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Abstract

We present the results of a study to introduce photoacoustic tomography capability into a 2D
endoscopic 64-element phased and 3D endoscopic 128-element crossed electrode ultrasound
array for the use in endoscopic brain surgery. Our approach was to fix fiber optic cables to the
ultrasound arrays, couple these fibers to a diode bar laser, and alter the ultrasound system
firmware for both endoscopes. Through experiments performed on hair targets, we estab-
lished requirements for transducer operating frequency, transducer dimensions, illumination
intensity and illumination duration. We were able to integrate photoacoustic tomography
into both endoscope systems and achieve images but the acquisition time was far too long
to be surgically useful.
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Chapter 1

Introduction

Minimally-invasive surgical techniques have recently revolutionized the way in which brain

surgery is performed [24]. In minimally-invasive surgery, surgery is performed through a

small corridor and is sometimes guided by real-time video endoscopic imaging and pre-

operative scans. To date, endoscopic imaging is performed primarily using cameras and

conventional optical imaging but there may be surgical advantages to using ultrasound-based

endoscopic probes and research is on the way to developing them [23]. A need for endoscopic

ultrasound tools capable of functioning under tight spatial constraints while still providing

adequate contrast has risen with the rise in popularity of these techniques. In previous

work, our group has demonstrated the use of an endoscopic 64-element phased ultrasound

array that operates with a center frequency of 40 MHz [1]. To date, this ultrasound array

is capable of imaging soft tissue in the brain up to 10mm in depth, distinguishes between

white and gray matter, and is capable of imaging vasculature using ultrafast Doppler imaging

[1, 27]. Doppler imaging allows an overlay to be applied which increases contrast between

fast moving blood and the surrounding tissue. However, doppler imaging is blood-velocity

dependent, making it challenging to detect slow-moving blood which would be found in veins

and microvasculature. Since photoacoustic tomography is independent of blood flow velocity,

photoacoustic tomography could help form a more complete vascular map of the brain such

as in the examples of photoacoustic images of rodent brains that can be seen in figure 1.1

below. Additionally, photoacoustic tomography can assess oxygenation level by using the

absorption difference between oxygenated hemoglobin and deoxygenated hemoglobin which

can also be seen in figure 1.1. With real-time mapping of blood optical absorption we

would able to implement functional imaging in the operating room as is currently done

with neurophysiological monitoring using awake cortical mapping [12]. Doppler imaging is

capable of measuring blood flow but the contrast mechanism is blood velocity rather than

blood volume, making it challenging to detect venous flow and microvasculature. With

1
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photoacoustic tomography (PAT), this functional imaging is constructed from the blood-

oxygen level-dependent (BOLD) signal. This imaging modality would use the difference

between two PAT signals from lasers with different wavelengths to map the location of

oxygenated and deoxygenated blood in the brain. This map of oxygenation could be used

to guide surgeons so that key functional areas of the brain (areas that metabolize oxygen)

are avoided and patient safety is maximized in the operating room.

Figure 1.1: An image of fast functional photoacoustic microscopy of the mouse brain from an
experiment by Yao, Wang, et. al. [37]. The left shows a representative x-y projected brain
vasculature image through in intact skull. The middle shows the x-z projected brain vascu-
lature image. Finally, the right image shows photoacoustic microscopy of oxygen saturation
(sO2) of hemoglobin in the mouse brain. Where red vessels have a high oxygen (arteries)
saturation and blue/green regions have low oxygen saturation (veins). SV = skull vessel.

We can achieve this functionality in surgery by adding photoacoustic tomography to

intrasurgical ultrasound endoscopes. PAT is an imaging modality that uses generated light

and ultrasound to produce an image. PAT works by illuminating a sample medium which

absorbs some of the incident photons. In the brain the main optical absorber is blood.

The absorption of incident photons by the blood induces a rise in temperature as energy is

transformed into heat and this increase in temperature creates a thermal expansion resulting

in the formation of an acoustic pressure wave that then propagates through the medium

[40, 35]. We intend to construct a photoacoustic phased array by directing laser light to the

endoscope tip using fiber optics to generate and measure these pressure waves and use it to
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form an image of vasculature that can be overlaid on B-mode ultrasound images.

1.1 Potential Clinical Applications of Endoscopic PAT

A specific example of a clinical application for this endoscopic photoacoustic tomography

probe is for the neurosurgical removal of cavernous angioma also known as cerebral cavernous

malformations (CCM): a vascular malformation formed by a collection of abnormally dilated

blood vessels [29, 25]. These growths can range in size from less than a few millimeters to

several centimeters and are characterized by “caverns” of blood-filled vasculature where

blood flows very slowly. These structures are highly vascularized and would therefore create

strong targets for a photoacoustic imaging system but the slow moving nature of the blood

in this vasculature may not be measurable using ultrafast doppler imaging. This, combined

with CCMs having undefined borders and dynamic structures that change in size and shape

over time, PAT could prove useful in giving surgeons a more accurate representation of

these lesions during surgical procedures in combination with pre-operative scans. CCMs

are present in around 0.5% of the population and account for 8-15% of all brain and spinal

vascular malformations [29].

While the structure of CCMs is ideal for PAT given their vascularization, this system

could perhaps be more clinically useful in imaging highly vascularized tumors such as re-

current glioblastoma multiforme (GBM) which cause more serious harm to patients. These

tumors, which grow from glial cells (astrocytes and oligodendrocytes), account for approxi-

mately 17% of brain tumors and are characterized by a vascularized surface with a necrotic

core [41]. Since the tumors recruit blood vessels to aid in rapid growth, vascular images

using PAT could help surgeons resect the tumor with better margins, leaving more healthy

tissue around the exised lesion. Since GCMs are a highly aggressive form of cancer and pa-

tient prognosis depends greatly on the surgeons excision of the tumor, ensuring our system

is useful in imaging these structures could affect the lives of many patients if implemented

clinically.

Other possible applications of a PAT endoscope for use in brain surgery include minimally

invasive in vivo imaging of epileptic seizures, imaging of vascularized glioblastoma tumors,

measuring of the metabolic rate of oxygen and glucose, and early-stage theranostics [42, 39,

19]. Additionally, use of contrast agents such as gold nanoparticles, fluorescent proteins, and
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organic dyes could be used in combination to increase image contrast [39].

1.2 The Photoacoustic Effect

The photoacoustic effect is a process by which energy from photons is converted into acoustic

pressure through absorption and thermal expansion and is the process that makes photoa-

coustic imaging possible. The local pressure rise p0 that is found immediately after the light

pulse is absorbed by a sample medium is given by equation 1.1 [32].

p0 = ΓηthµaF (1.1)

Where ηth is the percentage of incident power converted to heat, µa is the absorption

coefficient of the medium, F is the fluence, and Γ is known as the Grueneisen Parameter

given by:

Γ =
βv2s
CP

(1.2)

where β is the thermal coefficient of volume expansion, vs is the speed of sound in the

sample medium, and CP is the Specific heat capacity at constant pressure. The Grueneisen

Parameter of human blood is 0.16 [36].

Using these equations and the wave equation for ultrasound, a derivation of a formula for

the pressure at a particular time resulting from the pulse excitation of a cylindrical absorber

is given by the following equation [15]:

pf (t̂) =
ip0
2π

∫ ∞
−∞

J1(q̂)H
(1)
0 (ĉq̂r̂)e−iq̂t̂

q̂[J1(q̂)H
(1)
0 (ĉq̂)− ρ̂ĉJ0(q̂)H(1)

1 (ĉq̂)]
dq̂ (1.3)

Where J0 is the zeroth-order Bessel function, J1 is the first-order Bessel function, and

H
(1)
0 is the zeroth-order Hankel function. With t̂ = vst/a, ĉ = vs/cf , r̂ = r/a, ρ̂ = ρc/ρf , and

a is the radial coordinate, cf is the speed of sound in water, ρc is the density of the target,

and ρf is the density of water. q̂ is a dimensionless frequency where q̂ = ωa/vs.

The derivation of this equation involves finding a solution, p, to the wave equation, solving

for the pressure in the surrounding medium, pf , and taking the Fourier transformation. The

resulting pressure profile depends on the light source incident on the sample medium and the

properties of the sample medium being imaged including its geometric shape. An example of
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a photoacoustic signal from a cylindrical source with an incident delta function illuminating

light source can be seen in figure 1.2 below.

Figure 1.2: Example of a simulated (left) and experimental (right) pressure plot from a
cylindrical photoacoustic target [15]. Where p is the pressure and τ̂ is the dimensionless
retarded time.

1.3 Diode Laser as Pulsed Light Source

Most photoacoustic systems require use of a short pulsed light source to excite thermal

expansion and create an impulsive pressure wave. In the vast majority of PAT systems,

neodymium-doped yttrium aluminum garnet (Nd:YAG) lasers in combination with optical

parametric oscillators (OPO) or dye lasers are used as the illumating source but these lasers

are expensive, bulky, and have a low repetition rate making them a poor choice for high-

speed imaging [30]. It is also often the case that these lasers require the use of a vibrational

isolation table making them even more impractical for clinical use. In recent experiments,

PAT has been performed using diode lasers which are considerably less expensive (can be

up to 5 times less than Nd:YAG/OPO), are smaller, and are capable of higher repetition

rates but at lower energy per pulse [30, 7]. A study comparing the imaging of a horse-hair

phantom using a pulsed diode laser and a Nd:YAG/OPO laser showed that averaging low

energy pulses at a high repitition rate from the diode laser gave better signal-to-noise ratio

(SNR) than a smaller number of high energy pulses from the Nd:YAG/OPO laser [30].
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In this project, we chose a laser with a wavelength in the “tissue window” for imaging tis-

sue [11]. This window is determined by the optical absorption of various biological substances

in skin which shows that the optimal wavelength range to achieve maximum penetration in

tissue is between 800 nm and 1000 nm which is mainly determined by the absorption by

water [11]. We use an 808nm diode bar laser (QD-Q1R05-ILO MM24007 Quantel Laser

Diodes, France) with 500µJ of pulse energy, 28-53 ns pulse width (FWHM), and a 1kHz

repetition rate which is comparable to diode laser experiments previously performed [30, 7].

All of our experiments were peformed with the pulse width set to 28 ns. This laser is also

very small and portable measuring approximately 60mm by 40mm by 22mm. Having a small

laser will be important when it comes to incorporating the PAT system into the casing of

the pre-existing ultrasound setup. The diode laser was also inexpensive at a price of $15,000

compared to more traditional Nd:YAG/OPO laser which cost $80-100k and so overall we

believe this laser to be more clinically practical for photoacoustic tomography in tissue such

as brain.

While this 808 nm wavelength is good for imaging blood since both oxygenated hemoglobin

(HbO2) and deoxygenated hemoglobin (HbR) are good absorbers at 808 nm (figure 3.4), the

signals from both of these hemoglobin molecules would be identical since their absorption is

essentially the same. This means in order to perform BOLD functional imaging we would

require a second laser with a wavelength between 600-800 nm where their absorption co-

efficients are further apart. In taking the difference in PAT signal produced by each laser

we could then map the functional regions of the brain due to the metabolism of oxygen in

these regions. We could also use fast doppler imaging to perform this functional imaging

using blood velocity, however, photoacoustic tomography would provide increased contrast

in microvasculature where blood moves very slowly.

The chosen diode laser has a laser diode bar which is a one-dimensional array of broad-

area emitters. Our laser consists of 5 rows of one-dimensional arrays with 20 emitters each

which can be seen in figure 1.4. A property of diode bars are the rectangular image created

which has a “fast axis” direction which corresponds to the vertical direction, and a “slow

axis direction corresponding to the horizontal direction. These are named because typically

the “fast axis” is fast diverging and the “slow axis” is slowly diverging. However, the

manufacturer has included a collimating cylindrical lens in the fast axis which reduces the

divergence to 0.83◦ leaving the slow axis to diverge faster at 6.04◦.
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Figure 1.3: An image of the 808nm diode laser used in this project.

Figure 1.4: a) The diodes bars of our laser that make up the total laser output. b) An
example of a diode bar [8] © 1992 IEEE.

The difference in divergence results in two different virtual point sources for the fast

and slow axes which results in an astigmatism in the wavefronts at the output and so upon

focusing would lead to different focal locations. We needed to correct for this astigmatism

before coupling our laser to the fiber optics we attached to the endoscopes so that the

wavefronts couple to the fiber bundle efficiently.



Chapter 2

Thesis Objectives

This project aims to introduce photoacoustic tomography into two already existing endo-

scopic ultrasound probes, a 2D 64-element phased ultrasound array and a 3D 64 x 64-element

crossed electrode ultrasound array, using a diode laser as the pulsed light source. We pro-

ceed by establishing requirements for optical fluence, transducer operating frequency, device

aperture, penetration depth, and contrast. We then present a novel design meeting those

requirements in which laser light is delivered through a set of optical fibers via a coupling

system designed to minimize the amount of light lost and thus maximizing the fluence reach-

ing the tip of the endoscope. The performance of the device will then be verified by imaging

hair targets in water and in custom tissue mimicking phantoms.

Our approach begins with performing preliminary single element transducer experiments

on a hair target in water with focused laser light to determine the SNR and resolution

required for the intended imaging. We would then use the 2D 64-element phased ultrasound

array to image the hair target and make any necessary adjustments to software to include

averaging and to the firmware to adjust for any delay changes in the system. Measurements

would be taken of the SNR, which is influenced by the fluence and repetition rate, and

resolution and bandwidth, which are determined by the ultrasound transducer. A tissue

mimicking phantom would then be designed and fabricated in order to verify requirements

have been met to image in tissue. An illumination source would then be designed as well

as a coupling system to couple to the fiber optics. The coupling efficiency of the design will

affect the amount of light that ultimately reaches the photoacoustic target which will affect

the amplitude of the resulting pressure produced thus affecting the overall SNR. The fiber

optic cable bundle and endoscope tip fiber configuration would be designed and fabricated,

attaching fibers to each of the two endoscopes. Images of the tissue phantom would then be

taken using the 2D photoacoustic endoscope with fiber optic illumination and these images

would be assessed to see if they meet the design requirements established. The experiments

and fabrication steps would then be repeated with the 3D 128-element crossed electrode

8
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ultrasound array and resulting images would be also be assessed to see if they meet the

design requirements.

Whether or not the endoscopes meet the design requirements will determine their use-

fulness as a surgical tool. Ultimately, if the images produced by these endoscopes do not

provide adequate contrast between the background noise and the photoacoustic signal they

will not provide surgical information and this would be affected by optical fluence and the

amount of averaging we need to do to create this level of contrast. Since in photoacoustic

imaging, we only receive signal from optically absorbing parts of the target there should be

improved contrast in photoacoustic images. Therefore, we aim to achieve at minimum a

higher contrast than we see in ultrasound images using the same ultrasound system. The

current ultrasound system gives a contrast of 22 dB with a target of hair in a water bath and

so we aim to achieve a contrast higher than this value in tissue-mimicking phantom. If the

transducer operating frequency is too low then images will not be created quickly enough

for the surgeon to use this information in the operating room. We aim to show that PAT

images could be taken with this system at a frame rate of 1 FPS. Since this is meant to

integrate into an already existing system we also need to make sure the penetration depth

matches the ultrasound imaging window otherwise data will be lost at greater depth which

means we need to image at least 10 mm in depth. Finally, this device is endoscopic and

so we aim to keep the device aperture similar to the current ultrasound endoscope aperture

which has the dimensions 2.5 x 3.1 mm [1].



Chapter 3

Proof of Principle and Beamforming

In order to begin to integrate photoacoustic capabilities into the ultrasound endoscope, we

wanted to first demonstrate that we could obtain a photoacoustic signal using the diode laser

and phased array ultrasound transducer. We also wanted to use a simple, controlled case

to measure the lateral and axial resolution of the photoacoustic signal when our laser and

ultrasound transducer are used in combination.

In order to measure a photoacoustic image and determine these resolution values, an

experiment was devised whereby a line target made of human hair, which is a good optical

absorber due to its melanin content, would be illuminated by our pulsed light source, an

808nm diode laser with 500µJ of pulse energy, and the resultant pressure waves would be

collected by the pre-existing 64-element phased array. In this setup we would illuminate the

target from the side and collect the image from the top using the ultrasound probe which

can be seen in figures 3.2 and 3.3. This setup allows us to achieve a photoacoustic image

using the pre-existing ultrasound system prior to having to deal with first integrating the

light source into the endoscopic form factor, and also allowing us to work out the changes in

beamforming that need to take place with a simple case.

The ultrasound system includes three main parts, the motherboard, daughter cards, and

transmit/receive boards which can be seen in figure 3.1 [28]. The eight daughter cards

relay the information between the motherboard and the transmit/receive boards and the

motherboard then sends the collected data to a computer which runs the software to control

the rest of the system. There are two versions of the software that run this system. One

beamforms the data in real time and displays the sector scan of the ultrasound image and

the other collects and displays the raw data from a single channel. Since the channel data

program takes the data from each of the 64 elements over time, the software allows us to

implement averaging and do our own beamforming in post we decided to make changes to

this version of the software. There are two main probes being used with the system: a 40

MHz 64-element phased ultrasound array used for 2D imaging, and a 30 MHz 128-element

10
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crossed electrode ultrasound array used for 3D imaging. We used both of these probes to

implement photoacoustic tomography to the system. Other applications being studied with

this system include implementing histotripsy which uses focused ultrasound to ablate tissue,

doppler imaging which uses the doppler effect to detect movement including that of blood,

and ultrafast ultrasound which would aim to make the system faster.

Figure 3.1: The ultrasound system inner electronics.

In order to execute this experiment, it was necessary to complete the following devel-

opment work. First, we needed to use optics to focus our laser light and maximize the

photoacoustic signal we hope to measure. We then used a simplified version of this experi-

ment with a single element transducer to get a preliminary photoacoustic signal and establish

the lateral and axial resolution before we moved on to the 64-element transducer. Changes

then needed to be made to the ultrasound systems host software so that we can collect

images from the pre-existing firmware. Finally, a beamforming algorithm was developed to

process the data into a final image.
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Diode Laser

Endoscopic Probe

Hair Target

XYZ Adjustable Mount

Adjustable Base

Glass Tank

Water

Figure 3.2: A diagram of the experimental setup.

Figure 3.3: A picture of the experimental setup.
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3.1 Selecting a Phantom Imaging Target

The properties of the material chosen will affect the amplitude of the photoacoustic pressure

wave as in equation 1.1. We therefore use a target material with a high absorption coefficient

compared to that of blood since this will be the significant factor in changing the initial

pressure at the target in equation 1.1. If we look at the absorption spectra of various

substances in the human body in figure 3.4, we can see that oxygenated hemoglobin, HbO2,

and deoxygenated hemoglobin, HbR, have an absorption coefficient at least an order of

magnitude higher than all of the other substances we find in tissue apart from melanin. Since

melanin is not commonly found in tissue other than skin and hair, blood is the significant

absorber compared to the surrounding tissue in our target tissue in the brain.

While blood would be the ideal target material to use to test our system, since it is

the goal to image vasculature, there are significant challenges to working with it. Blood

is difficult to obtain because it would either need to be drawn or obtained in an ethical

manner, it would need to be properly stored and handled, and quickly coagulates. Blood

also creates a challenge in creating a small enough line target due to the fact that most

tubes used to contain it would be larger than the resolution of the ultrasound system. We

therefore decided to use a comparable substitute that would be much easier to work with

and considering everything above, the material chosen for imaging in this experiment was

human hair which contains melanin since we know this will have a significant amount of

absorption. At λ = 808 nm melanin has µa ≈ 100 cm−1 compared to 10 cm−1 for blood [38].

Other researchers have used hair targets as well due to the fact that it is readily available,

has a large optical absorption due to its melanin content and is much more convenient to

work with than blood [4, 38].

3.2 Focusing Optics

The material properties of the photoacoustic target are not the only factors that will affect

the amplitude of the photoacoustic signal. According to equation 1.1, the fluence, which is

the optical energy per unit area, incident on the photoacoustic target is another important

contributor to a high amplitude signal. We therefore wish to maximize the fluence on our

hair target and in order to do this we need to focus the laser light.
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Figure 3.4: The absorption spectra of major absorbing substances in tissue [38].

Figure 3.5: An image of the output of the laser in the near field.

The diode bar laser consists of rows of diodes whose added optical output create the

laser image. This results in the diode laser having a rectangular image, which can be seen

in figure 3.5, where the near field image at the output of the laser is 5 mm in the slow axis

(horizontal) and 2.3 mm in the fast axis (vertical). A diagram of the diode face can be seen

in figure 3.6. The beam was measured to diverge by 6.04◦ in the slow axis and 0.83◦ in the

fast axis. This means that when we have the laser as close to the hair as possible while still

leaving room for the endoscope to fit above the hair in the water tank (∼4 cm) the beam is
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13.5 mm by 3.46 mm.

Figure 3.6: A diagram of the front face of the laser diode.

We can also see in figure 3.5 that there are gaps in this laser image due to the gaps

between the diode bars in the laser. These gaps mean that this area at 4 cm is not entirely

illuminated and if not properly aligned, the hair could be sitting in one of these dark zones

with little to no light illuminating it. This is more of an issue at the focus of the laser due

to the fact that as the light becomes unfocused this image becomes more uniform. Since the

hair is only 40 µm in diameter all of this means that most if not all of our light is not hitting

the target. We can drastically increase the amount of light hitting the hair target by focusing

the light from the diode laser into a small spot which will also decrease the likelihood that

the hair is sitting in a dead zone. The hair is aligned with the laser by placing a white

surface behind the hair and manually aligning it by eye. With the light focused it is easier

to manually align the hair because the spot is brighter and easier to see.

The focusing optics used to do this can be seen in figure 3.7. A 40 mm cylindrical lens

(Thorlabs LJ1125L-B Plano-Convex Cylindrical Lens, Antireflection Coating: 650-1050 nm)

corrects the astigmatism by moving the focus in the horizontal direction to the same spot

as the focus in the vertical direction which also reduces the 6◦ divergence in the horizontal

direction. Next, a 35 mm spherical lens (Thorlabs AC254-035-C-ML Achromatic Doublet

Antireflection Coating: 1050-1700 nm) was used to focus this new image down to an image

size of 2 mm by 0.5 mm in air. The unfocused image has an area of 4.67 ×10−5 m2 and the

focused image has an area of 1.0 ×10−6 m2, which gives an increase in fluence from focused
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to unfocused of 46.7 times.

This lensing system is designed to maximize the fluence of light on the hair in this case

and is only illuminating a fraction of the total ultrasound volume. While this maximizes

the photoacoustic signal for preliminary testing, when we move to integrating the fiber optic

cables into the final endoscope we will need to illuminate the entire volume within the

ultrasound probe’s field of view and so will have a reduction in the fluence and thus the

photoacoustic signal strength.

Diode Laser

40 mm

Cylindrical lens

35 mm

Spherical lens

Hair Target

Figure 3.7: A diagram of the focusing system.

3.3 The Photoacoustic Signal from a Cylindrical Source

In order to calculate the photoacoustic signal we expect from a cylindrical hair target and a

gaussian light pulse with a full-width half-max (FWHM) of 28 ns, we first find the impulse

response of the hair with a delta pulse using equation 1.3. To calculate we convert the

normalized values in 1.3 to physical values that model the experimental conditions using a

distance from transducer to hair of r = 6 mm, a speed of sound in water of cf = 1480 m/s,

a speed of sound in hair of vs = 2500 m/s [26], a radius of hair of a = 20 µm, and a density
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of hair of ρc = 800 kg/m3. The resulting simulated impulse response can be seen in figure

3.8 below.

Figure 3.8: Simulated impulse response of a hair target with a delta function pulse.

The simulated impulse response was then convolved with the gaussian intensity profile

of the laser pulse given by the following function where σ ≈ FWHM/2.3548 = 28 ns/2.3548

as specified by the manufacturer [34].

f(t) =
1

σ
√

2π
e−(t)

2/(2σ2) (3.1)

This convolution gives the resulting photoacoustic signal in figure 3.9. Performing fre-

quency analysis on this photoacoustic signal gives the frequency spectrum in figure 3.10 with

a center frequency of 7 MHz.
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Figure 3.9: Simulated photoacoustic signal resulting from the convolution of the gaussian
pulse and the photoacoustic signal from a delta function excitation.

Figure 3.10: Simulated frequency spectrum of the photoacoustic signal resulting from the
convolution of the gaussian pulse and the photoacoustic signal from a delta function.
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These simulations indicate that the photoacoustic signal from the hair target peaks at a

frequency of 7 MHz, significantly lower than the center frequency of the transducers used in

this thesis. However, the simulations also indicate that the bandwidth of the photoacoustic

signal is quite wide (310% fractional 6 dB bandwidth) so that the photoacoustic signal

strength is only 9 dB lower than its peak value at 22 MHz (the center frequency of the

transducer used in Chapter 3) and 26 dB lower at 30 MHz (the center frequency of the

transducer used in Chapter 5). The low peak frequency of the PA signal is due primarily

to the 28 ns pulse width of the laser. The center frequency of the photoacoustic emission

spectrum would be increased to 22 MHz if the pulse width could be reduced to 8.2 ns and

to 30 MHz if the pulse width could be reduced to 6 ns. Unfortunately, reductions in the

laser pulse width could only be achieved through a redesign of the bar laser and/or laser

drive electronics which was outside the scope of this work. The peak photoacoustic emission

frequency is also weakly dependent on the hair target diameter and could be increased if a

lower diameter target were used.

While not optimal, the PA center frequency predicted from these simulations remains

suitable for verifying the concept of a photoacoustic endoscope using a 30 MHz center fre-

quency array. Based on this simulation, if, in future, the laser pulse width can be reduced to

an optimal duration while maintaining laser fluence, photoacoustic signal strength for a 30

MHz array could be increased by a 26 dB relative to the signal amplitude reported in this

thesis.

3.4 Single Element Transducer Experiment and Results

Instead of starting by imaging this hair target with the 64-element phased array transducer,

we decided to first use a single-element transducer in an attempt to see if we could achieve

a photoacoustic image at all and use this much simpler case to trouble shoot the issues we

might have with alignment and focusing of the laser light on the target.

Several single element transducers were tested in order to find the best available trans-

ducer to use to test our photoacoustic signal. We selected an 8-element annular array trans-

ducer (DS-001: Annular Array 28MHZ-8El, Daxonics Ultrasound, NS) with a center element

which is a 22 MHz unfocused single element transducer with a radius of 0.62 mm which is

indicated in figure 3.11. We decided to use only the center element because it is an unfocued

array with a lower center frequency compared to the other transducers and this lower center
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frequency was closest to the center frequency of the photoacoustic signal.

Figure 3.11: The 22 MHz 8-element annular array with the element we used indicated (left)
and the full annular array transducer assembled (right).

We used a high-frequency pulser/receiver (10ERS5 Daxonics Ultrasound, NS) with the

transmit pulse on the receiver shut off by disconnecting the trigger signal for transmit. The

laser then illuminated the hair so that the photoacoustic signal in figure 3.12 was measured.

However, in order to clearly see the photoacoustic signal we needed to average this data

over 512 frames which can be seen in figure 3.12. This averaged signal has a peak voltage

of approximately 3.3 mV and an RMS noise floor of 0.42 mV giving a signal-to-noise ratio

(SNR) of 7.8. Without averaging, the SNR of this signal is 0.35 which tells us that averaging

of the photoacoustic signal of this magnitude will be required in order to achieve a reasonable

SNR. The SNR of the averaged signal of 7.8 was consistent with the dependence on SNR of

1/
√
N where N is the number of averages.

In order to measure the lateral resolution of both the ultrasound and photoacoustic signal,

the transducer was moved across the hair in increments of 0.02 mm and both signals were

measured at each location. The peak signal was then calculated in each case and plotted

versus the position with respect to the center of the hair which can be seen in figures 3.13

and 3.14 along with simulated data. These plots are called the lateral point spread function

(PSF) and shows the cross-sectional image of a point target measured by the ultrasound

transducer. It is a common practice in imaging to measure the full width at half maximum

of these distributions to give the lateral resolution of both ultrasound and photoacoustic

images. The lateral resolution represents the width of a point target in an image created by
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Figure 3.12: Raw oscilloscope results from the single-element ultrasound transducer (left)
and oscilliscope results from the single-element ultrasound transducer averaged 512 times
(right).

either our ultrasound or photoacoustic imaging system. For ultrasound imaging with this

probe we find that the lateral resolution is 0.30 mm and for photoacoustic imaging we find

a lateral resolution of 0.74 mm after applying a bandpass filter with a FWHM bandwidth

of 2 MHz and a center frequency of 13 MHz to the photoacoustic signal. The filter removed

low frequency content believed to be due to lateral modes in the annular array transducer.

This gives a photoacoustic resolution that is 2.47 times the resolution of ultrasound. In

figure 3.13 we see reduced side lobes in the experimental data and we believe this is due to

a combination of the presence of a backing layer and an effective appodization effect due

to the element being part of a larger, kerfless array rather than an actual single element.

While we can explain this difference in side lobes, the difference of 2 dB would not matter

for imaging since measurement error would account for a larger difference.

For ultrasound, the lateral resolution is determined by the beam width of the ultrasound

probe which is dependent on the aperture width of the transducer. This can be seen in

figure 3.15 which shows the beam pattern at a given distance away from the transducer face

and the dependence of this beam pattern on the transducer diameter. The lateral resolution

is often calculated as the -3 dB beamwidth at any given depth from the transducer and so

we can see that the lateral resolution will increase as we move axially from the focal zone

at the near field/far field transition. We can decrease the beamwidth of the ultrasound

transducer by focusing the sound using either an acoustic lens or by delaying element pulses
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of a multi-element transducer.

Figure 3.13: Plot of simulated and experimental results of the lateral point spread function
for Ultrasound imaging of the hair target with the single element transducer.

Figure 3.14: Plot of simulated and filtered experimental results of the lateral point spread
function for Photoacoustic imaging of the hair target with the single element transducer.
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Figure 3.15: Diagram of the beam width at various distances from the transducer face [3].

In photoacoustic tomography, the lateral resolution is also dependent on the beamwidth

of the ultrasound probe but the difference between the two will come from the fact that the

ultrasound transducer focuses on transmit and also on receive and so has a two-way focus

where the effective two-way transmit-receive aperture is the convolution of the transducer

aperture with itself which gives reduced -3 dB beamwidth. Photoacoustic imaging uses the

pressure wave created by the photoacoustic effect and so has no transmit pulse and can only

focus on receive. This one-way focus means that we should expect the photoacoustic lateral

resolution to be approximately two times the width of the ultrasound lateral resolution.

Essentially, if the ’natural’ focus were a true focus, the two-way intensity at the focus would

be the square of the one-way focus and would have a FWHM of approximately one half of

the one-way focus which agrees with our results.

We can simulate the near field for our transducer by using a Fresnel-Kirchhoff diffraction

integral described by Gillen and Guha [10]. In this paper, they formulate the following

equation in order to calculate this field:

−→
E (P1) =

kz1
i2π

∫∫ −→
E z=0

eikρ

ρ2
dx0dy0 (3.2)

Where ρ =
√

(x1 − x0)2 + (y1 − y0)2 + z21 , x1, y1, and z1, are the x, y, and z corrdinates

of the field point P1 and x0 and y0 are the x and y corrdinates of the aperture at z = 0.
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−→
E z=0 is the field at the aperture, and k is the wave number. This equation adds spherical

waves that have been weighted by the aperture and is a solution to the homogeneous wave

equation. This approximates the aperture as an infinite number of point sources at x0 and

y0 and calculates the diffraction pattern at each point P1 created by such an aperature.

This approach was used to simulate both the ultrasound and photoacoustic point spread

functions for our single element transducer and this simulated data was seen along side our

experimental results in figures 3.13 and 3.14. We can see in these figures that the simulated

results fit the ultrasound data quite well, with the simulated lateral resolution being 0.29 mm

and our experimental lateral resolution being 0.30 mm. The simulated photoacoustic results

show that the lateral resolution should have been 0.76 mm and the experimental results gave

0.74 mm after filtering using at 12 MHz to 14 MHz bandpass filter to remove lateral modes

that artificially degraded the lateral resolution including a large 4 MHz component we believe

to be caused by a lateral mode of the kerfless array. We believe the effect of these lateral

modes appear in the photoacoustic PSF but not the ultrasound PSF because the bandwidth

of the photoacoustic signal is significantly larger than the bandwidth of the ultrasound signal

on transmit. The sensitivity of the photoacoustic signal to the lateral modes is specific to

this kerfless, annular transducer and is not a problem with photoacoustic signals generally.

When the lateral mode is filtered out, the measured resolution matches the theoretical. We

should also expect that when we move to the 64-element phased ultrasound array, these

additional lower frequency contributions would not contribute to the signal since it is unique

to the kerfless array.

The final piece of data we wanted to bring from this single element experiment was the

axial resolution in the case of photoacoustic tomography. Axial resolution depends on the

pulse width of the photoacoustic signal and is mathematically described as half the axial

pulse length. Therefore, a pulse with a broad bandwidth will have a short pulse length and

consequently a high axial resolution. The pulse width is determined by the number of cycles

multiplied by the wavelength. We can see from the photoacoustic emission spectrum of the

hair in figure 3.9 that the number of cycles in the photoacoustic signal is one. The pulse

length of the photoacoustic signal was measured to be 115 µm which means that the axial

resolution is 57.5 µm. The pulse width of the ultrasound pulse echo was measured to be

416 µm and therefore has an axial resolution of 208 µm. The photoacoustic signal therefore

showed an increase of axial resolution of 1.8 times. The axial resolution is greatly limited by
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the 12-14 MHz bandpass filter applied to ultrasound and photoacoustic signals as compared

to the axial resolution achieved when the signals are unfiltered.

Through this single element experiment we found that the photoacoustic signal has an

SNR of 0.35 with no averaging and energy per pulse of 500 µJ, a lateral resolution of 0.74

mm with filtering and an axial resolution of 57.5 µm. This low lateral resolution can be

explained by the fact that the ultrasound transducer is not focused. This has allowed us to

draw several conclusions and get an intuitive sense of how to get photoacoustic tomography

working with the 64-element array. We now know that we need to average the photoacoustic

signal to be above the noise floor, and that we should expect 2.5 times less lateral resolution

than ultrasound. Based on a theoretical model, the center frequency of the photoacoustic

emission spectrum of the hair is around 7 MHz but with a -20 dB bandwidth of 80 MHz

which means that while pairing our laser with a 7 MHz-center frequency transducer would be

optimal, the laser would produce measurable photoacoustic signals for transducer with >50

MHz center frequency. In the ideal case we would therefore want to work with a transducer

with a center frequency as close to 7 MHz as possible in order to maximize the amount of

our signal in the bandwidth of the ultrasound transducer.

3.5 40 MHz 64-Element Phased Array Ultrasound Transducer Experiment

With the knowledge obtained from the single element transducer experiments, we were now

ready to use the more complicated 64-element phased array ultrasound transducer system

to obtain a photoacoustic image. With a 64-element array, we now have to take the received

signals from each of the 64 channels and beamform this data to produce an image of the

photoacoustic target. Having multiple elements allows us to focus the transducer everywhere

in the plane perpendicular to the transducer face and not just at the geometric focus we

have with a single element transducer. In order to achieve an image with the 64-element

system, we made changes to the ultrasound system host software to implement averaging

in the system and accommodate the differences in timing with collecting a photoacoustic

signal which takes half the time to reach the tranducer due to the sound only travelling

from the target to the transducer, we need to beamform the channel data obtained from

the ultrasound transducer, and we need to improve the resulting images as best as possible.

Once we produce these 2D images with the 64-element array and perform improvements by

filtering and adaptive beamforming, we will have excellent groundwork to be able to move
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on to producing 3D photoacoustic images with the 128-element crossed-elecrode array. The

2D imaging experiments also help us further trouble shoot any issues we might have in the

final 3D imaging process and give us an idea of the steps required to produce and process

these images.

3.5.1 Ultrasound System Host Software Update for Photoacoustics

Because of the low SNR measured in the previous set of experiments, we modified the

ultrasound aquisition software to enable averaging over arbitrarily long time, ensuring that

a detectable photoacoustic signal could be obtained.

The other change that needed to be made to the ultrasound system host software is to

alter the timing at which the photoacoustic signal is received due to the fact that there is

no longer a transmit pulse being sent. Previously there was a delay between transmit and

receive in order to account for the time it takes for sound to travel to a target and back.

With photoacoustics, the pulse of light sent from the laser to the target travels at the speed

of light and so happens almost instantaneously compared to the speed of sound travelling

through the medium. This resulted in the receive delay initially being too long to pick up

the photoacoustic signal and so after reducing that delay time we were able to get a result.

These changes were performed by Chris Samson [28]. The maximum repetition rate that the

laser can pulse at is 1 kHz but the channel data software cannot aquire data that quickly

and so instead it took approximately 300 seconds to aquire images from 1000 pulses. This

significantly limited the rate at which images could be captured.

3.5.2 Image Processing

After making the necessary changes to the ultrasound system host software, we were able to

set up the side illumination experiment in figure 3.2 and record the raw data seen in figure

3.16. There were eight channels that do not have pulse echo data and this is due to some

elements of the ultrasound probe being dead in this transducer.
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Figure 3.16: Raw PAT channel data of the 64-element phased array transducer with the 808
nm diode bar laser focused on a hair target in water.

We then processed this data in order to produce an image of the hair target. In order to

perform this we designed a program that followed the steps in figure 3.17:

Figure 3.17: A flowchart detailing the steps of processing the raw channel data into a beam-
formed image.

Importing the raw channel data (step 1) produced 64 columns with 1024 axial data points

in the time domain. In step 2, a Cubic Spline Interpolation was used to increase the number
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of data points to 10240 in the time domain in order to provide us with more precision when

applying the time delays. Even though it is a slower interpolation method than a finite

impulse response or matched filter, cubic spline interpolation was chosen due to the fact

that it would not cause a time shift in our data and doing beamforming in post did not

necessitate a faster method. In step 3, we implemented a function to apply the time delays

between a given element in the array and the closest element to the target point according

to equation 3.3.

∆t(n, x, y) =

√
(y − (n− 1)d)2 + x2

c
− tmin (3.3)

To understand how this equation is formed, we can look at the diagram in figure 3.18.

The first term in this equation calculates the time it takes for the sound to travel from the

chosen focal point to a given element of the transducer, n. Here, d, is the element pitch

which is 38 µm for the 64-element transducer, c is the speed of sound in water which is 1498

m/s, and h is the standoff distance which is the distance between the transducer face and the

location where the first time domain data points are recorded, 1.5 mm. The points x and y

represent the location of the focal point and so subtracting (n−1)d from y gives the vertical

component of the distance between the given element n and the focus. The time tmin is an

arbitrary start time to adjust offset. Using this equation, we step through 30◦ to either side

of the transducer at 10240 focal points along the radius, r, where x = r cos θ and y = r sin θ.

At each focal point we apply the delays and add the resulting signals together using the

delay-and-sum method. To reduce side lobes we implemented adaptive beamforming by

multiplying the delays by a coherence factor (Step 4), see appendix A.

In step 5, we then take the resulting array and perform envelope detection using a Hilbert

transform by creating the analytic signal of the pulse-echoes. The analytic signal is a complex

signal whose real component is the original signal and whose imaginary component is the

Hilbert transform of the original signal. The envelope of a signal is given by the magnitude

of the analytical signal as in equation 3.4, where x(t) is the original signal and x̂(t) is the

Hilbert transform.

e(t) =
√
x(t)2 + x̂(t)2 (3.4)

In step 6, we downsample our data back to 1024 time domain points since we no longer

needed to manipulate the signal any further. We then remap our data from a rectangular
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Figure 3.18: A diagram showing how the delays are applied to the channel data [2]. Where
n is a given element of a transducer, d, is the element pitch (38 µm), x and y represent the
coordinates of the focus, and h is the standoff distance.

array into an image with the sector shape called a sector scan in which the phased array

collected the data (step 7). We scaled the intensity to a dB intensity scale to display the

image and got the final image of the hair target in figure 3.19.

3.5.3 Images of Hair Target with 40 MHz Transducer

We were able to achieve a photoacoustic image of the hair target which can be seen in figure

3.19 b). The -3 dB lateral resolution of this photoacoustic image was measured to be 0.256

mm and when we compare this to the lateral resolution of the 40 MHz ultrasound which

is 0.08 mm (3.19 a)), we see that we have an increase in lateral resolution of 3.2 times the

ultrasound resolution width. Here, the use of the -3dB beamwidth is appropriate because

resolution of PAT is determined by the ultrasound on one way receive only.

We can also see in this image that there are significant side lobes coming off of the main

hair target image which are characteristic in photoacoustic images [30]. These side lobe

artifacts greatly reduce the visibility of the spot created by the hair in this image and so
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step 4 in the image processing program included multiplying delays by a coherence factor

which weighs incoherent portions of the image (such as the sidelobes) less strongly than

coherent parts (such as the main lobe) to achieve figure 3.19 c).

Figure 3.19: Images of a hair target in water using a) ultrasound displayed with a dynamic
range of -60 dB b) photoacoustic imaging with delay and sum beamforming applied and a
-35 dB dynamic range plotted on a gray scale and c) photoacoustic imaging with coherence
factor and delay and sum beamforming applied and a -35 dB dynamic range plotted on a
gray scale .

If we look at the lateral point spread function for the photoacoustic images reconstructed

using both delay and sum and delay and sum with coherence factor beamforming, we can

see that the side lobes have been decreased by 15 to 20 dB by adding the coherence factor

weighting. This strongly agrees with the improvements seen by Park et. al. in the reduction

of their side lobes. We can also look at the -3 dB beamwidth for these point spread functions

to find that we get an increase in the lateral resolution from 0.256 mm to 0.165 mm by using

a coherence factor weighting. Comparing this to the ultrasound lateral resolution, we see

that this new lateral resolution is 2.06 times the lateral resolution of ultrasound.
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Figure 3.20: A plot of the lateral point spread function for both an image created using delay
and sum (DAS) beamforming and an image created using delay and sum beamforming with
a coherence factor applied (DAS+CF).



Chapter 4

Tissue-mimicking Phantom

Images in the previous experiments were taken with a single hair target in water. Since

water has a low absorption around 10−1 to 10−2 cm−1 at 808 nm compared to 102 cm−1 for

melanin, the photoacoustic signal has a much higher contrast than it would in a tissue with

other absorbers such as lipids. Therefore, in order to verify that our photoacoustic endocopes

have met the requirements for imaging in tissue we must create a tissue-mimicking phantom

to get a better idea of the contrast in tissue. Other experiments have shown good contrast

in tissue phantoms such as in figure 4.1 where they used slices of chicken breast to observe

the performance of diode laser based photoacoustic tomography [30].

Figure 4.1: Reconstructed images of horse-hair phantom using 5 MHz transducer: PAT
images acquired using a pulsed laser diode (PLD-PAT)(top) and a Nd:YAG laser with an
optical parametric oscillator (OPO-PAT)(bottom) at 1cm depth. All images have the same
scale bar. [30] © 2015 Optical Society of America.

4.1 Tissue Properties and Materials

A standard procedure for creating a tissue-mimicking phantom is to use a gelatin-based

medium with additives introduced to alter the optical and acoustic properties [5, 6]. We

aim to mimic the acoustic and optical properties of human brain tissue in order to accu-

rately assess the effectiveness of the photoacoustic images obtained using our photoacoustic

32
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endoscope. The key acoustic and optical properties we wish to reproduce in this tissue

phantom are the ultrasound backscattering coefficient and the reduced scattering coefficient,

respectively.

The scattering of sound in tissue occurs due to a difference in the acoustic impedance

of the scattering particles in the medium and the acoustic impedance of the medium itself.

Acoustic impedance is the product of the density and speed of sound in the material which

means that as the sound waves travel through the medium, inconsistencies in the density

causes reflections of the sound waves to be sent back to the ultrasound transducer as in

image 4.2. These backscattered waves sum with the reflection from the imaging target and

the total wave is collected by the ultrasound transducer. These backscattering events add

constructively and destructively in the final image to create what is called speckle, noise in

the image consisting of bright and dark spots. The ultrasound backscattering coefficient,

is commonly used to quantify these scattering properties in tissue and is defined as the

differential scattering cross section per unit volume and can be influenced by the size, shape,

and density of the scattering particles [13].

The amount of light that will be able to reach our target will be governed by the attenu-

ation via scattering and absorption as the photons travel through the tissue. This causes a

reduction in the peak intensity of the illumination as well as an increase in the beam radius

as light travels deeper into the tissue which can be seen in figure 4.3. Optical absorption

in tissue is determined by the absorption coefficient, µa, which changes based on the tissue

being imaged. If we look at various biochemical molecules found in the body and their ab-

sorption coefficients at 808nm in figure 3.4, we can see that the main absorber is blood and so

we mainly focus on mimicking the scattering behaviour of light in tissue because the effects

of scattering on the attenuation of light reaching our imaging target will vastly dominate

over the effects of absorption. The intensity of the light that will ultimately reach the imag-

ing target is described by the Beer-Lambert Law, I(z) = I0e
−[µa+µs]z, in which the initial

intensity, I0, will exponentially decay at distance z in the tissue based on the absorption

coefficient, µa, and the scattering coefficient, µs.

The scattering of light in tissue occurs when photons collide with particles in the tissue

with a different index of refraction than the surrounding medium and their direction of

travel is altered from their original trajectory. We can see this in figure 4.4, which are slices

of the illumination pattern at 2 mm increments, where each photon is scattered as it hits
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Figure 4.2: The backscattering of ultrasound in a scattering medium.

various particles while it travels through the medium. This results in a much wider light

beam at the depth of the imaging target and so fewer photons and a lower intensity. The

amount of scattering that occurs in a medium is often described by the scattering coefficient,

µs (cm−1), which is defined as the product of the effective scattering cross-section of the

scattering particle, σs (cm2), and the number of scatterers per volume, ρs (1/cm3). There is

also a factor used in combination with this coefficient called the anisotropy factor, g, which

describes the average direction in which particles scatter relative to the incident direction,

given by the equation g = 〈cos(θ)〉, where g = 0 scattering 90◦ to the incident direction, g =

1 scattering forward in the same direction, and g = −1 scattering directly backward. Tissue

typically has a value of g ∼ 0.9. These two factors are used to calculate the reduced scattering

coefficient, µ
′
s = µs(1− g), which describes the distance that light travels in tissue before its

direction is completely uncorrelated to its incident direction. Including the anisotropy factor

allows us to account for the fact that scattering events in biological tissue usually result in

the photons scattering in the forward direction and typically do not deviate as much from the

incident direction. To make sense of this physically, we can use the scattering coefficient, µs,
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to calculate the mean free path, 1
µs

, which describes the average distance between scattering

events, and we can use the reduced scattering coefficient, µ
′
s, to calculate the transport mean

free path , 1
µ′s

, which describes the average distance over which the direction of the photons

is random compared to the incident beam.

Figure 4.3: Image of the scattering of light through a tissue phantom every 2mm in depth.

While trying to make a phantom to mimic tissue, we aim to make the ultrasound backscat-

tering coefficient and reduced scattering coefficient as close to the values for brain as possible.

The ultrasound backscattering coefficient for human brain is 0.48 cm−1 Sr−1 at a center fre-

quency of 30 MHz [21] and the reduced optical scattering coefficient is 10 cm−1 for human

brain tissue [14]. In tissue mimicking phantoms, silicon dioxide particles (SiO2) are often

used to control desired ultrasound backscatter strength and intralipid solutions are often

used to create a desired optical scattering coefficient [6, 16]. By varying the concentrations

of SiO2 and intralipid we can control both properties independently because silicon dioxide
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is a good backscatterer but has a similar index of refraction to gelatin and so will not signifi-

cantly contribute to the optical scattering, while intralipid solution is a good optical scatterer

but has a similar acoustic impedance to water and so will not significantly contribute to the

backscattering [5].

Scattering Medium

Imaging

Target

Incident Light

Figure 4.4: The scattering of light in a scattering medium.

Following several papers that used silica or intralipid [5, 9] we decided to use a type-A,

300-gel strength gelatin powder made from acid-cured porcine skin (G2500, Sigma-Aldrich

Corp., St. Louis, MO) combined with deionized water to produce a gelatin medium in which

to add our acoustic and optical scatterers. Following the procedures of these experiments,

2% (mass/volume) silicon dioxide powder (MIN-U-SIL-40, U.S. Silica Co., Mill Creek, OK)

with 40 µm particles was added to achieve a backscattering coefficient of ∼0.59 cm−1 Sr−1 at

a center frequency of 30 MHz [5] and 5% (volume/volume) of 20% Intralipid emulsion (I141,

Sigma-Aldrich Corp., St. Louis, MO) was added to achieve a reduced scattering coefficient

of ∼10 cm−1 [16]. The concentration of silica was found by extrapolating the results of

figure 4.5 and calculations using η(f) = Afn where regression gave the constants A =
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4.63e-2 cm−1sr−1 MHz−1, n = 0.7496, and η(f) is the frequency-dependent backscattering

coefficient in cm−1sr−1.

Figure 4.5: The dependence of the ultrasound backscatter coefficient (BSC) with increasing
silica concentration for phantoms G, H, I, J with silica concentration of 0.1, 0.5, 1.0, and
2.0% mass/volume respectively. Error bars were calculated from 2500 positions on 3 samples
[5] © 2011 Optical Society of America.

4.2 Phantom Fabrication Procedure

Fabrication Step Image of Fabrication Step

1. Combine 8% (mass/volume) gelatin pow-

der with 2% (mass/volume) silica powder.

Mix until uniform.
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Fabrication Step Image of Fabrication Step

2. Combine deionized water with 5% (vol-

ume/volume) of 20% Intralipid emulsion and

mix until uniform. Heat the mixture to 30◦C.

3. Slowly combine the gelatin/silica powder

with heated solution while stirring vigorously.

Continue to heat the mixture to 37◦C over 10

minutes. For longevity of the phantom, stir

in 0.1% (volume/volume) 37% Formaldehyde

Concentration (252549, Sigma-Aldrich Corp.,

St. Louis, MO) after the powder mixture has

been added.
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Fabrication Step Image of Fabrication Step

4. Place the phantom solution in a vacuum at

21 kPA for 10 minutes in order to remove any

air bubbles introduced in the process. Transfer

the solution to phantom mold using a syringe

in order to minimize air reintroduction.

5. Allow the solution to come to room tem-

perature and then cool to 4◦C for 24 hours to

allow phantom to set and form cross-links.

Table 4.1: Phantom Fabrication Procedure

A mould was created which allowed for hairs to be attached on each staircase step so that

once the tissue phantom is poured in, hair targets would be placed diagonally across the

image window in vertical and horizontal steps on 2mm.

The hairs were attached by first soaking them in water so that they would expand fully

and would not sag after absorbing water from the liquid phantom after it is poured in. The

soaked hairs were pulled tight and attached by using uv curing epoxy. Finally, the matching

top piece was attached to this half and uv curing epoxy was used again to bond them together

as well as attach a glass slide to the front to create a smooth surface on both sides to reduce

surface scattering in the final tissue phantom.
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Figure 4.6: Model of the staircase mold for mounting hair targets.

Figure 4.7: Model of the assembled staircase mold for mounting hair targets.
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Figure 4.8: Pre-soaked hairs are epoxied to the staircase mould.

Figure 4.9: Top half of mould is attached as well as a glass slide using UV curing epoxy.

Finally, the phantom was prepared as instructed above and poured into the mould to

create a tissue phantom imaging target with embedded hair targets. After it was allowed to

sit and cure overnight, the glass slide was removed and the phantom was stored in deionized

water so that it would not dry out.
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Figure 4.10: Phantom in the mold.

4.3 Verification of Phantom Properties

4.3.1 Backscattering of Ultrasound

In order to verify the ultrasound backscattering coefficient of the tissue phantom is close

to the back scattering coefficient of brain, ultrasound images were captured of the phantom

using a 50 MHz ultrasound transducer (VisualSonics Vevo® 2100 Linear Array Ultrasound

System) with 65 dB dynamic range that had previously been used to capture images of a

rat brain. This image of a rat brain is a sagittal view with grey and white matter at the

top and structures such at the corpus callosum and diencephalon below. Clinically, we are

focused on imaging the surface of the brain and so which to image primarily grey and white

matter and so the region above the corpus callosum is where we wish to mimic in our tissue

phantom. Comparing the images captured of the tissue phantom to the images of the rat

brain, the pixel intensity can be used to compare the speckle pattern of the image created

due to backscattering in each case. If the pixel intensity of the two images are similar at the

same depth, this would suggest that the backscattering coefficient of brain tissue and the

tissue phantom are also similar.

The first step was to create a tissue phantom that did not include silica in order to

determine the effect of the intralipid emulsion on the backscattering coefficient and ensure
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that changing the intralipid concentration would not change the backscattering coefficient

as we predicted. Looking at the pixels in the red squares indicated in image 4.11, we

can calculate the root mean square (RMS) amplitude of the data, VRMS =
√
P , by first

calculating the pixel signal power, P = 1
N

∑N
i=0[vi]

2, in which vi are the amplitudes of the

pixels in each respective region and N is the total number of pixels in each region. Doing

the same calculations for the regions in the rat brain image in figure 4.12, and then taking

the average of these RMS values we find that the intralipid phantom as an average pixel

intensity RMS value of 49.4 and the rat brain image has an average RMS value of 89.0. If we

look at the individual RMS values from the regions of both of these images in figure 4.16, we

see that the range of RMS values for intralipid (47 - 52) is far outside of the range of RMS

values for the rat brain (84 - 96) and is also significantly smaller than the other silica samples

and so we can say that the intralipid ultrasound backscattering is very small compared to

the backscattering we see in brain tissue and so the silica particles will be what determines

the overall backscattering of this tissue phantom.

Figure 4.11: 50 MHz Ultrasound image of the tissue phantom with only gelatin and intralipid.
The red regions depict the areas used to calculate RMS amplitudes.
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Three different phantoms were then created to look at the difference in backscattering

coefficients for tissue phantoms with 0.5%, 1%, and 2% (mass/volume) of silica as well as

5% (volume/volume) intralipid. If we again calculate the pixel intensity RMS amplitudes

in the red squares in figures 4.13, 4.14, and 4.15, we get average RMS values of 87.5, 88.0,

and 92.3 for the 0.5%, 1%, and 2% silica phantoms respectively. Comparing these values to

the average RMS value for the rat brain tissue, 89.0, and also looking at the range of RMS

values for each sample in figure 4.16, we see that, while the 1% silica solution is closest to

the average RMS value of rat brain, all three solutions are within the range of RMS values

in the rat brain image and so in all three solutions would be a good phantom in comparison

to brain, we select the 2% silica solution so we know that the photoacoustic image will be

effective even in brain that is a strong acoustic backscatterer. Since the RMS value for the

2% silica phantom is within the range of RMS values for the rat brain we find the tissue

phantom to be a satisfactory replacement for the acoustic scattering effects of rat brain.

Figure 4.12: 50 MHz Ultrasound image of a rat brain. The red regions depict the areas used
to calculate RMS amplitudes.



45

Figure 4.13: 50 MHz Ultrasound image of the tissue phantom with gelatin, intralipid, and
0.5% silica. The red regions depict the areas used to calculate RMS amplitudes.

Figure 4.14: 50 MHz Ultrasound image of the tissue phantom with gelatin, intralipid, and
1% silica. The red regions depict the areas used to calculate RMS amplitudes.
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Figure 4.15: 50 MHz Ultrasound image of the tissue phantom with gelatin, intralipid, and
2% silica. The red regions depict the areas used to calculate RMS amplitudes.

Figure 4.16: A box plot representation of the RMS amplitudes of each region in the ultra-
sound images including the average of the RMS amplitudes for each sample.
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This plot shows that the RMS pixel intensities of the silica phantom are comparable to

rat brain but this does not show that they are comparable to human brain which may scatter

differently from rat brain. However, in the literature evaluation, human brain was found to

have an ultrasound backscattering coefficient of 0.48 cm−1 Sr−1 at a center frequency of 30

MHz [21]. It was also calculated that 2% (mass/volume) silicon dioxide powder with 40

µm particles would produce a backscattering coefficient of η(f) = ∼0.59 cm−1 Sr−1 at a

center frequency of 30 MHz [5]. This result was found using figure 4.5 and calculations using

η(f) = Afn where regression gave the constants A = 4.63 x 10−2 cm−1sr−1 MHz−1, and n

= 0.7496. This shows that the backscattering coefficient is higher than the literature value

of human brain and so we would expect our imaging device to perform better in brain than

in a tissue phantom containing 2% (mass/volume) silica.

4.3.2 Estimate of Scattering Coefficient

In order to determine if the tissue phantom has an optical scattering coefficient comparable

to that of brain, we set up an experiment following the methods of Lai, Xu, and Wang [16],

to measure the diffuse reflectance pattern of both the phantom that only included intralipid,

as well as the phantom that included both 2% silica and intralipid. By determining the

scattering coefficient in the case of both phantoms, we can determine whether or not the

addition of silica particles will affect the overall scattering coefficient of the medium and if

this will need to be taken into consideration when determining the concentration of intralipid

included in the tissue phantom.

The experiment we replicated from Lai, Xu, and Wang, used what is called oblique

reflectometry which assumes that the optical absorption coefficient is much less than the

reduced scattering coefficient. This method uses the fact that as photons travel through

the scattering medium they will be scattered many times and with each scattering event

their direction will change and eventually their direction will be completely randomized

with respect to the incient beam direction. At this point, photons will travel back out of

the medium and the pattern that these randomized photons create as they leave is called

the diffuse reflectance. This phenomenon can be seen in figure 4.17. Using the center of the

diffuse reflectance pattern and the center of the incident beam they find the distance between

these points, ∆x, which can then be used to calculate the reduced scattering coefficient due

to the fact that the distance these photons travel in the medium before their direction is
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randomized is the transport mean free path, 1
µ′s

. Lai, Wu, and Wang, use the relationship

between ∆x and µ
′
s, equation 4.1, formulated by [31] and [18].

∆x =
sinαi

nsample(0.35µa + µ′
s)

(4.1)

In this equation, nsample is the index of refraction of the sample medium, µa is the optical

absorption, and αi is the angle of incidence of the incoming beam of photons. Lai, Xu, and

Wang use a spectrophotometer to find µa = 0.12 cm−1 for gelatin gel and they assume that

the absorption coefficient for intralipid is negligible. We also find that the index of refraction

of our sample medium, a mixture of intralipid, silica, and gelatin, is similar to the index of

refraction of just gelatin, nsample ≈ 1.5 [33].

Diffuse Reflectance

Pattern

Incident Beam

Sample Medium

Scattered Photons

Figure 4.17: Diagram of the scattering of photons in the sample medium and the resulting
diffuse reflectance pattern.

Using this assumption, we can rearrange equation 4.1 to get an equation for µ
′
s:

µ
′

s =
sinαi

nwater∆x
− 0.35µa (4.2)

The experiment that Lai, Wu, and Wang perform involves an incident laser beam at an

angle of αi = 37.9 degrees to their phantom sample with a CCD camera above the phantom
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to image the diffuse reflectance pattern. However, in order for this relationship to work, the

incident beam on the sample must be collimated light and so we set up a series of lenses and

pin hole irises to produce this beam from our diode laser. A diagram of our setup for this

experiment can be seen in figure 4.18 where a pinhole iris and a 60mm spherical lens have

been added to our focusing optics that we used to focus the diode laser down to a point.

Another pinhole is then added to occlude a large portion of the beam so that the incident

ray is narrow and we can better see the distinction between the reflection of the incident

beam and the diffuse reflection pattern.

Laser

C
C

D
C

am
er

a

40 mm

Cylindrical Lens

35 mm

Spherical Lens

60 mm

Spherical Lens

100 mm

Spherical Lens
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Pinhole

Iris
Sample

Mount

Figure 4.18: Diagram of the diffuse reflectance experiment to determine the reduced scat-
tering coefficient.

The sample was then mounted at 37.9 degrees to the incident beam and another 100 mm

spherical lens was used to focus the light coming from the surface of the phantom sample

onto the CCD of our camera. The resulting image of the diffuse reflectance pattern from

sample with just 5% (volume/volume) intralipid and no silica can be seen in figure 4.19. In

this image we can see a large circle of light with a smaller brighter circle to the right of this

circle. The large circle is the diffuse reflectance pattern and the small circle is incident light

that has been reflected directly from the surface of the phantom. If we take a cross-section of

this plot such that we get a profile of both distributions, seen in figure 4.20. Fitting Gaussian
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distributions to this curve for each peak we can find the center of each of the circles, and

finding the difference of these two centers we calculate ∆x for the intralipid only phantom

to be 0.0546 ± 0.014 cm. Using equation 4.2, we can therefore find that µ
′
s = 8.43 ± 3

cm−1 for a phantom made with only intralipid and gelatin. Switching out the sample for the

phantom with both 2% (mass/volume) silica and 5% (volume/volume) intralipid we got the

resulting image in figure 4.21.

The reflection from the incident beam is slightly higher in this image due to slight im-

perfections in the surface of the phantom but you can still see the smaller circle to the top

right of the diffusion pattern. Again, taking a cross-section of this image and fitting gaussian

curves to each profile we can measure ∆x = 0.0555 ± 0.014 cm and find that µ
′
s = 8.29 ± 3

cm−1.

Figure 4.19: Results of the diffuse reflectance experiment to determine the reduced scattering
coefficient of the phantom with intralipid and no silica.
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Figure 4.20: Cross-section of the results of the diffuse reflectance experiment to determine
the reduced scattering coefficient of the phantom with intralipid and no silica.

Figure 4.21: Results of the diffuse reflectance experiment to determine the reduced scattering
coefficient of the phantom with intralipid and silica.

Our goal was to create a phantom with a reduced scattering coefficient of 10 cm−1 and if
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we compare this to the range of values for each phantom, we see that both phantoms were

consistent with a reduced scattering coefficient of 10 cm−1. This tells us not only that we

have the correct proportion of intralipid in our tissue phantom but also that the addition of

the silica particles have little to negligible effect on the reduced scattering coefficient of the

medium. Therefore, for the purpose of photoacoustic images we find the tissue phantom to

be a satisfactory replacement for brain tissue given the literature.



Chapter 5

Handheld 3D Photoacoustic Imaging

Now that we have a tissue phantom that we can use to test our photoacoustic images in more

realistic imaging targets, we must now integrate the photoacoustic system into the existing

ultrasound endoscope. We can do this using fiber optic cables to direct the light from the

diode bar laser to the tip of the endoscope and have the target illuminated co-linearly with

the ultrasound transducer instead of illuminating targets from the side as in the images

obtained in chaper 3. In order to do this we must first choose appropriate fiber optic cables

and the number that will be used, design a series of lenses to couple the bundled fiber optic

cables, and finally fabricate the bundle and attach the cables to the ultrasound transducer.

5.1 Fiber Optic Cables and Materials

Optical fibers are glass or plastic optical waveguides with circular cross-section which use the

principle of total internal reflection to direct light along the fiber, allowing light to propagate

wherever we wish.

Total internal reflection is a phenomenon in which light is reflected at the interface of two

media with different indices of refraction when the incident light at a shallow angle relative

to the surface interface. Snell’s Law, tells us that when light in a medium with refractive

index n1 and an incident angle of θ1 relative to the surface normal reaches a surface interface

of a medium with an index of refraction n2 the resulting refracted light has an angle θ2

according to the following equation:

n1 · sin θ1 = n2 · sin θ2 (5.1)

When n1 < n2 the light bends toward the normal with θ1 > θ2, but when n1 > n2, the

light bends away from the normal with θ1 > θ2 with a maxium θ2 of 90◦. The incident angle,

θ1, that causes θ2 = 90◦ is called the critical angle, θc, which can be found using the following

equation for each interface.

53
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θc = sin−1
(
n2

n1

)
(5.2)

If the angle of incidence is greater than the critical angle we get total internal reflection

in which the light is reflected at the same angle as the incident angle according to the law

of reflection. We therefore see that if θ1 > θc we get total internal reflection, if θ1 < θc we

get refraction according to Snell’s law, and if θ1 = θc the light travels along the surface of

the interface.

In fiber optic cables, rays travel down the cables by successive total internal reflections

along the length of the cable as in figure 5.1. Here, the two media with different refractive

indices are known as the core and the cladding with the core having the higher refractive index

n1 such that the light is confined in the core. In order for the incident light entering the fibers

to undergo total internal reflection, the beams must enter at angle in the acceptance zone

where the angles are all greater than the critical angle with respect to the normal. Incident

light with a smaller angle than this will pass through the cladding into the coating where

light is absorbed to stop light from getting to adjacent fibers. This means that depending on

the angle of the incident light from the laser, there may be some loss of light when coupling

which we aim to minimize. The light collection ability of a fiber is often decribed by the

numerical aperture of the fiber optic cables, NA, which is given by NA =
√
n2
core − n2

cladding

where the acceptance angle can be calculated by θa ≈ sin−1 (NA).

There are three main types of fiber optic cables used, single-mode glass, multi-mode

glass, and plastic optical fiber. When choosing the fiber to use for our endoscope, we mainly

considered the glass fibers due to the fact that we wanted to achieve a high ratio of core area

to cladding area in order to couple a large fraction of the incident light, and the available

plastic fibers had low ratios compared to the glass fibers. Also, some fabrication steps had

initially involved heating epoxies and there was risk of melting during those as well. We

therefore considered single-mode and multi-mode glass fibers for our purposes. Single-mode

fibers allow a single ray to propagate through and have a core radius that is less than the

wavelength of the light source used for them. This is not an ideal fiber for our laser due

to the large amount of divergence of our laser beam and also the rectangular shape of the

image. It would be impossible to couple light from a multi-mode source like our laser into a

single-mode fiber and we would not get more than a fraction of a percent coupling efficiency.
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Multi-mode fibers allow for wider acceptance angles so much more light would get from the

laser to the endoscope tip.

Figure 5.1: Fiber optic cable layers and light propagation via total internal reflection.

Incidental losses come from imperfect coupling due to poor alignment and poor cleavage

of fiber ends which cause light to be lost due to not meeting the total internal reflection

requirements. Incidental losses can also occur due to too much bending in the fibers which

causes the light to hit bent sections at small angles to the normal and so total internal

reflection is lost and light leaks out the of the fiber.

The fiber we chose to use is a glass multimode fiber with 200 µm diameter silica core

with a 225 µm hard polymer cladding (FP200URT, Thorlabs, Inc. Newton, NJ, USA). Since

in this class of fiber, the core is made of stiff glass, there is an important design tradeoff

between core diameter and flexibility. A larger ratio of core to cladding diameter is beneficial

to coupling efficiency but makes the illumination source stiffer. After experimenting with

several fibers, we found that the 200/225 fiber offered acceptable flexibility along with high
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coupling efficiency. These fibers have a numerical aperture of 0.50, transmit wavelengths

in the range of 300 - 1200 nm, have an operating temperature of -40 to 150◦C, maximum

attenuation of 12dB/km at a wavelength of 810nm, and a bend radius of 8mm. The numerical

aperture gives the acceptance angle θa = sin−1 (0.5) = 30◦, meaning light entering the fiber

must be at an angle of less than 30◦ to be accepted. With the endoscope tip being 3mm by

3mm, mathematically, 13 fibers should be able to fit on each side, however, practically, it

was challenging to fit these on the endoscope in preliminary tests so 9 were used on the front

and back and 6 were used on each side due to the difficulty of arranging them on the sides.

This preliminary work involved creating an initial prototype of the endoscope probe with

attached fiber optic cables to provide illumination at the tip of the probe without interfering

with the overall operation of the endoscope. A blank 3D printed model of the endoscope

without functional ultrasound components was used for this initial design where a UV epoxy

was found to be the best epoxy to use due to the ∼1 min curing time eliminating the need

for clamping the fibers down during curing. A total of 30 fibers were bundled together and

an illumination pattern in which there was solid illumination which can be seen in figure 5.3.

Figure 5.2: Photoacoustic fiber optic cables fixed to the ultrasound transducer plastic support
using UV epoxy.
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Figure 5.3: Illumination pattern at 12mm away from the endoscope tip.

In order to decide on the stacking of the 30 fibers at the bundled end, we could decide

between 1x30, 2x15, 3x10, and 5x6 arrangements. We decided to bundle them 3 by 10 as

in the image below, figure 5.4, due to this being the closest to the rectangular shape of the

laser emission area and would minimize lens corrections to focus it into the correct shape to

couple. Given the limited space of integrating with the endoscope we wish to minimize the

optical path length. A staggered geometry would have been ideal over this stacked geometry

to minimize dead space but due to it being difficult to control the staggered or stacked

geometry during fabrication, we assume the worst case senario of the stacked geometry

occured.

Figure 5.4: A model of the ideal fiber bundle for coupling to the diode laser.

With the fiber bundle determined, a lens system was then designed to focus and conform

the laser light to best couple with the fiber bundle and minimize the loss of light delivered
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to the endoscope tip.

5.2 Optical Coupling

The 808nm diode laser produces a rectangular image which can be seen in figure 5.5 below.

In order to provide light to the endoscope via optical fibers, a compact system for coupling

the laser to the optical fibers must be designed that minimizes the incidental losses due to

coupling. This coupling system must also reduce any sort of strain or bending on the optical

fibers past their maximum bend radius of 8mm so that light loss or fiber breaking does not

occur. Finally, the system should capture as much light as possible from the laser image

and transmit this light effectively to the fibers with minimal loss. Simply directing the laser

on the fiber bundle would result in the loss of nearly all light due to the fact that the light

output from the laser has initial dimensions of 2.3mm by 5mm with an area of 11.5 mm2 and

the fiber bundle has dimensions by 0.675mm by 2.25mm with an area of 1.5 mm2. This order

of magnitude difference in area would cause 87% of the light to be lost if we coupled the

fiber bundle straight from the laser and this even ignores the fact that there is a significant

banding of the illumination pattern that can be seen in the near field image as in figure 5.5

which would result in further losses. Apart from that, the astigmatism would mean that

the light could only be in focus for one of the two directions at the plane of the fiber ends.

Therefore, a coupling system that consists of a lensing system which would focus the light

and give the same dimensions as the fiber bundle as well as correct the astigmatism was

necessary in order direct more light on the fiber bundle.

The divergence of the laser beam along the horizontal, slow axis, was 6.04◦ and along the

vertical, slow axis, was 0.83◦ as in figure 5.6. This divergence also means that as we move

further from the laser the gaps in the illumination we see in figure 5.5 will go away as the

beams defocus out and add together. We needed to first use a convex cylindrical lens to

reduce the divergence in the horizontal direction and also correct the astigmatism by moving

the horizontal focus to the same location as the vertical focus. In doing this we can also

chose a lens that will produce the dimensions we need in the focused image (∼ 0.675 mm by

2.25 mm).
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Figure 5.5: Image of the diode laser light in the near field.

Figure 5.6: Divergence of the laser in the horizontal direction (slow axis) at an angle of 6.04◦

and the divergence in the vertical direction (fast axis) at and angle of 0.83◦.

The collimating lens was a 40 mm cylindrical lens (Thorlabs LJ1125L-B Plano-Convex

Cylindrical Lens, Antireflection Coating: 650-1050 nm) placed 17 mm from the front of the

laser which mimics an effective point source at the focal point 40 mm from the lens. This

corrects the astigmatism by moving the focus in the horizontal direction to the same spot
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as the focus in the vertical direction which also reduces the 6◦ divergence in the horizontal

direction. We could collimate the vertical divergence as well by placing another cylindrical

lens oriented 90◦ to the first, however, with such a small divergence this extra lens would only

increase the optical path length and not make a large improvement in the final focused image.

Next, a 35 mm spherical lens (Thorlabs AC254-035-C-ML Achromatic Doublet Antireflection

Coating: 1050-1700 nm) was placed such that both beams were in focus creating our final

focused image at 35mm from the spherical lens.

Figure 5.7: Diagram of the coupling optics for coupling the diode laser to the fiber bundle.

The resulting focus was then imaged using a CCD camera giving the image in figure 5.8.

The dimensions of this focused image was 0.5mm by 2.0 mm which was a bit smaller than

the 0.675 mm by 2.25 mm we wanted but this had a much stronger agreement than the

initial laser illumination would have been. If we look at the red circles overlayed on figure

5.8, these represent the cross-section of the fiber bundle and how it would align with the

focused beam. We placed this coupling system beside the ultrasound machine as a separate

unit where the fiber bundle would join the ultrasound cable after coupling as in figure 5.9.

Measurements of coupling efficiency were taken with the fiber bundle with the supplied

laser power reduced to 40 V from 200 V to protect the optical power meter. The optical

power at the focus was found to be 28.2 mW and the optical power at the fiber distal end

was 9.6 mW giving 34% coupling efficiency. The illumination pattern at the end of the

endoscope was found to have a solid illumination pattern for 15 mm past the endoscope tip

in air. An image of this is seen in figure 5.3.
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Figure 5.8: The laser image at the focus. The red circles overlayed on the image represent
the fiber bundle fiber bundle cross-section.

Figure 5.9: Diagram of the system setup including the coupling system and laser.

5.3 Fabrication Process for Fibers

With light coupled into the distal end of the fiber bundle, the proximal end could deliver

that light to the sample. In this section we describe a set of manufacturing techniques for
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fabricating four bundles with 6 or 9 fibers each and attaching them to the four sides of an

endoscopic ultrasound trasnsducer [1].

5.3.1 Fabrication of Transducer End

Fabrication Step Image of Fabrication Step

1. Thirty, 1.5 m long fibers were

cut and the ends of the 30 fibers

were stripped up to 60 mm using a

fiber stripping tool (T12S21, Thor-

labs, Inc. Newton, NJ, USA). Af-

ter stripping the ends, the fibers

we cleaved using an Optical Fiber

Cleaver With A Single Fiber Adapter

For 250 µm To 900 µm Fibers(TC-80

Fiber Optics For Sale Co., Pleasan-

ton, CA, USA).

2. The fibers were then arranged

in two groups of 6 and two groups

9 fibers. These were flattened as

best using the flat edge of a razor

blade and fixed together using hot

wax heated to 60◦C placed on one

side of the fiber group and held in

place until the wax cooled temporar-

ily holding them together.
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Fabrication Step Image of Fabrication Step

3. The fibers were then epoxied with

the UV curing epoxy, Optical Adhe-

sive for Bonding Glass to Plastic, 1

oz.(NOA68, Thorlabs, Inc. Newton,

NJ, USA) which was cured using the

LED UV Curing System (LED-200,

Thorlabs, Inc. Newton, NJ, USA).

These ends were now ready to be at-

tached to the endoscope tip after the

fiber bundle end if fabricated.

Table 5.1: Transducer End Fiber Fabrication Procedure

5.3.2 Fabrication of Fiber Bundle End

Fabrication Step Image of Fabrication Step

1. The distal ends of the fibers were

again stripped to 60 mm using the

same Thorlabs fiber stripper.
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Fabrication Step Image of Fabrication Step

2. The fibers were then fixed into

groups of 10 using wax on one side

with the first group of fibers waxed

on the opposite side as the other two

groups to facilitate epoxying. Again,

care was taken to completely flatten

the fibers into a single line using the

flat side of a razor blade.

3. The first and second layers were

epoxied together using the UV cur-

ing epoxy and the UV light source

while their wax sides were oriented

outward so that they can bond as

close together as possible. The wax

was removed using acetone and more

epoxy was applied to the outside to

provide strength so that the fibers

did not separate. The side that will

bond to the last layer was left clean

of epoxy and wax. The strands are

really easy to separate at this stage

so they were treated delicately until

the final layer was epoxied on.
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Fabrication Step Image of Fabrication Step

4. The third layer of fibers was epox-

ied to the other two layers with the

sides clear of epoxy and wax on the

inside. The UV epoxy was then ap-

plied and cured using the UV light

source and the remaining wax re-

moved. A final thin layer was then

applied to the entire outside surface

to add strength during the cleaving

process.

5. The Bundle was then fixed to a

glass slide, again using the UV curing

epoxy at a few points along the fiber

bundle until it was securely held in

place. The glass slide will allow us

to hold the bundle in place on the

vacuum table of the dicing saw used

to cleave the fibers but still allow the

bundle to be removed afterwards.
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Fabrication Step Image of Fabrication Step

6. Using the Fully Automatic Dic-

ing Saw (DAD3220, DISCO Hi-TEC

America, Inc., San Jose, CA, USA),

the glass slide was vaccumed to the

movable vacuum plate with the fibers

carefully wrapped around the plate

and taped in place so that none of

the moving parts would snag them

and they were below the path of the

saw. The fiber bundle was then cut

across the tip so that the end was

cleanly cleaved giving a good surface

for coupling light.

7. Finally, the bundle was removed

from the glass slide by gently peeling

the epoxy off of the slide with a razor

blade by slow sliding the razor under

the epoxy. The fibers should just pop

off the slide and the complete fiber

optic cables are ready to be attached

to an endoscope.

Table 5.2: Fiber Bundle Fabrication Procedure
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5.4 Fabrication of the Photoacoustic Endoscopic 40MHz 2D Array and

30MHz 3D Array Transducers

This approach was used to attach photoacoustic illumination fibers to two different ultra-

sound endoscopes, the 40MHz 2D ultrasound transducer and the 30MHz 3D ultrasound

transducer. In this section we present the results of imaging with these two photoacoustic

endoscopes, using the photoacoustic phantoms described in Chapter 4.

We decided to temporarily fix the fibers to the transducers using wax so that the fibers

can easily be removed later and the probes can continue to be used. The results of this can

be seen in figures 5.10 and 5.11 for the 2D and 3D probes respectively. During the fabrication

process 6 fibers were broken in the 2D probe and 2 fibers were broken in the 3D probe.

Figure 5.10: Photoacoustic fiber optic cables temporarily fixed to the 40 MHz 2D phased
array ultrasound transducer using wax.
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Figure 5.11: Photoacoustic fiber optic cables temporarily fixed to the 30 MHz 3D phased
array ultrasound transducer using wax.

5.4.1 2D Ultrasound and Photoacoustic Imaging with Tissue Mimicking

Phantom

Using the 2D 40 MHz photoacoustic probe whose fabrication was outlined in the previous

section, an ultrasound image and a photoacoustic image were taken of the tissue mimicking

phantom described in chapter 4. The system was set up as in figure 5.12 with the probe

aimed at the tissue phantom hair target and ultrasound gel (EcoGelTM 200) as the sound

conduction medium between the probe and the tissue phantom. The laser was setup to pulse

at 1 kHz with a pulse width of 1 µs as in the side illumination experiment in chapter 3.

First, an ultrasound image was taken of the hair target tissue phantom using the ulta-

sound systems existing software and firmware. The results of this aquisition can be seen in

figure 5.13 below where two hair targets are visible as indicated by the red arrows. Since

the hairs in the tissue phantom are spaced 2 mm apart both vertically and horizontally we

should see three hair targets in the image but the third hair is difficult to see (the faint signal

is indicated by the red circle) due to the speckle pattern in the ultrasound image which is
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caused by the ultrasound backscattering of sound.

After the ultrasound image was captured, the system was reconfigured using the photoa-

coustic version of the firmware and software and a photoacoustic image was averaged and

captured which can be seen in figure 5.14. In order for the photoacoustic image to appear

above the noise floor, it was necessary to average for 10,000 averages which is 10 times more

than were necessary for the side illumination experiments. Since the resulting signals were

just above the noise floor we can also see in this image some electrical noise from the system

appearing down the center of the image as well. Apart from the noise inherent to the system

in this image we can see that there is no noise from ultrasound backscattering which was

present in the ultrasound images. Another change that was made was that the beamformed

enveloped data was multiplied by e0.006x in order to increase the gain for the deaper hair

targets so that the third target could be visible while minimizing the increase in the noise in

the region. Overall, this process required 50 minutes to aquire 10,000 averages and the post

processing of images was labour intensive. The photoacoustic image has an increased con-

trast of 42.3 dB compared to the ultrasound contrast of 22.8dB for the hair at approximately

3.5 mm depth.

Figure 5.12: Setup of the fabricated photoacoustic probe with a tissue phantom hair target
and coupled fiber optics..
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Figure 5.13: Ultrasound imaging results for hair targets in the tissue phantom using the 40
MHz 2D Endoscope. This image should ideally have 3 circular images from each of the hair
targets located at the red markers.

Figure 5.14: Photoacoustic imaging results for hair targets in the tissue phantom using the
40 MHz 2D Endoscope.This image should ideally have 3 circular images from each of the
hair targets which can be seen at the red markers.
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5.5 Photoacoustic 3D Imaging

5.5.1 3D Photoacoustic Imaging with Side illumination

After aquiring images of the tissue mimicking phantom with the 2D photoacoustic probe, we

began to adapt the 3D ultrasound firmware in a similar way as the 2D ultrasound firmware

and used the same aquisition software as with the 2D experiments. The delay between the

laser trigger and when the system records the recieved sound was increased from 2 µs to 3

µs in order to avoid capturing some of the large noise from the switching of the bias boards

the 3D ultrasound system uses to encode both the sent and received pulses.

We began by repeating the side illumination experiment from chapter 3 but instead used

the 3D ultrasound probe to receive the photoacoustic signal. The imaging target was a

single hair mounted in a tank of water with the focused laser light directly incident on the

hair target as in the previous side illumination experiment in figure 3.7. The beamformed

results of this can be seen in figure 5.15 below. The same beamforming code was used for

both probes with small changes to account for the timing differences applied. The signal

beamformed was unfocused in the elevation direction.

Figure 5.15: 3D Photoacoustic image of the hair target with the diode bar laser illuminating
from the side.
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A very large noise was present in the raw data which initially obscured the photoacoustic

image from being visible and in order to remove this noise caused by the bias board switching,

the first 250 data points were cropped out and replaced with background noise data from the

end of the data aquistion where there was no signal. This noise was not consistent between

aquisitions, nor was it consistent between different bias configurations and so could not be

cancelled out by subtraction with a frame in which no light was incident on the hair target.

5.5.2 3D Photoacoustic Imaging with coupled fiber optics

After successfully imaging with side illumination, the 3D photoacoustic probe was con-

structed as described in sections 5.3 and 5.4 and the same experiment as in figure 5.12. The

firmware and software remained the same as in the side illumination experiment and 10,000

averages were taken to aquire a 3D photoacoustic image with the endoscope as with the

2D endoscopic experiment. However, we were not able to produce an image with visible

photoacoustic signals. These results can be seen in figure 5.16 in which we only see noise

from the system. Again, the bias switching noise was present in the raw data but even after

removing this large noise no image of hair targets could be seen.

We suspected that this may be due to the attenuation of the receive signal from the hair

target to the transducer face and so we made a hair target which only contained gelatin and

intralipid. This would allow us to match the scattering properties light in tissue and allow

light to reach the hair target but would have no attenuation due to acoustic backscattering on

route to the transducer. The fabrication of this phantom followed the fabrication steps from

section 4.2 but would skip adding the 2% (mass/volume) silica powder to the gelatin powder

in step 1. Using this intralipid and gelatin hair target, the same experiment was performed

and the image in figure 5.17 was obtained. 10,000 averages were required to produce this

image but there are three clear hair targets in the image as expected. The contrast of this

image was found to be 44.2 dB which is similar to the contrast with the 2D photoacoustic

endoscope images with a contrast of 42.3 dB.
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Figure 5.16: 3D Photoacoustic image of the hair target in tissue mimicking phantom using
the final endoscope.

Figure 5.17: 3D Photoacoustic image of the hair target in Intralipid and Gelatin phantom
using the final endoscope.
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If we compare the channel data between the tissue mimicking phantom and the intralipid

and gelatin medium, we can see in figure 5.18 that the amplitude of the photoacoustic signal

from the phantom containing only intralipid and gelatin is above is above the level of the

background speckle produced by the photoacoustic signal. The gray regions indicate the

regions in the signal in which we should see photoacoustic peaks from each hair target.

However, in this image the photoacoustic signal for the tissue phantom with silica is not

visible due to being too low to detect above the level of speckle.

Figure 5.18: Amplitude of channel 42 for the tissue phantom and the intralipid and gelatin
phantom versus depth (mm).

The attenuation of ultrasound due to backscattering in the tissue phantom with silica and

intralipid was found to be 1.2 dB/mm. Since the photoacoustic signal is only attenuation

with backscattering one-way, the attenuation of the photoacoustic signal would be half of

this at 0.6 dB/mm. If we calculate the reduction in power at the depth of each hair due

to this attenuation, we find that the signal is reduced by 1.8 times, 2.1 times, and 2.8
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times, at 3.3 mm, 5.3 mm, and 7.3 mm respectively. This means that in order to bring the

photoacoustic signal in the silica phantom above the noise we would need to increase the

signal by approximately 2-3 times. This could be done by increasing the fluence which we

could do by increasing the power of the laser, increasing the coupling efficiency, or using

multiple lasers. Increasing the intensity of light reaching the photoacoustic target by 2-

3 times should increase the signal enough to be visible in the silica and intralipid tissue

phantom as well.



Chapter 6

Conclusion

The goal of this project was to demonstrate photoacoustic imaging in a high-frequency

endoscopic ultrasound array meeting the dimensional requirements of minimally-invasive

“keyhole” surgery. Collecting the photoacoustic signal for the transducers was done with

a beamformer already designed and implemented for these transducers by altering their

firmware and software to accommodate delay changes and averaging. Fiber optic cables

were fixed to the arrays and a coupling system was designed to emit the laser light out

of the tip of each endoscope. Finally, a tissue mimicking phantom was created to validate

the photoacoustic endoscope’s imaging capabilities in the human brain. This project would

aim to create 2D and 3D photoacoustic endoscopes designed for burr hole endoscopic brain

surgery.

With the preliminary experiment using a single element transducer and a single hair

target, we were able to obtain a very clear photoacoustic signal using 512 averages with an

SNR of 7.8. This experiment showed that it was physically possible to produce a signal using

our selected target and laser. These preliminary experiments also required that we focus the

laser light on the hair target and produce enough fluence to observe a signal in the raw data

because the signal was near the noise floor. Using this raw data we were able to determine

the amount of averaging that would be needed to observe a photoacoustic signal when we

implemented photoacoustic tomography into the existing ultrasound system in our lab.

Having a focused laser on the hair target and an idea of the amount of averaging required,

we made changes to the firmware in order to trigger the laser and delay the data collection

to capture the photoacoustic signal. Changes were made to the software so that we could

average as long as we needed. With these changes a similar side illumination experiment

was set up and image with the 40 MHz 64-element phased array transducer to produce 2D

photoacoustic images with 1000 averages which took 5mins to aquire due to the technical

limitations of the system. These images were optimized by reducing the side lobes of the

resulting image with adaptive beamforming and summing weighted coherence factors. With

76
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these changes we observed a lateral resolution of 0.165 mm which was 2.06 times the lateral

resolution of the ultrasound signal.

Both of these experiments involved imaging a single hair mounted in water. The melanin

in the hair has an absorption coefficient that is close to the absorption coefficient of blood

for our purposes, however, the water does not accurately model how light and sound would

scatter in brain tissue. In order to determine how our endoscope would perform in a re-

alistic situation, a tissue mimicking phantom was created which had a photon reduced

scattering coefficient close to 10 cm−1 and an ultrasound back scattering coefficient close

to the backscattering of rat brain tissue. This was accomplished by using a mixure of 8%

(mass/volume) of gelatin powder, 2% (mass/volume) of silica powder, deionized water, and

5% (volume/volume) of 20% intralipid emulsion. Following a specific heating and mixing pro-

cedure, the tissue mimicking phantom was then poured into a custom designed 3D printed

mold which would hold hairs suspended in the phantom 2 mm apart both vertically and

horizontally.

The tissue mimicking phantom was then tested to confirm that the ultrasound backscat-

tering and the light scattering properties were, in fact, similar to the literature values of

the brain. First, ultrasound images were taken of tissue phantoms with 0.5%, 1%, and 2%

(mass/volume) of silica powder using a 50 MHz ultrasound transducer that had previously

been used to image a rat brain. In sections of these images the root mean square (RMS) am-

plitudes were calculated and plotted along with the results from the image of the rat brain.

These values were compared and all three were found to be consistent with the ultrasound

backscattering in the rat brain. We therefore decided to use the largest percentage of 2%

(mass/volume) silica. The reduced scattering coefficient was then measured by performing

an experiment in which laser light was collimated and sent through a pinpoint aperture onto

the surface of a phantom with only intralipid and a phantom with 2% silica and intralipid.

By measuring distance between the center diffuse reflectance pattern and the incident beam,

we calculated the reduced scattering coefficent to be 8.34 ± 3 cm−1 for the phantom with

only intralipid and 8.29 ± 3 cm−1 for the phantom with intralipid and silica. These were

both within range of the literature value of 10 cm−1 for brain tissue. Obtaining photoacous-

tic images with this tissue mimicking phantom which had similar photoacoustic properties

to human brain tissue gives us a good idea of how these endoscopes would behave in real

brain tissue thus verifying their use for this purpose.



78

With a tissue phantom to verify that the endoscopes would meet technical requirements

for imaging in brain, the fiber optic cable bundle and laser coupling system was then designed

to bring the laser light to the tip of the endoscope. Multimode glass fiber optic cables with

a 200 µm diameter core and a 225 µm cladding were chosen and had a numerical aperture of

0.50. Thirty fibers were used so that 6 would be placed on each of the sides and 9 on both the

front and back of the endoscope tip. These 30 fibers were arranged in a 3x10 configuration

at the fiber bundle end so that they were close to the rectangular shape of the laser light

outputed by the diode bar laser. A coupling system was designed to minimize the loss of light

when incident on the 3x10 fiber bundle end. A 40 mm cylindrical lens was used to correct

the astigmatism of the diode laser and a 35 mm spherical lens was used to focus the light

down to a dimension of 0.5 mm by 2.0 mm. When incident on the 0.675 mm by 2.25 mm

fiber bundle 17-34.0% was measured to be transmitted to the end of the fibers depending

on the bundle used and the alignment. The fiber bundle fabricated for the 2D array had

17% coupling efficiency, and the fiber bundle for the 3D array had a coupling efficiency of

34%. This is due to the fact that more fibers were broken in the 2D array bundle and the

fiber bundle end was less tighly packed. The fiber bundle was fabricated using wax and UV

curing epoxy and the end was cleaved using a dicing saw so that the bundle interface had a

flat surface. The transducer tip ends of the fibers were also assembled into flat groups of 6

and 9 and attached to the end of the endoscope using wax so that it could be removed.

This process proved to be challenging and the fibers were easily broken with 6 being

broken on the bundle for the 2D endoscope and 2 being broken on the 3D endoscope. This

process could potentially be improved in the future to allow for more precision and less

broken fibers perhaps by creating 3D printed guides that could have attached right to the

transducer tip. Since fabricated fiber bundles varied in coupling efficiency from 17 to 34%,

improvements in this process could improve coupling efficiency and consistency in our fabri-

cated endoscopes.

With the 2D 40 MHz and 3D 30MHz endoscopes fabricated with fiber optics, images

of the tissue mimicking phantom were taken to verify their performance in tissue. First,

an ultrasound image of the tissue mimicking phantom was taken using the 2D 40 MHz

transducer to show the ability of the existing system to image three hair targets. The

ultrasound backscattering in the image provided a lot of speckle that could make it difficult

to visualize the hairs against the background scatter and gave a contrast of 22.8 dB. The
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system was reconfigured to image with the photoacoustic firmware and software and the

resulting photoacoustic image showed greatly improved contrast (42.3 dB) between the hair

targets and the surrounding media due to the absence of signal from the parts of the phantom

that did not contain hair. This improved contrast meets the goal of acheiving photoacoustic

images with a higher contrast than the ultrasound images due to the signal only coming from

optical absorbers in the PAT images. This image also shows that there is a hair target at 8

mm in depth in the imaging window and indeed by increasing the gain on deeper images we

are able to image up to the edge of the 10 mm imaging window of the ultrasound system.

Similarly, images were taken with the 3D 30 MHz endoscope starting with repeating the

side illumination experiment that was performed with the 2D 40 MHz transducer. Photoa-

coustic images were created using the 3D endoscope and side illumination and the results

were similar to the results obtained in the 2D endoscope experiments but the lateral reso-

lution is lower at 30 MHz and the bias switching may have an effect on the image. Images

where then taken with the 3D 30 MHz endoscope with attached fiber optics with hair in the

tissue mimicking phantom. 10,000 averages were taken but no photoacoustic images were

produced that could show the hair targets and the image was simply of filtered background

noise. A new phantom with only intralipid and no silica was created to greatly reduce the

attenuation due to backscattering of the photoacoustic signal and results were similar to

the results obtained with the 2D endoscope but with a higher signal and a reduced amount

of noise in the image. This gave a slightly higher contrast of 44.2 dB which also met the

established contrast goal. With an ultrasound backscattering attenuation of 1.2 dB/mm,

the photoacoustic signal would have an attenuation of 0.6 dB/mm meaning the signal in the

phantom without silica would be 2-3 times the signal in the phantom with silica. In order

for a photoacoustic image to be seen with this probe either a reduction in noise from the

ultrasound system needs to occur including lowering the noise floor or the fluence needs to

be increased by triggering the laser more frequently and acquiring more frequently. If we

increased the photoacoustic signal in the silica and intralipid phantom by 3 times, we could

acheive a photoacoustic signal in the silica-containing phantom as well.

Another issue is that in order to achieve these photoacoustic images 10,000 aquisitions

needed to be averaged and this took approximately 50 minutes with the probe needing to

be held still for that whole time. In order for the endoscope to be viable for surgery this

aquisition time is far too long (1/3000 Hz) and it would need to be close to 1 Hz to be of
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use. This long aquisition time was the same for images with the 2D 40 MHz and 3D 30 MHz

endoscope in the tissue phantom and so the system would need to be significantly faster. The

main bottle neck for this imaging length is the time it takes for the beamformer to aquire each

aquisition which is slower than the laser can pulse. The beamformer could be programmed

for real time imaging but was not at the time of these experiments. If these changes were

made, the approach of this project is entirely compatible with real-time processing at 1000

pulses per second if the system could aquire this quickly. If 10,000 averages are needed to

see an acceptable image and the fastest the laser can operate is 1000 Hz then if we could

make this the bottle neck instead of the beamformer aquisition time then the best we could

image at is 0.1 Hz which may be usable in surgery. For the single hair target which required

1000 averages the best we could do is 1 Hz which would be better. The shortest we could

make the aquisition time theoretically is the time it would take for the sound to travel 10

mm in the medium which would be 6.76 µs which would be 148 kHz. Work is currently

being done in our lab to improve the speed of the system and so if this is implemented

these rates could potentially be reached. Another consideration is that we could use a more

powerful laser or multiple lasers. If we increased optical power to still be within Maximum

Permissible Exposure limits, we could increase laser output by approximately 2x before we

hit the limit, increasing SNR by 6 dB [20]. With an increased optical output of only
√

10x

(3.16x), we could reduce the number of averages from 10,000 to 1000 making it possible

to image at 1 FPS, making this system close to real-time and a viable imaging device for

surgery. Alternatively, using another laser with a center frequency more closely matched

to the 30 MHz center frequency could increase the signal by 26 dB relative to the signal

amplitude obtained with the 7 MHZ center frequency laser. Decreasing laser pulse duration

with another laser or decreasing the transducer center frequency are possibly the easiest

options for improving this performance. While we could achieve this 1 FPS frame rate, an

issue that would arise if this system were used as a handheld device would be the introduction

of motion artifacts. The necessity to average 1000 to 10,000 times would pose a signficant

issue and create motion artifacts, blurring the image we would capture. To help this, we

could use an ultrasound probe more closely matched to our laser center frequency of 7 MHz

which could increase the signal by 26 dB and could produce the same signal as with 400

averages in just one acquisition. Meaning we would need just 25 acquisitions to produce the

same images as 10,000 acquisitions and could help reduce motion artifacts due to averaging.
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This project shows it is possible to couple >30% of the light from a bar diode laser to the

endoscope tip using glass multimode fiber optic cables and that this delivery system does not

unacceptably grow the aperture of the endoscope. We also showed that the amount of light

delivered is within 3 times the magnitude necessary to image a tissue mimicking phantom at

1 FPS which would meet the goal of being fast enough to be surgically useful (1 FPS). While

improvements to SNR via increased laser output would allow us to image a tissue mimicking

phantom, we have increased the contrast from 22.8 dB to 44.2 dB (surpassing the 22 dB

contrast goal) and have not introduced any additional artefacts by performing photoacoustic

tomography in this way. These observations allow us to conclude that with reasonable

improvements in laser power, better alignment of the photoacoustic emission spectrum with

the frequency response of the transducer, and/or improvements in beamformer noise, we

could get this scheme to produce photoacoustic images in brain tissue at 1 FPS or better,

with 44 dB or higher contrast, at up to 10 mm in depth.

To answer the question of whether photoacoustic imaging can be incorporated into a high

frequency endoscopic phased array suitable for use in minimally invasive brian surgery, we

have shown that it is possible to achieve acceptable images while staying within the form

factor necessary for burr-hole surgery that has been established. However, further work

needs to be done to improve SNR, acquire data in real-time at the rate of laser pulsing, and

to ensure that the endoscope meets biocompatibility requirements necessary to be used on

patients. To be biocompatable, the materials used must be shown to not produce a toxic or

immune respose when exposed to the body and the materials that have been added which

would contact the body are glass fiber optic cables and the UV curing epoxy. While the silica

based fiber optic cables should not pose a biocompatability issue, the unknown composition

of the UV curing epoxy would need to be tested to ensure it is safe for use internally in the

brain.This additional work should include the ability for the device to be sterilized. With

these changes, a complete photoacoustic endoscope could be fabricated for use in minimally

invasive brain surgery.



Appendix A

Image Improvement Through Adaptive Beamforming

In ultrasound imaging, it is common practice to use a appodization function, such as a

gaussian, across the elements to suppress the signal from elements on the edge of an array.

This weighting of elements helps to reduce side lobes which cause artifacts in an image.

However, this is not as effective in photoacoustic tomography due to the one-way nature of

the signal. In order to improve photoacoustic signals, we looked to a method which uses

adaptive beamforming techniques [22]. In this paper, they use four methods to beamform

their photoacoustic data, a delay and sum method (DAS), a sum with the aperture weighted

using a minimum variance method (MV), a sum weighted with coherence factors (CF), and

a sum weighted with both the minimum variance and coherence factors. In the results that

they obtained in figure A.1, we can see that the biggest improvement in image quality comes

from implementing delay and sum beamforming weighted with coherence factors.

In order to implement this beamforming method, they consider for an ultrasound array of

M elements, that the matrix X(t) = [x1(t) · · · xM(t)] gives the delayed data for each element

at a given focus. Summing across this delayed data gives the delay and sum beamforming

data for a given focus which is given by equation A.1.

bDAS(t) =
M−1∑
m=0

xm(t) (A.1)

This was the beamforming method used to obtain our original image in figure 3.19. In

order to find the coherence factor at a given focus, Park et. al. use equation A.2 where

the numerator gives the energy of the coherent sum and the numerator gives the sum of the

incoherent energies of the delayed signals [17].

CF (t) =

∣∣∣∣M−1∑
m=0

xm(t)

∣∣∣∣2
M

M−1∑
m=0

|xm(t)|2
(A.2)

This means that the coherence factor ranges from 0 to 1 and signals that are incoherent
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Figure A.1: Reconstructed photoacoustic images(35 dB log gray scale dynamic range, 14
mm laterally by 40 mm axially) of a phantom with four point targets using (a) DAS, (b)
DAS+MV, (c) DAS+CF, and (d) DAS+CF+MV [22].

from one another are scaled by a low value due to the fact that they will destructively interfere

and create a small numerator value. Scaling these incoherent signals reduces the effect of

these incoherences on the image quality by minimizing signals that have these focusing errors

and reducing the side lobes. Since noise is generally incoherent, this will also help to improve

the SNR of our signal. To apply these weighting factors we simply multiply each factor by

the delay and sum beamforming in equation A.1 as in equation A.3

bDAS+CF (t) = CF (t)
M−1∑
m=0

xm(t). (A.3)

Applying this coherence factor delay and sum beamforming teachnique to our photoa-

coustic results, we improve our photoacoutic images. We can see in these images that the

side lobes have been dramatically reduced and the cross-sectional image of the hair more

closely ressembles a point target.
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