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ABSTRACT

Development of a Novel Fiber Laser Based Backward-Mode
Photoacoustic Microscopy System and Image Characterization

Among all other imaging modalities, optical methods using non-ionizing ra-
diation became popular due to safety concerns. However, pure optical methods have
severe limitations for deep tissue imaging. On the other hand, photoacoustic imaging
is a promising imaging modality for in vivo tissue monitoring due to its high optical
contrast and high ultrasonic resolution. The parameters of the laser used in photoa-
coustics, namely pulse duration, pulse repetition frequency, beamwidth and output
power has a quantifiable impact on signal amplitude, imaging speed and resolution. In
literature, Q-switched lasers, solid state lasers and fiber lasers are used for the micro-
scopic scale of photoacoustic imaging. Most of the lasers used in photoacoustic studies
has a fixed capacity and key parameters cannot be adjusted independently. In this
study, we declare a novel all-fiber mode-locked laser with adjustable pulse duration
between 1 - 3 ns and selectable pulse repetition frequency between 50 kHz and 3.1
MHz. All fiber integration makes our laser resistant to vibrational disturbances, yet
increases its stability. Additionally, we utilized a photonic crystal fiber at the output
stage of the laser to generate a supercontinuum of a wavelength range of 600 - 1100
nm. We analytically reveal laser parameter dependencies of photoacoustic signals. We
test our microscopy system with a phantom made of horse hair, and present resultant

images with point spread function of width 500 pm.

Keywords: Photoacoustics, photoacoustic microscopy, mode-locked, supercontiuum,

fiber laser, pulse duration, beam width, pulse repetition frequency.



vi
OZET

Fiber Lazer Tabanli Geriye Modda Fotoakustik Mikroskopi
Gelistirilmesi ve Goriintii Karakterizasyonu

Tyonize 151n kullanmayan optik goriintiileme yontemleri, saglik endigelerinden
dolay:1 diger goriintiileme yontemlerinin arasinda popiilerlesmeye baslamistir. Ancak,
salt optik methodlarin, 15181n sacilmasindan dolay:1 derin doku goriintiilemede eksiklik-
leri vardir. Fotoakustik goriintiileme ise bir yandan optik kontrastdan faydalanirken
diger yandan derin doku goriintiilemede ultrasonun ¢oziiniirliigiine ulagmasi sebebiyle
gelecek vaadeden bir yontemdir. Fotoakustikte kullanilan lazerin atim siiresi, atim sik-
lig1, 151n genigligi ve cikig giicii gibi 6zellikleri olusan sinyalin genliginde, elde edilen
goriintiiniin kalitesinde &lgiilebilir etkilere sahiptir. Literatiirde, mikroskopik 6lgcekte
fotoakustik goriintiilemede Q-anahtarh lazerler, kati hal lazerleri ve fiber lazerler kul-
lanilmaktadir. Kullanilan lazerlerin cogu halihazirda piyasada bulunan ve 6zellikleri
birbirinden bagimsiz degistirilemeyen lazerlerdir. Bizler bu calismada, 6zgiin, tiim-
fiberli mod-kilitli ve tamamen fotoakustik microskop gerekliliklerine gore tasarlanmig
bir lazer sunuyoruz. Lazerin atim siiresi 1 ile 3 ns arasinda ayarlanabiliyorken atim sik-
hig1 da 50 kHz ile 3.1 MHz arasinda dijital olarak ayarlanabilmektedir. Tiim optik olay-
larin fiberlerin icerisinde gergeklesmesi, lazerin mekanik etkilere direncini arttirmakta
ve kararhh bir yapida olmasimi saglamaktadir. Lazerin cikisinda kullanilan fotonik-
kristal fiber sayesinde 600 nm ile 1100 nm arasinda siirekli 151n tayfi elde edilmektedir.
Bu 0zgiin caligmada lazer ozelliklerinin fotoakustik sinyalleri nasil etkiledigini anali-
tik olarak gostermekteyiz. Urettigimiz mikroskopi sistemini, at killarimndan olusturulan
fantomlar iizerinde deneyerek 500 pm noktasal yayilhim fonksiyonu genisligine sahip

goriintiiler olugturduk.

Anahtar Sozciikler: Fotoakustik, fotoakustik mikroskop, mod kilitli lazer, fiber lazer,

atim siiresi, 151n genisligi, atim tekrar siklig.
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1. Introduction

Both in conventional light microscopy and relatively novel techniques as two
photon microscopy and confocal microscopy resolutions are limited to Abbe’s diffrac-
tion limit [1, 2]. For any microscopic imaging modality, minimum resolvable distance
d is calculated as

A
d:2><NA (1.1)

where A is the wavelength of the light, and NA is the numerical aperture of the ob-
jective used to focus the light onto the specimen. Roughly, the distances between two
distinguishable objects are equal to the half of the wavelength. Since de Broglie wave-
length of an electron comparably shorter then the light, scanning electron microscopy
(SEM) achieves much higher resolution. Nevertheless, SEM is not very practical for
biological imaging due to electron interaction with sample itself and low penetration
depth [1]. Although fluorescence microscopy techniques achieved relatively higher res-

olutions, they still are not able to overcome Abbe’s diffraction limit [1].

In 1994, Hell and Wichmann developed a novel laser scanning fluorescence mi-
croscopy technique [3|. They broke diffraction limit and reduced the size of point spread
function (PSF) by utilizing a second doughnut shape laser to create a stimulated fluo-
rescence emission in that outer region of the focal spot. This technique was named as

stimulation emission depletion (STED) microscopy.

In STED microscopy, the wavelength of the second laser is greater; thus, stimu-
lated emission is not detected by the detector and PSF is sharpened to a much smaller

area. Eq. 1.2 represents minimum distinguishable distance for a STED microscope

Ar ~v ——————— (1.2)



where Ar is minimum resolvable distance, A is the wavelength of focused light, I is the
intensity of doughnut shape laser and Ig is the intensity of the focused light. Although
there seems no theoretical limit for the resolution of STED microscope, laser photo-
damage safety limit creates a practical boundary [1]. Around a 10 nm resolution [2] is
achieved in STED microscopy by using hundreds of milliwatts power lasers. Additional
to sharpening of PSF, estimation of center of a PSF further improves the resolution.
The mathematical process of estimating the location of the source that creates PSE is

named as pointillism [2, 4].

Concurrently with the development of STED microscopy, three different groups
launched single fluorophore localization based super-resolution microscopy techniques
[1]. Photo-activated localization microscopy (PALM) [5], stochastic optical recon-
struction microscopy (STORM) [6], and fluorescence photo-activated localization mi-

croscopy (FPALM) [7] are three different names of similar techniques.

Those three methods utilize photoactivatable fluorescent labels while estimating
the center of the PSFs. Randomly switching activated molecules increases the proba-
bility of single molecule activation per image. Then combination of all frames creates

a individual image |1, 2].

Structured illumination microscopy (SIM) relies on a simple concept of moire
pattern, which is an interference pattern of two overlying grids with a different angle
or mesh sizes. If the pattern of light is known, unknown pattern can be extracted from
the resultant image. As the frequency of known pattern increases, achieved resolution
also increases. However, the frequency of known pattern is also limited to Abbe’s
diffraction limit [1]. It is possible to achieve 125 nm lateral resolution and 250 nm

axially resolution in SIM |2, §].

Although super-resolution microscopy is very promising for ez vivo operation, it
suffers from the depth of resolution due to mean free path of light of 1 mm [9]. Being
able to image tumor cells in vivo would accelerate especially animal studies and be

promising in cancer research. Since tumorous tissues have comparably large number of



vessels with respect to healthy tissue, they create high optical contrast in visible and

near infrared region.

Photoacoustic microscopy (PAM) becomes essential to satisfy the need for in
vivo studies. In PAM, the main source of signals is absorption of light. Ignoring the
impact of scattering becomes a reasonable assumption while creating a model resem-
bling photoacoustic imaging (PAI). Whether the light is scattered or not it is important
light to be absorbed. Moreover, in photoacoustic imaging detection is acoustic, and
scattering of ultrasound in soft tissue is weak. In other words, PAM utilizes optical
absorption contrast and ultrasonic resolution in order to realize in wvivo, deep tissue
imaging. By choosing optimum parameters depending on the application, it is possible

to image from organ to organelle level as seen in Figure 1.1.

Organelle Tissue

Figure 1.1 Photoacoustic images from organelles to organs [10]. "(A) Subwavelength (SW) PAM of
melanosomes in the ear of a black mouse. (B) OR-PAM of individual red blood cells traveling along a
capillary in a mouse ear. (C)acoustic resolution photoacoustic microscopy (AR-PAM) of a nevus on
a human fore arm.(D)PA computed tomography (PACT) of a human breast.”

Based on the previous studies on photoacoustic microscopy and other microscopy
techniques, we compare image performances and tabulate in Table 1.1. For each prop-
erty, typical value and best value is given on sequential rows. The compared features
and corresponding values for fluorescence microscopy are adopted from review paper of
Toomre et al. [2]. The values on the photoacoustic microscopy column are taken from
review paper of Wang et al. [10]. However, the typical and the best values of resolution
imaging depth do not concurrently occurs in PAM. There is a trade of between depth

of imaging and resolution.



Table 1.1
Comparison table of super-resolution microscopy methods and photoacoustic microscopy [2, 10].

Confocal SIM STED (F)PALM/STORM PAI
) 200 - 250 nm | 100 nm | 25 - 80 nm 25 - 40 nm 5 pm [11]
Xy - resolution
130 nm < 10 nm 10 nm 500 nm [12]
. 500 - 700 nm | 250 nm | 150 - 600 nm 25 - 40 nm 15 pm [11]
7 - resolution
200 nm 30 nm 10 nm 5 pm
5 - 20 pm 5 pm 5 pm 25 - 40 nm 100 pm |11
Depth (max) s s a o [11]
>50 pm 20 pm 20 pm 10 nm 3 mm [13]
Live Cell good poor poor poor excellent

1.1 Photoacoustics

Photoacoustic effect is first proposed by Alexander Graham Bell, in 1880 [14].
He discovered that, some matters emits sound if they are illuminated with light. Engi-
neering of photoacoustic effect came across after 1970s [15, 16| in material testing, gas
tank analysis [17]. Most of the physics beyond photoacoustics was investigated during
that period. However, most of the models were generated for homogeneous materials
(solids, liquids and gases) and applied to material testing. For biomedical and bio-
logical applications, on the other hand, photoacoustics is relatively new and has just

passed its infant period during the last decade.

Lihong Wang’s research group made beneficial contributions to the biomedical
photoacoustics and photoacoustic imaging fields. They published in the very wide

range of photoacoustic imaging, from organs to organelle scale [18, 10].

Vasilis Ntziachristos’ opto-acoustics laboratory utilizes AR-PAM for animal
imaging. They investigate contrast agents for photoacoustic imaging and uses them
in multispectral optoacoustic imaging [19]. They also try to develop novel clinical

applications of photoacoustic imaging [20].



Photoacoustic imaging attracts different groups in the field of biomedical imag-

ing, due to its low cost, non-invasiveness and ability to image in vivo.

1.1.1 Photoacoustic Wave Generation

This thesis approaches photoacoustics concept from the biomedical perspective
and declares PA wave generation in biological tissue. Our wave generation model in-
cludes additional assumptions to the models developed for non-destructive testing of
metals. For example, electromagnetic radiation absorption is not limited with only
the surface of the sample as in metals and heat conduction can be disregarded [21].
For the last decade, biomedical photoacoustics created a widely accepted and simpler
model based on its own assumptions specific to biomedical application. When a pulsed
light is illuminated on a tissue sample, there occurs two independent events during
propagation of light in tissue: Absorption and scattering. As mentioned in Section 1.1,
only absorption is assumed to play a role in photoacoustic wave generation. Scattering
may result absorption of energy in undesired locations; therefore, may end up interfer-
ence to photoacoustic signals. However, due to their low amplitudes and out of focus

locations this interference acoustic signals are naturally filtered out by transducers.

The absorbed light transfers its energy into the medium as heat and causes a
local temperature rise on the order of milli-Kelvins [22]. As it is seen in Figure 1.2,
the local temperature rise in the absorber triggers a local thermoelastic expansion and

compression around absorber.

For an effective photoacoustic wave generation, pulse duration should be much
shorter than the time required for thermal diffusion and stress relaxation [18]. Those
two conditions are named as thermal confinement and stress confinement. Thermal

relaxation time is estimated as

d2
Tih = —— 1.3
= (1.3)

where d,. is characteristic dimension of heated region (minimum of illuminated region



absor%
 sample—<> )))/

Figure 1.2 Illustration of photoacoustic wave generation mechanism.

or absorbed region) and ay, is thermal diffusivity (m?/s). Stress relaxation time cal-

culated as

d,
L= — 14

where v, denotes for acoustic speed [9].

Initially generated pressure wave propagates through sample and arrives ultra-
sonic transducers. Photoacoustic wave in any time and in any space coordinate obeys

the following wave equation

1 02 0*T(r,
(V2 = S5 glolr.t) = =25 20 (15)

2
KV

where v, is acoustic propagation speed, p(r,t) is pressure wave in time ¢ and space
coordinate r, ( is the thermal coefficient of volume expansion, k is the isothermal

compressibility, and T'(r,t) is temperature at position r and time ¢ [18].

For a short laser pulse, thermal equation may be represented by a heating func-
tion as it follows

oT(r,t)

S = H(r 1) (1.6)

pCyv

where H is the heating function, the amount of heat generated by light absorption per



unit volume and per unit time, p denotes density and C'y, denotes specific heat capacity

at constant volume [18].

Reordering Eq. 1.6 and substituting 7'(r,t) into Eq. 1.5 we get

1 02 B OH(r,t)

(V2 — gl t) =~ &=, (17)

The solution to the photoacoustic wave equation can be obtained by the well-known
Green’s function method. [23, 9] By assuming the source term that is a combination
of spatial and temporal profiles represented by the Dirac delta distributions, a time
domain solution is obtained by Lihong Wang [9, 18]. A detailed solution for Dirac delta
source is given in Appendix A. For an optically absorbing spherical object, treating
temporal profile as Gaussian, we solve the photoacoustic wave equation analytically
via the Fourier transform for rectangular radial profile and obtain frequency domain
solutions. Later, carrying out inverse Fourier transform, we also obtain exact time
domain solutions without any approximation except the azimuthal symmetry. We
previously published the calculations in the following part as proceedings [24]. Our
results are obtained analytically and more comprehensive compared to the previous
works in literature. We confirm our results by plotting the photoacoustic signals as a
function of time for different radial positions outside the spherical object for realistic

values of photoacoustic parameters.

The right hand side of Eq. 1.7 is the source term of wave equation. We can

regard source term as
S(r,t) = ————7— (1.8)

and the heating function can be decomposed into spatial and temporal components as

H(r,t) = Hs(r)H(t). Here, temporal component is assumed to has Gaussian shape,

1 2
ex

vV 2mo? p(—rﬂ

with o is the standard deviation of Gaussian distribution or also may be considered as

Hy(t) = ) (1.9)

pulse duration of the laser.



The initial pressure rise just after the pulse, po(7), can be written as [18, 9|
(1.10)

Assuming that all the absorbed electromagnetic energy is converted into heat and

non-thermal relaxation is ignored, the temperature rise can be expressed by

Hy(r)
T(r)= . 1.11
)= =2 (1.11)
Combining Eq. 1.10 with Eq. 1.11 and writing
Cp
= — 1.12
Kk ,0U§CV7 ( )
we get spatial component of source as
po(r) Cp
H,(r) = —. 1.13
m =2 (113)

Substituting Eq. 1.9 and Eq. 1.13 into Eq. 1.8 leads to

S(r,t) = _pov(;)% (\/2;7@@(—%‘2)) | (1.14)

Using Fourier and inverse Fourier convention as

F(w) = \/%_W /_OO p(r,t) exp(—iwt)dt (1.15)

and
£(t) = — / " (e, w) explist)dw (1.16)
= — y X .
V2T J_so P
respectively. Fourier transform of S(r,t) gives

S(r,w) = —@M( 21 exp( a ))

2
_po(r) 1 0w

v /27

where F; denotes for Fourier transform operator of a time series.

) (1.17)



The photoacoustic wave equation can be expressed in frequency domain by using
the Fourier convention declared in Eq. 1.15 and in Eq. 1.16. Here the frequency domain

photoacoustic wave equation is expressed as

. w? _ po(r ow?
V2h(r, w) + Fp('r,w) = w Ov(z ) exp(— 5 ) (1.18)

where ¢ is complex number and w is angular frequency domain.

The Green’s function of Eq. 1.18 is given by the following expression [23]

~ 1
Gr,r'w) = exp(zvﬁ Ir—1r') (1.19)

|
S

CAnr—vr

where the Green’s function is an outgoing spherical wave for | r — 7’ |— oo.

The solution in w domain can be found by evaluating the following integral

p(r,w) = /G(T,T/;W)S(T/;w)d?’?“/. (1.20)

Substituting Eq. 1.17 and Eq. 1.19 into Eq. 1.20 gives

/7

dr (1.21)

) =~ 2 exp(- T [y LT
w) = ———exp(— r
P 4 v? P 2 Po | —7r"|

When a spherical object of radius R is excited by a short pulsed laser beam, the
initial pressure pq is created inside the object so that the initial pressure distribution

can be written as |9, 18|
po(r) = pob(r)0(—r + R) (1.22)

where 0 is the Heaviside step function.

Hence, writing Fq. 1.22 into Eq. 1.21 and simplifying the geometry as taking r



10

along z axis, we get

_ 1w o2w? 2 eXP |r—7"])
p(r,w):—pgz—gexp( d¢/ 2 dr / dy’ r—'r] (1.23)

where p/ = cos@ and | r — 7' |= \/7‘2 = 2rr'u! 4 r2.

The solution of the innermost integral is found as

1 (ivi\/r272rr’u’+r’2) 1 . ) . )
[ = L[l e (g 0g)
2 =2+ 2 i’

Substituting Eq. 1.24 into Eq. 1.23, then taking integrals over remaining two dimension

yields w domain solution as

2w2 - w
- Vg €XP(— v ) w w Y,
p(r,w) = Zpo— —

w2 Vg Vs Vs

where r > Rorr > r'.

Inverse Fourier transform of p(r,w) results as

] © ex —ﬂ—kiﬁr—iwt
p(r.t) = jz_wpo% / it e ' Reos(“ R — sin( B)do. (120

w Vs Vs Vs

[e.9]

Writing cos(;2R) and sin(;>R) in terms of exponentials into Eq.(1.26) gives

2.2 20
. 00 — W o (IER ) +zw(
o R/ ez Tl e
rt) = + dw
et = S )L TR
o w +ZUJ(T+R ) 6_ 0224,;)2 +7:UJ(T;9R )

+

2\/%7"/ = — — — —Ydw.  (1.27)

If the following I; and I, integrals are solved, then the solution of the photoacoustic

equation can be obtained

I = /OO expl— T w0, (1.28)
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[2:

/oo exp[_ﬂ;z + w)(%2 — t)]dw (1 29)

2
0o W

Calculation of these I; and I, integrals is possible with the residue theorem|23]. Jor-

dan’s lemma states that if f(z) — 0 as z — oo, then

lim (2)e"**dz = 0 (1.30)

R—o0 Cr

where C'g is a circular path of infinite radius on the upper z plane for a > 0. Reordering

the terms in the integral in Eq. 1.28 to the form of the integral in Eq. 1.30 we get

e 2 iw(TER ¢ . € 2 L, (rtR_,
5w = lim e D
2 2
o  _otw
e 2 ; 7'+R_t
+ / T, (1.31)
e W

For (£ —t) > 0, first integral of the right hand side becomes zero and left hand side

Vs

can be calculated by applying residue theorem for pole w = 0.

2 9 52,2

== i lim,, WwE 2 () if(2 —¢) > 0,
7{6 - e’w(%_t)dw: _)0( ‘ia2w2 . +R) (US ) (1-32)
w — i limg, o (ws——e“o ) (R ) < .

Vs

By adopting same approach, I; and I5 can be calculated as

I = misen (0 (1.33)
and
Igz—ﬂ(rj;R—t)sgn(rjR—t). (1.34)

Substituting solutions Eq. 1.33 and Eq. 1.34 into corresponding integral forms in
Eq. 1.27 yields the following solution of photoacoustic equation in time domain for
a spherical object homogeneously heated by a short laser pulse having a Gaussian

temporal profile

p(r,t) = 1@%[(7" — vst) sgn(r R t) + (=7 + vst) sgn(r

. . ot (139)

There are three cases based on the propagation time when observation point is outside
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the spherical object [18, 25]:

o If r— R > v4t, the spherical object does not intersect with the spherical shell of

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

o If wytis between the interval [r — R, r + R], the heated spherical object touches
the spherical shell of radius vt. Therefore, the pressure can be described by Eq.
(1.35).

e If r+ R < v,t, then the spherical object cannot intersect with the spherical shell;

thus, p(r,t) becomes zero.

Therefore, these three cases can be combined into the following expression by utilizing

the Heaviside step function, 0(x),

p(r,t) = % g%{(r — vgt) Sgn(r SR —t) + (=7 + vst) sgn(r ;S —t)}
xO0(r— | R — vt |)0(—r + R+ vgt) (1.36)

for outside the object (r > R).

Note that the solution still does not contain a term for pulse duration. Math-
ematical assumptions during contour integral solution leads us to this solution. Fig-

ure 1.3 shows that the change of the normalized photoacoustic pressure wave I% with

Vst

R

respect to normalized time for Gaussian temporal and rectangular radial profiles

observed at different radial positions.
The only variable in the final expression of p(r,t) is the initial pressure py. The

initial pressure amplitude is dependent on laser parameters and the following sub-

section investigated this relation.

1.1.1.1 Photon Fluence. PA wave equation actually deals with time after initial

pressure wave is generated. Assumption of stress and thermal confinement relieves the
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Figure 1.3 Normalized photoacoustic pressure wave % vs. normalized time ’%t for Gaussian
temporal and rectangular radial profiles observed at different radial positions (a) r = 2R (b) r = 4R
(c) r=6R [24].

concerns about initial wave generation. The initial wave generation is directly related

with photon fluence.

Photon fluence (flux) is defined as the number of photons passing through a unit
area and causes a proportional optical energy flow per unit surface area. Although it
is trivial to calculate fluence on the surface of the sample, the fluence calculation for

a deeper regions of a turbid medium requires more complicated estimation models.
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In literature, there are gold standard methods that give realistic fluence models in a
biological tissue. Diffusion approach, radiation transport equation solution are main
analytic methods to obtain photon flux in tissue. In addition to analytic models,
Markov Chain Monte Carlo simulations give numerical results that perfectly match

with real photon distribution in tissue.

For ex wivo microscopic imaging, the thickness of specimen is small enough to
ignore light propagation in tissue. Photon fluence can approximately computed as in
the surface of the tissue. For in vivo imaging purposes, assuming a constant attenuation

of light energy gives reasonable result for depth less than a centimeter.

In order to generate detectable PA waves, energy fluence has to reach a sufficient
level. Thus, the beam diameter and the average power of laser acts contrarily. In AR-
PAM, weakly focused or diffused light is used [26, 27|. The use of large beam diameter
allows higher pulse energies with same fluence. Hence, the laser light reaches a deeper

region of tissue without damaging the surface of the specimen.

1.1.1.2 Radial Profile of Laser. Radial profile of the laser describes the inten-

sity distribution of light in space domain. From electromagnetic (EM) phenomena
point of view, it is the amplitude of the EM wave depending on space coordinates
x,y,z. If a transverse wave travelling in 4z direction is assumed then radial profile
can be denoted as I(z,y). Considering the optical waveguides and wave theory, it is
logical to assume transverse electromagnetic zero-zero mode (TEMgg) [28, 29]. TEMyg
mode ensures spatial coherence, and it is the lowest order mode, resembles a Gaussian

distributed intensity at the output [30].

For a Gaussian laser beam, the beamwidth (equivalently named as focal spot
size) is expressed as full width half maximum (FWHM), which is proportional to stan-

dard deviation of the Gaussian. If a two dimensional symmetrical Gaussian is assumed
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and center of beam is assumed at origin, the intensity of laser can be expressed as

1) = ” (1.37)
r) = exp —— :
sV 2 P 252

where r is the distance from the center of beam on the transverse plane and s is the

standard deviation of Gaussian.

Beamwidth of the light determines the spatial resolution of photoacoustic image.
For the case that focal spot size is greater than the cross section of absorbing object
on the imaging plane, as seen in Figure 1.4, simultaneously generated pressure waves
overlap as coming from single object. As a result, the two absorber illuminated by a

single Gaussian beam are not resolvable.

Light Intensity

Distance

Figure 1.4 For large Gaussian, objects closer than FWHM are not resolvable.

For the case of a significantly narrow beamwidth, photoacoustic wave generation
occurs locally in the illuminated segment of absorber. As seen in Figure 1.5, Gaussian
beam generates PA waves when they coincide with absorber. If laser pulse hits outer
region of absorber, it does not create a detectable PA wave. In that case, the limiting

factor of lateral resolution becomes the scanning sensitivity of the system.

If the focal spot size is smaller than the cross section of absorbing object on
the imaging plane, this also affects the ultrasound frequency. Similar to the physics of
transducers, the thickness or the size of active material (absorbing volume for PAT) is

inversely proportional to the frequency of the generated ultrasound wave. Hence, to



16

Distance

Light Intensity

Figure 1.5 For small Gaussian, limiting factor for resolution is scan step size.

achieve higher resolution in photoacoustic imaging it is important to select appropriate

focal spot size, scanning resolution and ultrasound transducer frequency.

1.1.1.3 Pulse Repetition Frequency. Pulse repetition frequency (PRF) of a

laser is an important parameter in terms of fast image acquisition. Although it depends
on intrinsic properties of the laser used, it has some limitations due to the nature of

PAL

The speed of sound in biological tissues (1.5 mm/usec) and in water (1.4 mm/psec),
limits the minimum time between two consecutive pulses. The pulses should hit the
tissue in such a period that allows acoustic waves travel out of the focal spot. More-
over, the distance that ultrasound waves travel inside the water tank is also important.
Assuming that transducer surface is 7.5 mm away from the sample, we calculate time

delay as 5 psec, which yields a maximum 200 kHz PRF.

Additional to temporal resolution consideration, PRF of a pulsed laser deter-
mines the energy per pulse value. Intuitively, the constant power delivered by the
pump during amplification of light is distributed to each pulse. If the number of pulses
in a certain duration increases, then the energy share of each pulse decreases. Mathe-

matically, the relation between energy and PRF is formulated as [31],

Ppump = Eppfp?" (1-38)
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where Pp,m, is the average power delivered by a pump source, E,, is the energy per-

pulse, and f,, is pulse repetition frequency.
High PRF is desirable for video rate imaging; however, there are other factors

that limit achievable PRF. Depending on the sample and device set up, one should

choose optimum value for PRF by considering the trade off between speed and energy.

1.1.1.4 Wavelength. When a light is incident on a matter, there occurs an elec-

tromagnetic energy transfer to the matter. Depending on the natural frequency of the
electromagnetic wave and the energy levels of the matter, the type of energy trans-
fer vary. For infrared and near infrared spectrum, main transfer mechanism relies on
atomic vibrational energy. When infrared radiation is incident upon a sample, the am-
plitude of vibration will increase drastically due to resonance [32]. From a larger scale,
overall effect of absorption is attenuation in the intensity of the light beam propagat-
ing through a medium. Famous Lambert’s law states that output beam intensity is
exponentially dependent on propagation distance through the sample and absorption

coefficient. It is formulated as
Iout == Iineuad (139)

where [,,; denotes for output light intensity I;,, denotes for incident light intensity and

11, denotes absorption coefficient and d denotes the distance that light propagates.

In photoacoustic imaging, the source of contrast is the absorption coefficient
difference between an absorber and the surrounding tissue. Hence, wavelength depen-
dent p, plays a crucial role in imaging performance. Larger differences of absorption

coefficients yield a better resolution.

Absorption coefficient of a biological tissue is highly dependent on the compo-
sition of that tissue. There are various chromophores in a tissue and the percentage of
that chromophores defines the overall absorption coefficient. Three main chromophores

are water, blood and fat.
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In 1973, Hale et al. [33] made experimental measurements and obtained wave-
length dependent absorption coefficient of water. The spectral bandwidth (200 nm
- 200 pm) they used was very large compared to the visible and the near infrared
(VIS-NIR) region. In 1997, Pope et al. zoomed into the spectrum and obtained more

detailed measurements from 340 nm to 700 nm [34, 35]|.

Figure 1.6 shows the absorption spectra of the water. Until 900 nm, water
absorption is not significant. After 900 nm, the absorption coefficient increases sharply
and makes a peak at 980 nm region [36]. Comparing to other chromophores, VIS-NIR
window is the transparent spectrum for water and allows deep imaging.

Absorption Spectra of Water
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Figure 1.6 Specific absorption spectra of water. (Data is retrieved from website of Oregon Medical
Laser Center) [36].

In the range of the window of transparency for water, oxyhemoglobin (HbO2)
and deoxyhemoglobin (Hb) are most dominant absorbers of NIR light. The specific
absorption spectra of hemoglobin is studied by Cope et al. [37]. There exist a signif-
icant difference of absorption coefficients, particularly in the region starting from red
light ends at NIR. Figure 1.7 shows wavelength dependent values of molar absorption

coefficient of hemoglobin [38, 39].

Another main component of biological tissue is fat and mammalian fat is mostly

composed of triglyceride. The specific absorption coefficient of pork fat (lipid) be-
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Figure 1.7 Molar absorption spectra of oxyhemoglobin and deoxyhemoglobin. (Data is retrieved
from website of Oregon Medical Laser Center) [39].

tween 800 nm and 1080 nm wavelength is experimentally studied by Conway et al. in
1984 [40]. In 2004, van Veen et al. expanded the wavelength range to the spectrum 430
nm - 1100 nm [41]. Figure 1.8 shows the absorption spectrum of lipid [41]. Additional

Absorption Spectra of Fat
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Figure 1.8 Specific absorption spectrum of lipid [41].

to water, blood (specifically hemoglobin), and lipid, there are different chromophores

like melanin, cytochrome C-oxidase enzyme [37].

The utilization of a chromophore strongly depends on the difference of absorp-

tion coefficients at a certain wavelength. This creates optical contrast and allows
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photoacoustic imaging possible for certain applications. For example, imaging of can-
cerous tumors, where tissue is surrounded with excessive capillaries, it is consistent to
use the wavelength, at where hemoglobin absorption is maximum and water absorption
is minimum. Thus, 532 nm (second harmonic of 1064 nm IR light) can be considered
as optimum wavelength. However, if tissue oxygenation is important, then NIR region

around 880 nm is a better region evaluating the specific absorptions.

1.1.1.5 Laser Pulse Duration. Pulse duration of laser excitation is a crucial pa-

rameter in photoacoustic imaging since it affects the amplitude of generated pressure.
The higher the initial pressure yields a greater signal to noise ratio (SNR). For an
efficient PA generation, pulse duration should be on the order of nanoseconds. Con-
sidering the speed of sound in tissue and stress relaxation speed we can conclude that
all the other dynamics of thermoelastic expansion like heat diffusion are observed as
steady state during laser illumination. However, for the pulse duration on the order of
microseconds, heat diffusion should be taken into account. This makes physical model
beyond PA more complicated. Solving a heat diffusion equation is required additional

to particle displacement or pressure wave equation.

1.2 Motivation

In literature, the pulse duration dependency is analyzed by convolving a square
shape pulse of certain width with the Dirac delta solution [42, 43|. Karabutov et al.
solved PA wave equation and obtained a general expression that depends on dimen-
sionless parameters denoted as A and D. They analysed PA wave for both very short

pulse duration (A << 1, D << 1) and long pulse duration (A >> 1, D >> 1) [42].

Sigrist et al. generated a model for spatially Gaussian source problems; however,
their model does not include temporal distribution of source [44]. Lai et al. proposed
a theoretical method for pulsed optoacoustics for a weakly absorbing liquid [45]. They

investigated laser beams with Gaussian shaped temporal and radial profiles. Using far
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field approximation, they obtained analytic and numerical results. Hoelen et al. [46]
modified Sigrist’s solution [44] and represented pressure distribution in terms of pa-
rameters of Gaussian spatiotemporal source formation. They examined the solution
for three different absorber geometries in all dimensions, namely spherical, cylindrical
and planar. They used the solution for Dirac delta source, and utilized convolution to
reach the solution for finite pulse duration. Diebold et al. [47] formulated short pulse
excitation of fluid samples and indicated the photoacoustic pressure wave as the spatial

distribution of heat.

Inkov et al. [48] studied 1D acoustic problem of thermo-optical sound excitation
in turbid medium. They considered photoacoustic effect in linear regime. They solved
the photoacoustic wave equation utilizing the integral of the distribution of heat sources
of an absorbing particle in a liquid. They also applied boundary conditions for the

solution.

Kozhushko et al. [49] presented a theory of the transient photoacoustic be-
haviour. They assumed Gaussian distribution of absorbing object as optoacoustic

sources and approximated the temporal profile by the Dirac delta distribution.

Diebold et al. [50] examined the photoacoustic effect generated by a spherical
droplet in a fluid. They obtained acoustic wave solutions in both time domain and
frequency domain considering a boundary-value problem. They also considered light

pulse expressed by the Dirac delta function.

To our knowledge, photoacoustic wave equation is mostly solved for the Dirac
delta shaped or Gaussian profiles since the laser used in photoacoustic phenomena
is pulsed or very localized. Even though a couple of works deal with photoacoustic
equation for both Gaussian radial and temporal profiles, their solutions are based on
some approximations (such as far field approximation) or for some boundary conditions.
Our motivation was to investigate complete analytic solution of PA wave equation for
spatiotemporal Gaussian source. We present an expression for the photoacoustic signal

that contains the laser parameters (pulse duration and beamwidth) and investigate the
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variation of the signal with respect to the corresponding parameters. We aimed to
design unique laser that has adjustable parameters to experimentally investigate laser

parameter dependent photoacoustics [24].
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2. Method

2.1 Laser Design

Based on the physics of photoacoustics, thermal and stress confinements lead
us to use a pulsed laser. In literature, three types of pulsed lasers have been used: Q-
switched lasers, diode lasers and fiber lasers. The most commonly used lasers are the
ones available in the market with fixed capacity in terms of pulse duration, wavelength,

pulse repetition frequency and output pulse energy.

Maslov et al. built a dark field PAM system by using neodymium-doped yttrium
aluminum garnet (Nd:YAG) laser with 6.5 ns pulse duration. Pulse generation was
based on Q-Switching and 532 nm output was able to deliver 300 mJ energy per
pulse at 10 Hz PRF [51]. In 2007, same group modified PAM system to investigate
wavelength dependent fulence effect. They replaced laser with a wavelength tunable
dye laser that had a range of 576-598 nm with 2 nm steps [52, 53]. In 2008, Maslov
et al. developed an optical resolution photoacoustic microscopy (OR-PAM) by using
Q-switched Neodymium-doped yttrium lithium fluoride (ND:YLF) laser with pulse

duration of 7 ns. They reached 100 nJ pulse energy at 630 nm wavelength [11].

In 2008, Zhang et al. designed a PAI system to evaluate Fabry-Perot ultrasonic
detection design [54]. They used two separate Q-switched Nd:YAG lasers. The first
laser was a wavelength tunable (410-2100 nm) laser. The output of the laser had 8 ns
pulse duration with 10 Hz PRF, which was measured to deliver 12-36 mJ pulse energy
per pulse. The second laser they use operated at 1064 nm and had a pulse duration of
5.6 ns with 20 Hz PRF. This laser was able to deliver relatively higher pulse energy of
45 mJ.

In 2009, Jose et al. characterized Twente photoacoustic imaging system with

a phantom study [55]. They used a Q-switched Nd:YAG lasers at 1064 nm, of which
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output had 8 ns pulse duration with 500 Hz PRF and 14 ns pulse duration with 50
Hz PRF. The laser was able to deliver 3 mJ and 2.3 mJ pulse energies respectively for

corresponding operation modes.

In 2010, Shi et al. used a microchip controlled Q-switched neodymium-doped,
chromium-doped yttrium aluminum garnet (Nd:Cr:YAG) laser and a passively Q-
switched fiber laser [56]. Microchip laser output had 0.6 ns pulse duration and 7.4
kHz PRF at 1064 nm. Pulse energy of 1064 nm output was 1.84 pJ. The output of the
laser was passed through a potassium titanyl phosphate (KTP) crystal for frequency
doubling. Resultant pulses dropped to 0.21 uJ pulse energy at 532 nm. Fiber laser,
on the other hand, had much longer pulse duration of 250 ns and much fast repeti-
tion rate of 100 kHz. It delivered 13 pJ pulse energy at 1075 nm wavelength. After
frequency doubling, the pulse energy of the laser attenuated to 0.06 pJ at 537 nm.
Although, fiber laser was approximately 10 times faster than the microchip controlled
Q-switched laser, it had nearly five times less pulse energy. There was an intrinsic trade
off between pulse energy and pulse repetition rate. See Section. 1.1.1.3 for pulse energy
and PRF relation. In 2011, same group reached 600 kHz PRF using diode-pumped
nanosecond-pulsed ytterbium-doped fiber laser emitting light at 532 nm [57].

Also in 2010, Liu et al. experimented a novel method in terms of pulse dura-
tion [58|. Rather using single nanosecond pulse, they used a sequence of picoseconds
pulses and proved that sequence of pulses provide better signal to noise ratio (SNR).
The laser pulse duration was 6 ps and the duration of group of pulses did not exceed
1 ns. The sequence repetition frequency was 875 kHz and each sequence had 11 nJ

average pulse energy at 1064 nm.

In 2011, Allen et al. used Q-switched Nd:YAG pumped fiber laser that delivered
average power of 20 W at 1064 nm [43]. The pulse duration had a range of 15 to 220
ns and PRF had a range of 10 Hz to 390 kHz. They intended to use such a high power

laser for tomographic applications.

In 2012, Yeh et al. employed a solid state laser and a wavelength-tunable laser



25

for blood pulse wave measurements. The ear of a mouse was illuminated by the wave-
length tunable laser at two different wavelength of 532 and 563 nm. Absorption spectra
of oxygenated hemoglobin and deoxygenated hemoglobin are utilized in order to dis-
tinguish arteries and veins [59, 60|. The laser system they used was named as second

generation OR-PAM and described primarily by Hue et al. in 2011 [61].

In 2013, Zeng et al. used an aluminium gallium arsenide (AlGaAs) laser diode
which provided peak output power of 140 W at peak forward current of 30 A [62].
They drove laser diode with a pulsed current driver and obtained 100 ns pulses at 800
Hz. The 65% of the pulse energy of the laser was attenuated in the lens system and
4.9 pJ pulse energy was delivered to phantom at 905 nm.

Here in this study, we use a specially designed and custom-built laser. The laser
is fully integrated all-fiber mode-locked laser with adjustable parameters. As seen in
Figure 2.1, fundamental component of the laser is specially designed oscillator stage,
which generates pulses of 1 - 3 ns with a very high pulse repetition frequency (PRF) of
3.1 MHz. After oscillator, we have a PRF adjustment stage, which digitally controls
PRF between 50 kHz and 3.1 MHz. For compensation of power loss at AOM, we utilized
two pre-amplifiers at PRF adjustment stage. Then, we have a high power amplifier at
the output stage to reach sufficient average power for PA generation. Finally, we have
photonic crystal fiber (PCF) at the output stage in order to obtain supercontinuum at

the output. The picture of laser is shown in Figure 2.2.

2.1.1 Oscillator

Oscillator is the first stage of the laser, where pulse shaping and mode-locking
occurs. Mode-locked lasers require complicated management of nonlinear effects and
accurate handling of pulse stretchers and compressors. The mechanisms beyond mode-

locking tremendously depend on interaction of Kerr nonlinearity, dispersion, and gain [63].

Initial fiber-coupled single-mode (SM) 980 nm diode laser delivering a maximum
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Figure 2.1 Simplified block diagram of the fully integrated all-fiber mode-locked laser. AOM:
Acousto-optic modulator, FPGA: Field programmable gate array.

Figure 2.2 A picture of the fully integrated all-fiber mode-locked laser.

power of 650 mW is followed by a 0.7 m long Yb-doped gain fiber. Pump-protection fil-
ter rejects unwanted backward propagating light within the fiber to prevent laser diode
to break down. Output of gain fiber is separated by a 70 % coupler and connected to a
8 nm bandpass filter. Although bandpass filter is not obligatory, it improves stability
by filtering out pump light and adjusting central wavelength. In order to guarantee
unidirectional operation, an in-line isolator is added to the circuit. Using an output
coupler of 10% of isolator a reference clock output is fed to the next stage. Then two
polarization controllers added in order to utilize nonlinear effects and to assist mode-
lock operation. A 50 m long HI-1060 single mode fiber is used for Sagnac loop, which
also consists of a 2x2 40% coupler for non linear optical loop mirror (NOLM) [64]. The
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fundamental repetition rate of the cavity is 3.1 MHz. 10% of the oscillator output seeds
the amplification stage with oscillations of 24 mW power and 8 nJ energy. Figure 2.3

shows the schematics of the oscillator setup. Oscillator design is the most crucial part
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Figure 2.3 Schematic of the oscillator stage of the laser. PDL: Pump diode laser, WDM: Wavelenght-
division multiplexer, Yb-DF: Yttirbium-doped fiber, CP: Coupler, ISO: Isolator, POC: Polarization
controller, SMF: Single mode fiber.

of a fiber laser. The specifications of the laser, namely pulse duration and pulse rep-
etition frequency, are determined by the lengths of fibers and polarization controllers.

The unique design of oscillator allows us to adjust mentioned parameters.

2.1.2 PRF Adjustment

The fundamental frequency of the cavity is extremely fast for PA applica-
tions. Considering propagation speed of the acoustic waves in biological tissues (~
1.5 mm/pusec), consecutive pulses hit the tissue before acoustic wave travels out of the
focal spot of the laser. Due to this temporal resolution phenomena, we added PRF
adjustment to the laser. The secondary reason for lower PRF requirement is the need
for controlling energy per pulse value. At final amplification stage, the power of the
pump source, and dependently the output average power is constant. The relation

between PRE and average power can be formulated as [31]

Pave = Eppfor (2.1)
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where Pay ¢ is the average power, I, is the energy per-pulse, and f,,, is pulse repetition
frequency. Obviously seen in Eq. 2.1, for a constant average power, pulse repetition
rate and energy per-pulse are inversely proportional. Therefore, our laser delivers more

peak power at 50 kHz.

The 10% reference output of the oscillator is converted to electrical pulses with
a photodetector (EOT 3500F) and fed to a field programmable gate array (FPGA) as
a clock signal. Based on the clock signal, a new pulse train with desired frequency is
generated. This new pulse train is used to enable signal of acousto-optical modulator
(AOM) driver. The AOM filters out certain portion of the optical pulses and adjusts
PRF of the output. In Figure 2.4, the plot of optical pulse train fed to the FPGA and
output of FPGA connected to AOM is displayed. FPGA creates square pulse windows

Optical Pulse Train and FPGA Output
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Figure 2.4 PRF adjustment method by filtering undesired pulses with AOM.

to selectively enable AOM driver. Note that, dealing with very fast pulses requires
extra care for delay handling. Thus, the lengths of electrical transmission lines and

optical fibers becomes important to achieve overlap on optical and electrical pulses.
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Since, there occurs a power drop at AOM, two preamplifier stages are added to

the system to compansete power loss. Figure 2.5 shows the schematic of two pream-

plifier stages, AOM and FPGA that used in the laser.

PREAMPLIFIER -1
PREAMPLIFIER - 2 POL #PPF' — A
PDL

Figure 2.5 Schematic of preamplifers and PRF adjustment stage. PDL: Pump diode laser, PPF
pump protection filter, Yb-DF: Yttirbium-doped fiber, WDM: Wavelength-division multiplexer, AOM:
Acousto-optical modulator, AOM/D: Acousto-optical modulator driver, FPGA: field programmable
gate arrays, HP-ISO: High power isolator.

2.1.3 High Power Amplifier

The pulse energy and implicitly the average power is important to generate
detectable PA waves. Hence, we need a final amplifier stage to compensate losses and
increase the output power to a sufficient level. We use a 980 nm 25 W (Oclaro BMU25-
980-01/02-R) laser diode as a pump source and a 2.8 m long double-clad Yb:doped fiber

for gain medium as seen in Figure 2.6.

The average power at the output of gain fiber increases linearly with current
supplied to the driver of high power pump diode laser until a certain current. After
a threshold current, temperature stability of pump source is disturbed and linearity

diminishes.
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Figure 2.6 Final amplifier stage pumped by a high power laser diode. HP-DL: High power diode
laser, HP-ISO: High Power Isolator, MPC: Multiple Pump Combiner, PCF: Photonic Crystal Fiber.

2.1.4 Photonic Crystal Fiber and Supercontinuum Generation

A photonic crystal fiber (PCF) is a microstructured optical fiber which guides
the light in its tiny and closely spaced air holes rather than a glass composition.
PCFs are manufactured by extrusion method and generally made of soft glass or poly-
mers [65]. The variety of hole arrangements lead various features and applications of
PCFs. All unique PCF can be considered as speciality fiber [31|. Photonic crystal
fibers are recently spotlighted due to their nonlinear waveguide nature. The variety of

structures and nonlinearity of PCFs, makes them a milestone in nonlinear optics.

Generation of new spectral components is inherent nature of nonlinear optics.
Spectral broadening has been known since early 1960s [66]. When a monochromatic
light undergoes a nonlinearity through its waveguide, a spectral broadening yields a
continuous broad spectrum. Supercontinuum generation is first reported by Alfano
and Shapiro in 1970 in bulk glass material [67]. In 2002, Harbold et al. demonstrated

continuum generation in tapered fiber [68].

In this study, the PCF of 3.5 meter length is spliced to a double clad Yb-doped
fiber of the final amplifier for supercontinuum generation. Since the fusion splicing
of gain fiber and PCF is a very hard and ineffective, we use LMA and SM fibers in

between. The power delivery between wide core fiber to photonic crystal fiber is around
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35%; thus, the output power is 600 mW corresponding to 6 uJ pulse energy. Due to its
air silica honeycomb-like microstructure, nonlinear optical propagation is enhanced in
the PCF [58]. The zero dispersion wavelength of the PCF is 1040 nm. Spectral width
of supercontinuum is 500 nm starting from 600 nm and ending at 1100 nm. Figure 2.7

shows supercontinuum spectrum.

T N T M T M T M T N T

Amplitude (a.u.)

600 700 800 900 1000 1100
Wavelength (nm)

Figure 2.7 Normalized spectrum of supercontinuum at the PCF output.

2.2 Ultrasound Hardware

2.2.1 Transducer Characterization

For the ultrasonic hardware, we use focused immersion ultrasonic transducers
of Olympus Panametrics, with central frequency of 3.5 MHz, 10 MHz and 50 MHz. In
order to maximize the amplitude of received pressure waves, we need to characterize

transducers.

We did focal distance characterization of pulse echo signals. We recorded pulse
echo signals of 10 MHz data in 55.88 mm distance range in 40 step. Each rotation
of linear stage (Thorlabs - LT3/M) corresponding to a 1.397 mm shift in the position
of the tip of the transducer. Since we are working in pulse-echo mode, propagation
distance of ultrasonic waves between the transducer and the first boundary changes
twice of the stage shift. Speed of sound in water is considered as 1.473 mm/usec [69]

and time delay between two reflected waves are measured as 1.897 usec as seen in 2.8
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Pulse Echo Signal for Focal Distance Test
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Figure 2.8 Time shift of two echo signal due to linear stage movement.

Shift in the position of the tip of the transducer is calculated as,
d = v,s X tgelay = 2.794mm (2.2)

which is exactly equal to the twice of position shift. Considering 40 different data, we

observe perfect linearity in ultrasonic distance measurements.

Despite the linear increase in distance, amplitude of ultrasound signal stays
constant. Static pulse amplitude reveals that the gain of received signals does not
depend on the distance from the transducer. In order to minimize attenuation in

water, we minimized the distance of transducer from the sample.

2.3 Data Acquisition and Signal Processing

Data acquisition is done by a PCle data acquisition (DAQ) card manufactured
by GageRazor. DAQ card has 14 bit resolution with 200 Msps sampling rate and
125 MHz bandwidth. Optimal ultrasound frequency is below the 125 MHz for our

application. Thus, DAQ system fulfils the requirement for photoacoustic microscopy.

A MATLAB environment software development kit (SDK) is available for the

DAQ card, which enables us to record PA data in video rate. Signal is 100 sweep



33

averaged and filtered out with cascaded lowpass and highpass filters. Filtering details

are mentioned in Section 2.3.1.

Alternatively, we use a 4 GHz oscilloscope (LeCroy® WaveMaster 806ZiA) in
order to record scan data. In this method, real time data acquisition is not utilized.

Data is stored in the hard drive of the oscilloscope and transferred to the computer.

2.3.1 MATLAB® Graphical User Interface

We designed a graphical user interface (GUT) is in MATLAB® to adjust pass-
band cut-off frequencies of the filters. GUI has the capability of down sampling and
visualize the resultant signal immediately. The filtering part is consisted of a low pass
filter, a high pass filter and a notch filter. Figure 2.9 shows a capture of GUI window.
We coded the MATLAB® GUI to employ it in pre-experiment step. Before making
the experiment mentioned in Section 2.3.3, we acquired sample data from single horse

hair in order to decide filter specifications and choose appropriate transducer.

Browse Signal | Sampling Frequency (MHz) | 00 Down Sample | Rate 100
— Plot Panel
Photoacoustic Signal Recorded From Horse Tail
T T T T T T
0.3+ — Down Sampled Signal
0.2
= 041
=
s 0
=]
=]
= -0.1
o
=
< 0.2
-0.3
-0.4
I L 1 L 1 L 1 1
0.4 0.6 0.8 1 i) 14 16 18 2
Time (sec) 0L
—Low Pass Filter ———————————— —High Pass Filter—————— —Notch Fiter—————————————————
3500 FPass (kHz) 500 FStop (kHz) FNotch
4000 FStop (kHz) 200 FPass (kHz) Band Width
1 APass (dB) 1 APass (dB) APass
30 AStop (dB) E AStop (dB)
Filter Filter

Figure 2.9 MATLAB GUI designed to tune digital filter parameters for the set up used in photoa-
coustic microscopy.
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2.3.2 B-Mode Image Formation

Image formation in photoacoustic microscopy do not require a complicated re-
construction algorithm. We assumed that acoustic signals do not scatter and do not
attenuated significantly. Hence, we considered a straightforward algorithm to obtain

Brightness mode (B-mode) images of photoacoustic signals.

B-mode imaging is the most widely used mode in medical ultrasonic imaging. A
B-mode image represents anatomical organ and tissue boundaries of a cross sectional
region. Instrument is operated at pulse-echo mode, and echo signals are the source
of B-mode images. The 2D information required for B-mode imaging is obtained by
scanning by phased array transducers. As seen in Figure 2.10, each line represents
the direction of scanning and the amplitude line (A-line) recorded by corresponding

transducer element.

(a) (b) ()

(d) (e)

Figure 2.10 Scan line arrangements for commonly used medical ultrasound.(a) linear, (b) curvilin-
ear,(c) trapezoidal, (d) sector and (e) radial [70].

Raw echo signals are amplified and digitized. Then, time gain compensation is
utilized in order to compensate the attenuation in deeper tissue. In B-mode imaging,
only the amplitudes of received echoes are the matter of interest. Therefore, envelope
of signal is detected with Hilbert transform. And resultant signal is transformed into

a 2D matrix, of which amplitudes represent gray scale level of corresponding pixel.
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Presently, more complicated algorithms may be used to enhance the imaging
performance of ultrasound imaging. However, we will not further explain the details
of B-mode imaging. We use the most general and basic method of B-mode imaging in
photoacoustic microscopy. Figure 2.11 represents image formation procedure used in

photoacoustic B-mode images.

Receive > Frequency > Envelope Scan
Beamforming Filtering Detection —> Conversion

Figure 2.11 Image formation algorithm of B-mode imaging.

2.3.3 Phantom Experiments

We constructed different phantoms using horse hair. For all phantoms, we
employed a 30 x 50 x 80 mm aluminium block with 25 mm cylindrical hole in its center
to fix hairs inside the immersion tank. We made the first phantom by fixing a single
hair on the aluminium block in such a way that it coincides with the diameter of that
cylindrical hole. For the second phantom, we designed a 2x2 grid phantom using four
horse hair with average thickness of 280 um. Figure 2.12 shows the picture of the hair
grid phantom and the image of the phantom under the light microscope. Taking data

Figure 2.12 A picture of grid phantom made of horse hair and its image under light microscope.

on the single hair gives information about PSF of the imaging system. For the images
and the results see Chapter 3. We preferred horse hair due to its thickness and its

intrinsic nature of absorption.



36

3. Results

3.1 Phantom Experiments

The experiments conducted with horse hair phantoms aimed to characterize

PSF of our microscopy system.

In Figure 3.1, a B-scan image in the vertical axis represents the intersection of
the two horse hair with scanning axis. The two horse hairs are clearly observable and
the amplitudes of PA waves follow a Gaussian distribution. The diagonal shape of the
PSFs of the horse hairs is an artefact of scanning method in the very first setup. Instead
of scanning the laser light we move sample via linear stage. Thus, the distance that PA
waves propagates changes at each step, and image seems as if signals are coming from a
deeper region in the sample. PSF of the PAM system is large for microscopic purposes.

x 10° Vertical Scan B-Mode Photoacoustic Image of Hair Phantom

Number of Samples

5 10 15 20 25
Scan Steps

Figure 3.1 Vertical B-scan image of grid phantom recorded at ~ 3 mm focal spot size and scanned
with 350 pm linear stage steps.
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However, the results are reasonable due to large focal spot size. Our beamwidth is
comparably larger than the target size (280 pum for horse hair) and laser pulses hit the

target even the absorber is out of the region of interest.

In Figure 3.2, a B-scan image of single hair phantom represents a better axial
and lateral resolution. For this image, we employ a of a narrower beamwidth. Hence,
the laser pulses do not hit the hair when is not in the region of interest. Figure 3.3 shows

x10° B-Mode Photoacoustic Image of Single Hair Phantom

Number of Samples

1 2 3 4 5 6 7 8 9
Scan Steps

Figure 3.2 B-scan image of single hair phantom recorded at sub-millimeter focal spot size and
scanned with 170 pm linear stage steps.

a more detailed scan of the one of the hairs in grid phantom. With this experiment,

width of PSF of our PAM is calculated to be around 500 pum.

3.2 Photoacoustic Waves at Different Pulse Repetition Fre-

quency

In order to investigate PRF affect over PA wave amplitude we acquired three

set of data. At each set, current of high power diode driver is swept from 1 A to 4 A
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x10° B-Mode Photoacoustic Image of Hair Phantom
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Figure 3.3 B-scan image one hair in the grid phantom recorded at sub-millimeter focal spot size
and scanned with 15 pm linear stage steps.

with 500 mA steps. The current range corresponds an output power range of 50-1100
mW after double-clad Yb-DF. In Figure 3.4, a PA signal is shown as N-shaped pressure
wave. The second positive peak after initial peak is the echo of the generated PA wave

travelling in forward direction.

PA Signal of Horse Hair
0-5 I 1 1 1 1

—— Filtered PA Signal|

Amplitude (V)
(=]

Time (sec) x10°

Figure 3.4 A sample PA signal generated at 50 kHz.
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For the amplitude comparison, we consider peak to peak voltage value of the

response of the transducer. As seen in Figure 3.5, amplitude of the pressure wave

linearly changes with average power of the laser. Moreover, the slope

proportionally changes with PRF of the laser.

PA Signal Amplitude v.s. Average Power of Laser

of each line is

1.8f =

1.6 A

o
-
B
[ )

50 kHz

100 kHz

1.2f

0.8

Signal Amplitude (Vp

0.2

400 600 800
Average Power (mW)

1000

1200

Figure 3.5 PA wave amplitudes for different pulse energies at different pulse repetition frequency.
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4. Discussion

Photoacoustic microscopy is advantageous to other microscopy methods used
in life sciences in terms of few aspects. PAM is capable of imaging live cells in vivo.
Moreover, the chromophores that create contrast in PAM are inherent in biological
components. It does not require fluorescence proteins. For example in cancer research,
it is possible to image micro-vascularization in vivo via PAM even for deeper regions

than 3 mm. This unique opportunity accelerates animal studies in cancer research.

PAM image quantifiers such as x-y resolution (lateral) and z resolution (axial)

strongly depends on the properties of laser and ultrasound hardware specifications.

For the ultrasonic hardware, we used 10 MHz transducer with a pre-amplifier
and a pulser receiver with a total gain of 79 dB. Ultrasonic detection part of PAM
is quite trivial and straightforward. The only variable is the ultrasound frequency.
Although 10 MHz transducer receives signals, we are planning to use 50 MHz transducer
for biological samples. Since the size of absorbers in samples determines the generated
frequency of ultrasound waves, tissue level vessels and capillaries requires such a high
frequency transducers. Along with transducer, amplifiers and analog filters are needed

to be replaced with suitable ones.

The laser excitation requires careful handling of all parameters based on appli-
cation. Imaging depth of the microscopy system is inversely proportional with lateral
resolution. For example, pulse duration of the laser should be in the order of nanosec-
onds in order to generate PA waves efficiently. Violation of thermal and stress con-
finements cause heat diffusion to become active degrades the effect of sudden thermal
expansion. Hence, the amplitude of the detected waves decays with increasing pulse
duration. However, another question arises at this point: Is the change of the ampli-
tude of PA wave significant for comparable pulse duration, which secure thermal and

stress confinements. Our custom-made laser has 1-3 ns adjustable pulse duration. Our
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next study will focus on the PA wave analysis depending on different pulse duration in

the adjustable range.

One of the crucial features of lasers, the beamwidth, is highly correlated with
resolution and depth of imaging of PAM system. If the laser light is tightly focused
this improves lateral resolution. However, photon flux is also increases and creates
a concern about pulse energy of the laser. If absorption of the surrounding tissue is
not negligible, we should decrease the amplification of optical pulses not to damage
the surface of the target tissue. Less pulse energy yields much attenuation on the
path of light and decreases the penetration depth of light. Focal spot size of the
laser also determines the frequency of generated PA wave. Smaller focal spot results
in a higher frequency of ultrasound, which also increases ultrasonic attenuation and

decreases depth of imaging.

In our PAM system, the size of the focal spot is determined by lens system
and it is possible to expand the beam replacing lens system. Our results represent the
relation between beamwidth and resolution. As the beamwidth increases, the axial and

lateral resolutions decreases accordingly.

Pulse repetition frequency of the laser is an important parameter to achieve
sufficient imaging speed for clinical purposes. Our unique design allows us to adjust
PRF between 50 kHz and 3.1 MHz by using FPGA. 3.1 MHz is a sufficient frequency
for video rate imaging. Although our novel fiber laser is considerably fast, we decrease
the frequency of the pulses due to acoustic speed limitations. We anticipate a further
decrease in PRF for biological experiments in the case that the pulse energies after

spectral filtering are insufficient.

The results obtained based on PRF investigation are consistent with the theory
considered photon fluence. As the average power increases for a specific repetition
frequency pulse energy also increases, which yields a linear increase in the amplitude
of received signal. Moreover, for the same average power, lower PRF yields a higher

pulse energy. This is obviously seen in the results that 50 kHz line has a highest slope
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among three lines. Hence, actual linear correlation exists between initial PA pressure
and fluence. If we consider PRF value and calculate pulse energy from average power,
we observe that all data creates a single linear function. This conclusion perfectly
matches with the theory about PRF and fluence. This means that the optical energy

that is transferred to the absorbing volume determines the generated pressure.

Signal-wise investigation of laser pulse energy or PRF guides us through better
SNR and less noisy images. Thus, we do not repeat B-scan images for different PRF

in the scope of this thesis.

Employing the PCF at the output, we generate a continuous wavelength spec-
tra between 600 nm and 1100 nm. The aim of using supercontinuum is to have the
flexibility to adjust the wavelength via filtering. We are planning to use discrete filters
with various central wavelengths. Hereby, we are able to excite different chromophores
in biological samples. Instead of using discrete filters, an acousto-optic filtering is a
feasible method to filter spectrum continuously. In the scope of this dissertation, we
did not utilize supercontinuum. We measured PA data excited by the 1064 nm output
before PCF. Here in this study, we only excited a single target, that is horse hairs in
our phantom. Our ultimate goal is expanding our way to different probes by adjusting

wavelength and obtain spectroscopic images.

In this thesis, the novelty is the fully adjustable, supercontinuous, mode-locked
fiber laser. By the help of this custom-made laser, we have the unique opportunity to

experimentally validate laser parameter dependencies of PA waves.
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APPENDIX A. Solution of Photoacoustic Wave Equation for

a Dirac Delta Source

Once generated, the pressure propagation can be modeled as wave propagation
and described by a wave equation. The source term in the wave equation H is highly
correlated with light parameters and medium properties. Obtaining a general analytic
solution based on beam intensity distribution and absorbing volume geometry becomes
compelling. However, point source assumption leads quite accurate results in practice.
The solution to the photoacoustic wave equation, specified in Eq. A.1, can be obtained
by using the Green’s function approach [23|. Wang solved the photoacoustic equation
by treating the source term as a Dirac delta function in time domain [9, 18|

1 0? B PT(r,1)

2 —_—— pumy
( U? 8t2)p(r7 ) va atQ (A]‘)

where vy is acoustic propagation speed, p(r,t) is pressure wave in time ¢ and space
coordinate r, 3 is the thermal coefficient of volume expansion, x is the isothermal
compressibility, and T'(r,t) is temperature at position r and time ¢ [18]. Replacing

p(r,t) with Green’s function and source term with Dirac delta function

1 02 / ’ /
(V? — ﬁ@)G(r,t;r,t) =—0(r—r")o(t—t) (A.2)

the Green’s function in Eq. A.2 for unbounded space is given by

1 —
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and the following integral gives solution to photoacoustic wave equation

t+ 2 r oy
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s

Substituting G in Eq. A.3 into Eq. A.4 and simplifying the expression by replacing
Dirac delta integral fio o(—=t' +1t— %)dt’ =1fort' =¢t— =" we get
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B , 1 9*T(r')t)

 Adnke? lr—7"|  Ot?

p(r,t) (A.5)
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Based on short pulse assumption we can transfer the source term from temperature

distribution to heating function as follows

aT'(r,t
o0y 0 g ) (A.6)
ot
and we get
B , 1 OH(r )
t) = ——— . AT
p(rt) 47Cp " |r—r"| O (A7)
Taking derivative operator outside of the integral we get
5 d / / 1 ’ | r—r' |
t) = — [ dr'————H t— ——). A.
p(rt) anCpot | | —7"| (r Vs ) (A.8)

Note that we can decompose H(r’,t') into space and time components as H (7', t) =

Hy(r")H,(t') and substitute its equivalent into Eq. A.8 we attain

_ B0 , H(r') =]

The temporal component of heating function has a Dirac delta distribution based on
short pulse assumption. However, spatial component of heating function is not that
obvious. Starting from thermoelastic expansion, we can estimate spatial component.
The pressure rise just after the laser excitation can be expressed in terms of the optical
absorption coefficient and the optical fluence considering the following fractional volume

expansion [1§]
av

where T is the increase in temperature.

The stress confinement condition leads us to conclude zero volume change ini-
tially. Left hand side of Eq. A.10 becomes zero and the initial pressure rise just after

the pulse can be written as [18, 71]

po(r) = (A.11)
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Cp

K = pRETeR (A.12)
Assume that all the optical energy converted to heat we can write,
A (r
T(r)= pC('V) (A.13)
which yields
po(r) = A1) (A 19
kpCly,

where A.(r) denotes for the specific optical absorption. It can be expressed as A.(r) =
ta(r)F(r). All the electromagnetic energy is converted to heat, than the spatial com-
ponent of the heating function H(r) can be equivalent to optical absorbed energy and

considered as proportional to initial pressure. Which yields

kpCy

Hy(r) = po(r) 5 (A.15)
Taking delta excitation Hy(t') = 0(t — lr;—r,l) and substituting Eq. A.15 into Eq. A.9
we get
1 0 po(T) |r—7r"|
t) = — [ dr'——=6(t — —— A.l6
p(r?) 4wv§8t/r\r—r’| ( Vs ) ( )

For a spherical object with radius R the reference geometry for source and observer is

seen in Figure A.1. For spherical geometry p(r,t) can be represented by

p(ry1) = polB(R — vt — ) + 0

O(r— | R —vst |)O(R + vst — r)]. (A17)

Since, initial pressure rise is valid for inside the sphere, we can approxiamte pg

as

po(r) = 0(r)0(—r + R). (A.18)
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Figure A.1 Source and observer geometry for spherically absorbing object [18].
Final expression for pressure distribution at a point r outside a spherical object with
radius R is found as

4+ vt
2r

T+ vst

p(r,t) = po(r + vst) + [po(r — vst) + po(—7 + vgt)] (A.19)

The first term on the right hand side represents a converging spherical wave and rest

of the terms stand for diverging waves.

Upon delta heating an initial pg is generated. This initial pressure rise triggers
two seperate spherical waves travelling in opposite direction. One travels outward and
diverges, while the other one travels inward and converges towards the center of the
source. When reached center, it becomes a diverging spherical rarefaction wave [18].

The bipolar, N-shape wave phenomena is accountable.

The first term on the right hand side is converging spherical wave and rest
of the terms represent diverging terms [9]. Upon delta heating an initial py pulse is
generated. This initial pressure rise triggers two sperate spherical waves travelling in
opposite directions. One travels outward and diverges and the other one travels inward
and converges towards the center of the sphere. When reached to center, it becomes a

diverging spherical rarefaction wave [18].
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APPENDIX B. Solution of Photoacoustic Wave Equation for

a Spatiotemporal Gaussian Source

In this section, we treat the radial absorption profile as Gaussian which is a

more comprehensive case compared to the uniform radial profile case

7,2

po(r) = po exp(—2—72)0(r)9(—r + R) (B.1)

where 7 is the standard deviation or beamwidth of the laser. Fourier transform of

p(r,t) gives

) = 2L T
= — X —_
PAT 2T VT P 2
R 70/2 W W
/0 r’ exp(— 27_2)[exp[z'v—s(r -] - exp[iv—s(r + r)])dr’. (B.2)

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

lating the following integral

R 2 oo 2, ,2 /
po 1 , r 0w . T=T
o= = - —t
prt) = e [ el T i )
2 2 /
—exp[—a - +iw(r+r — )] }dwdr'. (B.3)
Substituting
o0 02w2 rF r \/% (TIT' _ t)2
_ ; — )]dw = w7 B.4
| el i s = Y el (Ba)
into Eq. B.3 leads to
po 1
t) = —
p(rt) 2 vgro
R 2o (= )2 2o ()2
r o r o
/0 Fexpl g — ]~ expl g — ) (B.5)

for outside the object (r > R). Calculations of

R P2 ()2
/ Vs /
R R (B.6)
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(B.8)

respectively where erf(z) is the error function.Therefore, substituting the integrals .J;

and Jy into Eq. B.5 gives



49

) - poT? [ 2R(r — vgt) + 2(r —vst)> + R*  R? ]
PAn A (72 + 0202)3/2 P 20202 272
72(=r + R+ vst) + Ro?v?

V20Tue /T2 + o?v?

x {277 (r — vgt)[erf]

(r+ R — v,t)? T2 (r — vgt)? R?
X exp| -]
20202 20202(12 4+ 0202) 272
N f[TQ(T + R — vst) + Ro*v?
er
V20T0,4/T% 4 0202
7'2 T —Vg 0'2'[]2 2
B
>< S
P 20202
(r — vgt)? 2R(r — v,t)
—20v,1/ T2 + 0202 exp| 2072 |[exp| o | —1]}. (B.9)

When the three cases based on the propagation time mentioned in the previous section
are considered, the photoacoustic pressure wave takes its final form
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for outside the spherical object. Hence, Eq. B.10 gives the photoacoustic pressure wave

generated by a short laser pulse which has both Gaussian temporal and radial profiles.

For biomedical optics applications, we take realistic values of v, = 1480m/s,
o = 6.5ns, and R = 3mm |9, 18]. In Figure B.1, we observe the change of the
normalized photoacoustic wave 1% as a function the normalized time %t for % =1-10

values using Eq. B.10. In Figure B.1, the photoacoustic wave has a different shape
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rather than a linear form when 7, beamwidth of the laser pulse, becomes comparable
with the size of the spherical object, R. From Figs. 2 and 3, it is seen that the

amplitude of the signal diminishes with increasing radial position.

In Figure B.1 using Eq. B.10, the change of the normalized pressure wave is
observed with increasing pulse duration o at ¢ = 5us for various 7 in the range of
realistic pulse duration values. Figure B.1 shows that the photoacoustic wave is a

decreasing function of the pulse duration because according to the following expression
E = Pyeax0, (B.11)

the pulse duration is inversely proportional to peak power of the laser provided that
the energy of the laser is constant where ' and P,e. are energy and peak power
of the laser, respectively. Hence, shorter pulse duration yields larger amplitude of

photoacoustic wave by keeping in mind that depth resolution deteriorates.

Figure B.1 shows that as § increases, the change of the normalized signal de-
creases slightly because the radial profile becomes very sharp and behaves like a Dirac
delta function so that the laser parameters (pulse duration and beamwidth) begin to

lose their effects on the signal.
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