Remazol Turquois has

been varied. Afterwards, the ratio of the absorption at 711 nm to that of 780 nm

was calculated from the single spectra and compared to the ratios determined by

UV-Vis spectroscopy and by the OPUS system. The concentration ratios as well

as the calculated and quantified results are presented in table IV.2. The ratios

obtained by UV-Vis are slightly higher than the calculated ones but with the same

trend with increasing turquois concentration. Between the calculated ratios and

that determined photoacoustically no correlation could be found. Furthermore, the

outputs of the photoacoustic experiments showed much lower ratios. One reason

may be the fluorescence behavior of ICG, which is not totally known especially at

this concentration and in combination with another dye. Another reason is, that

the ICG diffuses into the channel walls of the phantom, which was observed at the

end of the experiment and presumably bastardized the results.

Table IV.2.: Ratio of the intensities at 711 nm to those at 780 nm of dye mixtures from ICG and

Remazol Turquois. From left to right: ratios of concentration, calculated ratios of

the solitary data, ratios out of UV-Vis data and ratio out of photoacoustic data.

Dye mixture Calculated values UV-Vis ratio PA ratio

ICG/Turquois ICG/Turquois ICG/Turquois ICG/Turquois

(mg L−1) / (mg L−1) (a.u.) (a.u.) (a.u.)

30/100 0.531 0.562± 0.006 0.069± 0.045

30/300 0.637 0.694± 0.009 0.147± 0.106

30/350 0.663 0.683± 0.004 0.204± 0.077

30/370 0.673 0.697± 0.012 0.092± 0.062

30/390 0.684 0.721± 0.009 0.250± 0.117

30/400 0.689 0.722± 0.005 0.135± 0.059

0/100 9.786 - 0.512± 0.153

0/400 9.862 - 0.429± 0.396

30/0 0.478 - 0.224± 0.125
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Figure IV.34.: Non-scattering PVA phantom with a channel (diameter 3mm) pierced at a depth

of 13 mm and filled with a 50 mg L−1 ICG solution; photoacoustic raw data image

(left) and reconstructed image (right).

4.3. ICG

Since the measurements with dye mixtures delivered no satisfying results, single

dyes have been quantified, beginning with ICG.

For the experiments with ICG, a non-scattering PVA phantom was prepared with

a channel of 3 mm diameter at a depth of 13 mm. The incidence angle of light was

set to 50◦. The ICG solution has been pumped through the channel with a volume

rate of 2.25 ml s−1. For this purpose, a thin-walled tube was pierced through the

channel. For the energy correction, the energy of a reflex produced by the lens

focusing the light on to the fiber was monitored during the experiment. Thus, both

ends of the y-fiber were used for the illumination. A photoacoustic image of the

ICG filled channel as well as the corresponding reconstructed image are illustrated

in figure IV.34.

In a first experiment, a concentration series of ICG solutions between 5 mg L−1 and

50 mg L−1 has been measured at 780 nm and is depicted in figure IV.35 with the

concentrations already translated into the corresponding absorption coefficients.

The obtained and energy corrected intensities do not exhibit the expected linearity

as it is known from UV-Vis, and have also large errors. The reason for the broad

scattering around the regression line lies on one hand in air bubbles in the tubing

crossing the experimental region. On the other hand, the energy correction cannot

be executed exactly by allocating each photoacoustic A-line to its corresponding

laser energy value. Hence, the energy was corrected by a mean value of the 88
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Figure IV.35.: Concentration series of a ICG solution photoacoustically measured in a non-

scattering PVA phantom at 780 nm wavelength and 13 mm depth (50◦ incident

angle of light).

laser shot energies needed for one image. However, comparing the corrected with

the non-corrected energy data shows that this energy correction has only a slight

influence on the spreading.

Additionally, the spectrum of a 50-mg-L−1 ICG solution was determined between

690 nm and 880 nm. The results presented in figure IV.36 show a similar trend as

Figure IV.36.: Spectrum of a 50 mg L−1 ICG solution photoacoustically measured in a non-

scattering PVA phantom at 13 mm depth (50◦ incident angle of light).

97



IV. OPUS System

the spectrum measured by UV-Vis (see figure III.9), but the second maximum at

760 nm is not strongly pronounced. This may also deduced from the air bubbles

in the tubing.

4.4. Black ink

Next to ICG, black ink was used for calibration measurements. The dye was

pumped through flow channels (diameter 5 mm) pierced into non-scattering and

scattering PVA phantoms to determine the dependency of the photoacoustic sig-

nal on the local extinction coefficient. The concentrations of the ink were chosen

a) b)

c) d)

Figure IV.37.: Correlation between local extinction and photoacoustic signal, generated by dif-

ferent black ink concentrations in a channel in a PVA phantom a) 10 mm depth

in scattering media, b) 15 mm depth in scattering media, c) 10 mm depth in

non-scattering media, and d) 20 mm depth in non-scattering media.
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Table IV.3.: Calibration measurements at different depths with black ink as absorber in scattering

and non-scattering PVA.

Depth of Background scattering Calibration Distinguishable relative

absorber (mm) coefficient (cm−1) slope (cm) blood oxygenation (%)

10 0 7.22 8

10 61.1 1.23 14

20 0 4.48 8

15 61.1 2.08 9.5

corresponding to the range of blood absorptions at the measuring wavelength of

760 nm, where blood absorption is dependent on the oxygen saturation. The chan-

nel depths have been chosen at 10 mm in scattering and non-scattering phantom

with an incident angle of light of 67◦ and for an angle of 45◦ at 15 mm in scattering

and at 20 mm in non-scattering phantom.

The obtained data presented in figure IV.37 all show linear behavior. The corre-

sponding slopes are listed in table IV.3. As to be expected, the slope is reduced

for measurements in greater depth as well as in the scattering phantom. Since the

intention is to distinguish between different states of oxygen saturation, to use the

blood oxygenation as an indicator of metabolic activity, the measurements were

taken at values corresponding to the blood absorption values at physiologically

relevant blood oxygenations. The standard deviations of the measurements are

a measure of the precision, that could be reached with the OPUS system when

measuring blood oxygenation. The precision of the established instruments for

this application is in the range of 3 % or better [145]. The evaluation of the data

recorded by the OPUS system shows that a corresponding resolution of blood oxy-

genation of 8 % can be reached even at a depth of 20 mm, while the resolution is

greatly reduced in the scattering samples (see table IV.3). The standard deviation

is dependent on the energy fluctuations. For these measurements, the energy for

the corrections was a mean value of eight values measured at one of the y-fiber ends

during the experiment. Hence, the phantom was illuminated by one fiber end only

and the energy fluctuation may still have a substancial influence on the standard

deviation, and thereby, on the resolution.
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5. Discussion

Since breast tumors may be located in depths of more than 5 mm, deep imaging

is pivotal in breast cancer detection. Although photoacoustic imaging of tissue

structures in human and animal experiments provided promising results [146, 147,

79, 148], imaging of structures deep in the tissue is still a challenge. For imaging

large and thick tissues the backward imaging mode is used, leading to the question

on the illumination geometry. M. Frenz describes in [149], that apart from noise,

also reconstruction artifacts, backscattered photoacoustic transients, and random

bulk tissue absorption are significant sources of image background in OA images.

While the noise can be strongly reduced by averaging signals, the other sources

are dependent on the illumination geometry, particularly on the distance between

the linear transducer and the location of irradiation. Frenz demonstrated with

simulations and experiments, that the optimum location of irradiation for deep

photoacoustic imaging is not directly below, but beside the transducer aperture.

For the OPUS system an illumination along the side of the transducer was chosen.

As reported in [149], point sources deeper in phantoms could be imaged using this

illumination geometry. Furthermore, the OPUS system could even visualize depths

up to 25 mm with variable incidence angle of light. These are greater depths as

reported in [149].

A high SNR is required for quantitative analysis to distinguish between pixels

carrying information and those that do not. With the averaging of five images

the noise was reduced. On the other hand, the signal amplitude depends on the

absorbed energy. Strong pulse-to-pulse fluctuations of a couple of tens percent cause

significant variations in the signal amplitude. Hence, a reduction in the pulse-to-

pulse fluctuations as well as the energy monitoring were aspired. For the first laser

generations, an energy monitoring was performed to correct or rather to weight

the amplitudes with the corresponding energy. In the process the single pulse

monitoring turned out to be challenging. Since for low pulse-to-pulse fluctuations

of a few percent the single pulse monitoring plays a decreasingly role the reduction

of the laser energy fluctuation was placed into focus. The third laser generation was

delivered in a late phase of this work. The energy characterization of the laser with

the OPO could already be carried out and showed promising results. Although no

further experiments could be performed using this laser, a further improvement of

the SNR is to be expected. It could then be sufficient to correct the amplitudes by
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known wavelength-energy correlations.

Another important aspect in imaging and visualizing a point source is the choice of

the proper image reconstruction. All four methods presented in this work showed

the ability of reconstructing point sources, but with different qualities especially

with regard to depth. DnS and CBP give quite similar results, since they superim-

pose the same values, but in different order and with different limits. Compared to

the other methods, the FWHM and the lateral resolution were worse, but maybe

tolerable for some clinical applications. Their SNR are weak, but they are quite

robust with respect to disturbances of the amplitude of single-lines. They suffer in

computation speed, what makes them hard to implement in online controls.

HTA offers an adequate lateral resolution and SNR. As DnS and CBP, it shows a

depth dependent FWHM accompanied by superposition artifacts. In some aspects

as axial FWHM and lateral resolution, it presents similar results to FTA. But the

long computation time does not allow real-time imaging either.

FTA reveals the best overall performance with the best SNR and an excellent,

nearly depth independent FWHM. It computes fast for large images as well as for

large numbers of images. FTA achieved an adequate peak-to-peak separation for

shorter distances. No superposition artifacts were obtained. The only observed

disadvantage is that the FTA seems to be more sensible to energy fluctuations. For

strong fluctuations, this may lead to significant errors in quantitative analysis.

All four approaches show inferior results with real data acquired with the OPUS

system than with high-resolution hydrophone measurements or simulations, that

where presented in [49]. Although all methods would be in some way applicable

for the OPUS system, FTA was found to be the best fitting photoacoustic pressure

reconstruction method for the OPUS system. Since the implementation of a FTA

algorithm would need grave changes in the user interface, it will be preliminary used

for offline reconstruction. DnS was already satisfactorily tested for implementation,

but was not useful for quantitative evaluations of the acquired data. The presented

results are not absolute. They have to be interpreted in the context of the used

setup.

Already the use of the first laser generation with the OPUS system and the FTA

delivered promising results in imaging point sources, structures, veins, and liquids.

The imaging of smaller structures is limited, based on the limited acoustical band-

width of the transducers employed in commercial US systems. A center frequency
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of 8.8 MHz, like the one in the OPUS system, neglects information encoded on the

higher frequencies representing small-scale structures below about 200 µm. As a

result of the limited transmission of these higher frequencies in tissue, this effect

becomes relevant mostly for absorbing structures close to the surface. Strong damp-

ing of these high frequencies restricts the detection of fine-structured absorbers to

a certain maximum depth, independent of the detector bandwidth.

In medical breast imaging, superficial structures are of less interest as the blood

oxygen saturation. The first quantification at multiple wavelengths with real blood

and dye mixtures delivered no satisfying results. The measurements with single

dyes showed that a quantitative evaluation of absorption in media with unknown

scattering and absorption are possible using the presented image evaluation and

thresholding procedure. But the obtained results for the scattering phantoms are

hardly sufficient for medical applications.

6. Conclusion

The aim of the presented work was to test the applicability of a combined ultra-

sound/photoacoustic (OPUS) system regarding its ability to reveal quantitative

absorption information. This combination shall be a new tool for imaging, which

provides additional imaging qualities beyond the pure ultrasound imaging. The

photoacoustic imaging mode principally allows the extraction of quantitative opti-

cal absorption values from the image data. A linear relation between local optical

absorption and photoacoustic signal was found for absorbers at different depths in

scattering and non-scattering media employing suitable image reconstruction algo-

rithms and quantification procedures. A chromophore concentration embedded in

a matrix with unknown absorption and scattering properties cannot be determined

by single wavelength measurements, but requires dual or multi-wavelength. The

limited acoustical bandwidth of the US transducer employed in this study limits

the spatial resolution of the system.

The OPUS system presents a promising new tool for medical imaging and quanti-

tative analysis with the SpitLight Hybrid, and may be more effective with the all

diode pumped laser system, due to its reduced energy fluctuations. The system

shows similar or superior spatial resolution to other medical photoacoustic imaging

systems, e.g., the Twente Photoacoustic Mammoscope [62]. A working depth of
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about 2 cm is sufficient for most possible applications like breast cancer detection,

which is the primary intended use of the OPUS system. The limited precision,

regarding the sensitivity for blood oxygenation analysis, in the range of 10% is not

sufficient for reliable measurements and medical applications. Optimized photoa-

coustic systems are able to measure with a precision of 3% or better [150]. The

detection of sentinel lymph nodes labeled with commonly used dyes could be a

promising application of an improved OPUS system. A common used practice to

assess lymphatic metastasis is the examination of the first tumor-draining (sentinel)

lymph node. In this case, a precise quantification is less relevant, and the general

suitability of photoacoustic imaging for this application was proven by L. V. Wangs

group [151]. They also employed tailor-made gold nanoparticles as high-absorption

tracers [152], which could be very suitable for application with the OPUS system.

A limitation of the OPUS system is the relatively high pulse-to-pulse fluctuation

of the employed tuneable laser systems of the generation I and II. The third laser

generation SpitLight DPSS, a diode-pumped and diode-amplified laser system, of-

fers a high stability, which was designed to improve the system performance. The

first stability measurements showed promising results providing a way to improve

the sensitivity for blood oxygen analysis. Additionally, employing a US system

and US transducer, which allows the simultaneous readout of several or even all

US channels, the SNR could be reduced significantly. Such a system would al-

low photoacoustic image generation with a much higher frame rate, thus, allowing

averaging of many images in a reasonable exposure time to improve quantitative

analytical application as well.
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V. Summary

The tasks of the presented work were the development of the optoacoustic coupling

between laser and ultrasound scanner, the designing and testing of phantoms for

photoacoustic application, and the evaluation of the system.

Several phantom materials and absorbers have been tested with respect to their

ability to mimic breast tissue. The phantom base materials Agar and PVA showed

best mimicking abilities. While it was easy to find dyes with defined absorption

for 532 nm wavelength, dyes absorbing in the working wavelength range of the

OPUS system are difficult to quantify due to competitive processes as there are

scattering (in ink) and fluorescence (in ICG). Nevertheless, black ink, ICG, and

Remazol Turquois (which is weakly absorbing at these wavelengths) found their

application in the first quantitative measurements.

The design for the coupling was chosen to enable deep imaging up to 2 cm, which

was proven by resolution and depth tests. In this context, four reconstruction al-

gorithms have been tried out regarding their ability to proper reconstruct point

sources. The Fourier-Transformed-Algorithm turned out to have best overall per-

formance in combination with the OPUS system. While the OPUS system demon-

strates similar or superior spatial resolution to other medical photoacoustic imaging

systems, its sensitivity for blood oxygen analysis, determined to be in the range of

10 %, is not yet sufficient for medical applications. A limitation is given by the high

pulse-to-pulse fluctuations of the employed laser system, which can be overcome by

a new design high-stability diode laser system.
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A. Abbreviations

APS Ammonium peroxodisulfate

BSE Breast self-examination

CBE Clinical breast examination

CBP Circular backprojection

CT Computer-tomography

cw Continuous wave

DMSO Dimethylsulfoxide

DnS Delay-and-Sum

DFT Discrete Fourier transform

FTA Fourier transform algorithm

FWHM Full width at half maximum

GPIB General purpose interface bus

HTA Generalized Hough transform algorithm

ICG Indocyanine green

LOD Limit of detection

LOIS Laser optoacoustic imaging system

MRI Magnetic resonance imaging

MZB Maximum legal radiation

OA Optoacoustic synonymous photoacoustic

OPO Optical parametrical oscillator

OPUS Optoacoutic Plus UltraSound

PA Photoacoustic synonymous optoacoustic

PAA Polyacrylamide

PAM Photoacoustic Mammoscope

PET Positron-emission-tomography
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A. Abbreviations

PVA Polyvinyl alcohol

PVCP Polyvinyl chloride-plastisol

PVDF Polyvinylidene fluoride

RAL Name of the RAL-color system

SNR Signal-to-noise ratio

STD Standard deviation

TEMED Tetramethylethylendiamine

US Ultrasound

UV Ultraviolet

UV-Vis Ultraviolet and visual spectrum
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B. Symbols

A Absorbance

AKM Kubelka-Munk absorption coefficient

αs Acoustic attenuation coefficient

β Volume expansion coefficient

c Velocity

c0 Speed of sound

Cp0 Thermal capacity under constant pressure

cL Speed of light in vacuum

Cp Specific heat at constant pressure

E Energy

E0 Excitation energy

Ea Absorbed energy

Et Transmitted energy

Eth Thermal energy

ε Decadal molar extinction coefficient

FS Illuminated surface

g Anisotropy factor

h Planck constant

I Reduced light intensity

I0 Incident light intensity

λ Wavelength

µa Absorption coefficient

µs Scattering coefficient

µ
′
s Reduced scattering coefficient

µt Extinction coefficient
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B. Symbols

p Pressure

∆p Pressure change

ρ Density

R Reflection

Ra Reflection coefficient

Rd Diffuse reflection

SKM Kubelka-Munk scattering coefficient

T Transmission

ta Acoustic relaxation time

Ta Transmission coefficient

Tc Collimated transmission

Td Diffuse transmission

Tt Total transmission

tχ Duration that thermal energy needs to leave

the probe element by diffusion

τL Laser pulse duration

∆T Temperature change

V Volume

V0 Volume at equilibrium condition

∆V Volume expansion

χ Thermal diffusivity

z Depth

Z Acoustic impedance

∆ Laplace-Operator
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