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Abstract 

 

 

 

Cancer is currently one of the leading causes of death globally. In dealing with 

certain cancers, the recommended treatment is often surgery. In order to 

determine if the entirety of the cancerous mass has been removed, tumor 

resection margins are assessed after surgical resection, as it is difficult to 

differentiate cancerous from health tissue without micro-scale observation. 

Presently, the current gold-standard for tissue biopsy and tumor resection 

margin analysis is formalin-fixed paraffin-embedded hematoxylin & eosin (H&E) 

histology. Though, this process is both time consuming and labor intensive as 

well as being a significant burden on the healthcare economy. Unfortunately, 

there are currently no intraoperative techniques capable of reproducing reliable 

post-operative H&E histology output, this results in many patients having to 

undergo secondary surgeries, leading to unnecessary emotional and physical 

trauma for patients, as well as higher risks of worsened prognosis. Here we report 

the development of an ultraviolet excitation photoacoustic remote sensing 

microscopy  system  capable of producing images of cell nuclei within cell cultures 

and tissue samples. This was achieved in two iterations. The first iteration utilized 

a parabolic focusing element along with mechanical stage scanning to obtain 

images of sectioned HT1080 CAM tumors, as well as HeLa cell cultures, 

demonstrating the ability to observe individual cell nuclei with good comparison 
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to H&E histology. However, the resolution of this system, determined to be 0.70-

µm, could be improved and mechanical stage scanning resulted in slow 

acquisition speeds. In order to improve on these shortcomings, the second 

iteration moved towards a reflective objective focusing element, along with 

galvanometer optical scanning, able to clearly image cell nuclei in a variety of 

tissue samples with a determined resolution of 0.39-µm. The by-product of using 

a higher numerical aperture objective resulted in a tighter depth-of-focus, 

permitting the demonstration of superficial optical sectioning within tissue 

samples, where individual cell layers could be observed whilst rejecting 

background signal from cell layers outside the focal plane. In order to move closer 

towards an intraoperative translation goal, preliminary work was conducted in 

the direction of  faster wide-field imaging with this system. This work showcased 

the widefield scanning abilities of focusing prior to optical scanning, as well as 

miniaturization capabilities using MEMS based optical scanners. Overall, the 

system presented has real potential to develop into a solution to the tumor 

resection margin analysis problem.  
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Chapter 1 

 
Introduction 
 
 

1.1 Motivation 

Since the advent of bright-field microscopy, formalin-fixed paraffin-embedded 

(FFPE) hematoxylin & eosin (H&E) histology has remained the gold-standard in 

tissue sample preparation for microscopic level evaluation. One major post-

operative clinical application that utilizes this processing technique is tumor 

resection margin demarcation. Where the tumor resection margin is qualitatively 

defined as the region of apparently non-cancerous tissue surrounding the tumor. 

A positive tumor resection margin indicates the presence of residual cancer cells 

within this margin, which has a variable quantitative definition depending on the 

source from a 1- to 2-mm width [1]. In dealing with solid cancers, the 

recommended treatment is often tumor resection, where surgeons remove all 

cancerous tissue from the patient in order to diminish the risk of cancer 

recurrence. However, in doing so, the objective is to minimize the removal of 

healthy tissue, since organ dysfunctionality and negative aesthetic consequences 

for the patient can result from aggressive removal of tissue from a wide margin 

around the tumor [2]. Thus, there is a need to assess margins of a tumor after 

surgical removal from the patient to ensure no residual cancer cells are present. 

In order to analyze these margins, H&E histology is carried out on sections of the 

resected tissue and then imaged. It is challenging to differentiate tumor from 

normal tissue under gross-scale analysis, however, on micro-scale analysis 

cancer cells can be differentiated from healthy cells due to significant 
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morphological differences between them. As an example, cancer cells typically 

have enlarged nuclei, as well as an increase in nuclear density. 

 Currently, these resected tumor samples must be analyzed post-

operatively due to how time-consuming and labor-intensive the FFPE H&E 

histology process is, taking from ~10-hours to a few days [3]. As a result, upon 

determination of positive margins, additional repeat surgeries are often needed. 

Such surgeries result in negative consequences such as contributing to a 

significant health-care economic burden, as well as causing unnecessary 

avoidable patient distress, both psychological and physical, and often result in a 

worse severity prognosis for patients. In breast conserving surgery used to treat 

breast cancer, as many as 20-40% lumpectomy patients require additional 

surgery due to positive resection margins [4]. Likewise, diffusely invasive brain 

cancers, such as grade 4 glioblastomas, see more than 85% of reoccurrences at 

the resection cavity margin, indicating incomplete resection [5]. Additionally, 

positive surgical margins occur in 2-13% of patients after partial nephrectomy 

surgery for pT1a renal cancer [6]. These are just some examples illustrating the 

widespread severity of this problem across different types of cancers. 

 Although a significant healthcare problem, there are currently very few 

intraoperative tools available for surgeons to assist them in tumor margin 

diagnosis. Thus, there is an urgent unmet need for improved intraoperative tools 

which can rapidly image tissue microstructure, ideally in fresh un-sectioned thick 

tissues, label-free, and with image quality comparable to traditional FFPE H&E 

histology. Such a technique could eventually help inform surgeons of margin 

status while the patient is still on the operating table, enabling complete removal 

of cancerous tissue without the need for follow-up surgeries. 

 Additionally, such a modality could also have potential applications in cell 

culture studies, where a non-contact label-free technique could have advantages 

over the use of fluorescent dyes and stains, where stain variability can be 

problematic, and longitudinal studies are more complicated to conduct due to the 
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requirement of performing staining protocols on samples, subsequently 

disrupting the cell cultures. 

 

1.2 Key Contributions 

The main goal of this thesis is to introduce a newly developed ultraviolet 

excitation photoacoustic remote sensing microscopy system. This system can 

produce photoacoustic images of cell nuclei within cell cultures and tissue 

samples label-free and non-contact. 

 The first contribution introduces our first iteration of this ultraviolet 

photoacoustic remote sensing microscopy system (Chapter 3). DNA/RNA 

absorption peaks occur around 266-nm, by using this wavelength as an excitation 

source, and taking advantage of the photoacoustic effect, we can probe local 

refractive index modulations with a separate detection beam, where these 

modulations occur due to high initial pressures resulting from the photoacoustic 

effect. We propose a new system architecture that can produce non-contact label-

free mechanically stage scanned images of cell nuclei within cell cultures and 

tissues samples. 

 The second contribution introduces the second iteration of this system 

(Chapter 4), where a high numerical aperture reflective focusing objective is used 

along with galvanometer scanning to obtain high resolution optically scanned 

images of cell nuclei, with emphasis on thicker and fresh tissue imaging. This is 

carried out by taking advantage of inherent superficial optical sectioning 

capabilities resulting from a tight depth-of-focus due to our high numerical 

aperture objective. 

 The final contribution of this thesis presents two systems, the first capable 

of wide-field optical-scanning imaging, by using optical focusing prior to 

galvanometer scanning, and the second, showcasing preliminary work in moving 

towards a miniaturized scan head by using a 2-axis MEMS-mirror scanning 

element. Together, this work moves us towards fast wide-field photoacoustic 
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remote sensing microscopy with the purpose of laying the foundations for 

intraoperative application of our ultraviolet photoacoustic remote sensing 

microscopy system. 

 

1.3 Layout of Thesis 

This thesis is organized as follows: Chapter 2 will provide background on 

photoacoustic imaging, as well as other current methods for cell nuclei 

visualization with the intent of differentiating cancerous tissue from healthy 

tissue. Deficiencies and unmet needs of the various methods will also be covered. 

Chapter 3 introduces the first iteration of our ultraviolet photoacoustic 

remote sensing microscopy system for cell nuclei visualization. This chapter has 

been published as N. J. M. Haven, K. L. Bell, P. Kedarisetti, J. D. Lewis, and R. J. 

Zemp, “Ultraviolet photoacoustic remote sensing microscopy”, Opt. Lett. 44, 

3586-3589 (2019).  

Chapter 4 details the second iteration of our ultraviolet photoacoustic 

remote sensing microscopy system with focus on higher resolution imaging and 

optical scanning. This chapter has been submitted for publication. 

Chapter 5 contains work on photoacoustic remote sensing microscopy 

using optical scanning after the focusing element in an attempt to increase the 

obtainable field-of-view, and also outlines work using a MEMS-scanning element 

to move towards miniaturization of the scanning head and also faster imaging 

capability. 

Finally, Chapter 6 will serve as a conclusion of the work described in this 

thesis, highlighting future work that we hope can be achieved with the system 

introduced.  
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Chapter 2 

 
Background 
 
2.1 Photoacoustic Imaging 

2.1.1 The Photoacoustic Effect 

 

The photoacoustic effect was first described by Alexander G. Bell in 1880 and 

explains the phenomenon where acoustic waves are generated following light 

absorption in a sample [7]. Following the absorption of a short laser pulse, light 

is converted into heat and this in turn gives rise to thermoelastic expansion of the 

absorbing target, resulting in the generation of a pressure wave that propagates 

away from the absorber [8]. 

 In order to better understand the relationship between the absorbed light 

and the resulting induced pressure, two important timescales, relating to the 

laser pulse, must first be addressed. The first timescale, thermal relaxation time, 

characterizes thermal diffusion within the medium. For a laser pulse shorter than 

this timescale, heat conduction will be negligible during the duration of the laser 

pulse. The second timescale, stress relaxation time, characterizes pressure 

propagation, and similarly to thermal relaxation time, for a laser pulse shorter 

than this timescale, stress propagation is also negligible during the laser pulse 

duration [9]. Wang et al. determined that the excitation pulse width should be 

<100-ns in order to guarantee stress confinement, where stress confinement is 

much more stringent than thermal confinement [10]. 

 Thus, for a laser pulse that is in both thermal and stress confinement, that 

is, the laser pulse duration is shorter than both the thermal and stress relaxation 
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times, the fractional volume expansion of the absorber is also negligible which 

allows us to form the following expression for the induced initial pressure [11]: 

 

𝑝0(𝑟) = 𝛤𝜇𝑎(𝑟)𝜙(𝑟 ; 𝜇𝑎 , 𝜇𝑠, 𝑔) (2.1) 

 

where 𝑝0(𝑟) denotes the induced initial pressure at point 𝑟; Γ =
𝛽

𝜅𝜌𝐶𝑉
 is the 

Grüneisen parameter, a dimensionless parameter that relates how well thermal 

energy is converted to pressure, and is defined by the thermal coefficient of 

volume expansion (𝛽), the isothermal compressibility (𝜅), the mass density (𝜌), 

and the specific heat capacity at constant volume (𝐶𝑉); 𝜇𝑎 is the optical absorption 

coefficient; Φ is the optical fluence; 𝜇𝑠 is the scattering coefficient; and 𝑔 is the 

anisotropy factor. 

 Under thermal confinement conditions, the following photoacoustic 

equation is obtained, which describes photoacoustic acoustic wave generation 

and propagation in an inviscid medium: 

 

(∇2 −
1

𝑣𝑠
2

𝜕2

𝜕𝑡2
 ) 𝑝(𝑟, 𝑡) = −

𝛽

𝐶𝑃

𝜕𝐻(𝑟, 𝑡)

𝜕𝑡
 (2.2) 

 

where 𝑣𝑠 is the speed of sound; 𝑝(𝑟, 𝑡) denotes the acoustic pressure at location 𝑟 

and time 𝑡; 𝐶𝑝 denotes the specific heat capacity at constant pressure; and 𝐻(𝑟, 𝑡) 

is the heating function which describes how thermal energy is converted per unit 

volume and per unit time [9]. 

From Equation 2.1 we can see that the strength of the induced initial 

pressure is proportional to the optical absorption coefficient, if we note that the 

optical absorption coefficient is in turn dependent on the wavelength of light, this 

indicates that an induced pressure will only be generated if the target’s optical 

absorption coefficient is large enough at that particular wavelength. In other 

words, taken together with Equation 2.2, and by using an ultrasound transducer 

to detect generated propagating acoustic waves, absorption-contrast images can 
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be obtained with high relative sensitivity within the optical depth of focus due to 

background-free detection by selecting a laser wavelength for which a target 

absorber holds a high affinity to. This forms the basis of the field of photoacoustic 

imaging. 

 

2.1.2 Optical-Resolution Photoacoustic Microscopy 

 

 

Figure 2.1: Typical PAT system architectures: a) OR-PAM; b) AR-PAM; c) Linear-
array PACT. Reprint with permission from [12]. 
 

Photoacoustic tomography (PAT) can be divided into two main characterizations: 

photoacoustic computed tomography (PACT), and photoacoustic microscopy 

(PAM). As shown in Figure 2.1c PACT utilizes an array of unfocused ultrasound 

transducers to detect photoacoustic waves in parallel, requiring inverse 

reconstruction algorithms to reconstruct the tomographic image. Whereas PAM 

requires physical scanning of the acoustic and excitation focus across the sample 

[13]. 

 Since PAM relies on optical excitation and ultrasound detection, the 

system can be further divided into Acoustic Resolution (AR-PAM), or Optical 

Resolution (OR-PAM). AR-PAM denotes a system in which the ultrasonic focus 

of the transducer detector is tighter than the excitation optical focus, as shown in 

Figure 2.1b. The lateral resolution of this system is directly proportional to the 

center frequency of the transducer, 𝑓0, as well as the acoustic numerical aperture, 

𝑁𝐴𝑎𝑐, and is given by Equation 2.3 [12].  
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𝑅𝐿,𝐴𝑅 =
0.71𝑣𝑠

𝑁𝐴𝑎𝑐 ∙ 𝑓0

(2.3) 

 

Because the lateral resolution is directly related to the center frequency, 

by using a higher frequency transducer, the lateral resolution can be greatly 

increased. However, there is a trade-off that arises between lateral resolution and 

penetration depth, since ultrasonic scattering increases as a function of frequency 

to the fourth power. As an example, Zhang et al. achieved a 45-µm lateral 

resolution, with an imaging depth of 3-mm, using a transducer with 𝑓0 = 50-

MHz, and 𝑁𝐴 = 0.44 [14]. To achieve a 5-µm lateral resolution, 𝑓0 > 300-MHz 

would be needed, at such high frequencies, the ultrasonic attenuation is on the 

order of ~80-dB/mm in tissue, which would limit the penetration depth to ~100-

μm [15]. As a result, AR-PAM is typically used to achieve several micron to milli-

order lateral resolutions at significantly deeper penetration depths than the 

transport mean-free path of the excitation wavelength, which is defined as the 

depth at which the direction of propagation of photons becomes randomized due 

to multiple scattering events, preventing tight focusing [16]. 

In contrast, OR-PAM, as shown in Figure 2.1a, has a lateral resolution 

determined by how well the excitation beam is focused, as shown in Equation 2.4, 

where 𝜆 denotes the wavelength of the excitation laser beam, and 𝑁𝐴 is the 

numerical aperture of the objective lens [12]. 

 

𝑅𝐿,𝑂𝑅 = 0.51 ∙
𝜆

𝑁𝐴
(2.4) 

 

In contrast to AR-PAM, using OR-PAM architecture Zhang et al. were 

able to obtain a 220-nm lateral resolution, with an imaging depth of 100-µm 

using a 532-nm laser excitation beam and with 𝑁𝐴 = 1.23 [17]. However, since 

the resolution is defined by the optical excitation beam, penetration depth is 

limited by the transport mean free path of the excitation wavelength [18]. 
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One parameter that both architectures have in common is the axial 

resolution. In photoacoustic imaging, the time of flight of ultrasound can then be 

used to characterize depth, and as a result, the axial resolution, denoted here as 

𝑅𝐴, is determined by the bandwidth of the ultrasound transducer, Δ𝑓, as follows 

[12]: 

 

𝑅𝐴 = 0.88 ∙
𝑣𝑠

𝛥𝑓
(2.5) 

 

2.2 Photoacoustic Remote Sensing 

2.2.1 Reflectivity Perturbation 

 

One problem with photoacoustic imaging, is that since ultrasound waves must be 

detected, acoustic coupling between the receiving transducer and the sample is 

required. As a result, this modality is inherently contact based. This requires 

samples to be either submerged or to be in direct contact with an ultrasound 

transducer, either one of which could limit the application of this modality in 

certain use cases. 

 Recalling that a local initial pressure is generated after absorption 

induced thermoelastic expansion. From Equation 2.1, inserting typical values 

into the expression shows that these initial pressures can be very large (>MPa) 

[19]. It so happens that this initial pressure is large enough to result in a 

significant modulation of the existing refractive index, 𝑛0(𝑟), of the target 

absorber by an amount 𝛿𝑛(𝑟, 𝑡). This arises due to the elasto-optic effect which 

allows us to write the index of refraction as follows [19]: 

 

𝑛(𝑟, 𝑡) = 𝑛0(𝑟) + 𝛿𝑛(𝑟, 𝑡) = 𝑛0(𝑟) (1 +
ηn0(𝑟)2𝑝(𝑟, 𝑡)

2𝜌𝑣𝑠
2 ) (2.6) 
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where 𝜂 is the elasto-optic coefficient; 𝑝(𝑟, 𝑡) is the pressure field; 𝜌 is the mass 

density; 𝑣𝑠 is the speed of sound in the medium; and 𝑛(𝑟, 𝑡) is the resulting 

modulated refractive index. 

 Other than the elasto-optic modulation of the refractive index, thermal 

effects should also be considered since the refractive index is temperature 

dependent. However, in comparison, this has been found to be negligible due to 

slow temperature cooling [19]. 

 For a refractive index modulation near a boundary, such that pressure 

loss in the acoustic wave is negligible, a strong modulation of the reflectivity can 

occur at the interface. For an absorbing medium with refractive index 𝑛1, 

modulated by an initial pressure, and non-absorbing medium refractive index 𝑛2, 

then the reflectivity coefficient change at normal incidence can be given by [19]: 

 

Δ𝑅 = |
𝑛1 + 𝛿𝑛 − 𝑛2

𝑛1 + 𝛿𝑛 + 𝑛2
|

2

− 𝑅 (2.7) 

 

where 𝑅 is the unperturbed reflectivity coefficient; and Δ𝑅 is the perturbation due 

to the photoacoustic initial pressure.  

If we assume that 𝛿𝑛 is real, then we obtain the following expression [19]: 

 

Δ𝑅 = 𝛿𝑛 (
2𝑅𝑒{𝑛1 − 𝑛2}

|𝑛1 + 𝑛2|2
−

2𝑅𝑒{𝑛1 + 𝑛2}

|𝑛1 + 𝑛2|2 |
𝑛1 − 𝑛2

𝑛1 + 𝑛2
|

2

) + 𝒪(𝛿𝑛2) (2.8) 

 

where 𝒪(𝛿𝑛2) represents terms dependent on higher orders of 𝛿𝑛. When the 

refractive indices are primarily real, then we can obtain the following relationship 

[19]: 

 

Δ𝑅 ∝ 𝛿𝑛(𝑛1 − 𝑛2) (2.9) 
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Equation 2.9 demonstrates that there is a linear relationship between the 

reflectivity perturbation and the index of refraction modulation. Remembering 

that Equation 2.6 showed dependency of the index of refraction modulation to 

the initial pressure, and that Equation 2.1 showed dependency of the initial 

pressure to the absorption coefficient, we are thus able to perform absorption-

contrast imaging by measuring this reflectivity perturbation at the instant when 

these high initial pressures are induced. 

 

2.2.2 Remote Sensing of the Reflectivity Perturbation 

 

 

Figure 2.2: PARS mechanism: a) no incident excitation results in weak back-
scattered probe beam; b) incident pulsed excitation generates temperature and 
pressure rise; c) resulting refractive index rise then modulates the back-scattered 
probe beam. 
 

As shown in Figure 2.2, this reflectivity perturbation can be measured by 

including an additional continuous wave interrogation beam that is co-focused 

and co-aligned with the pulsed excitation beam. By measuring the modulation in 

the backscattered interrogation beam after each subsequent excitation pulse, a 

photoacoustic image can be obtained. However, in comparison to photoacoustic 

imaging, since there is no reliance on acoustic wave detection, this modality is 

non-contact, as well as being all-optical. This could have advantages in imaging 
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scenarios where physical contact is not desirable, and also in co-integration into 

existing all-optical imaging systems for multi-modal imaging. 

Similarly to other ultrasound detection based photoacoustic imaging 

modalities, absorption contrast images are obtained label-free, where 

endogenous contrast is often targeted. Some examples of typically targeted 

endogenous contrast agents include oxy- and deoxy-hemoglobin, lipids, and 

melanin to name a few. Exogenous contrast agents can also be targeted, where 

organic dyes, nanoparticles, fluorescent proteins and report gene products have 

all been reported in literature [16]. 

 Figure 2.3 displays images recently obtained using PARS microscopy. 

Figure 2.3b shows in vivo mouse ear vasculature imaged using 532-nm 

wavelength excitation, targeting hemoglobin, which represents the most 

abundant protein in blood, blood cells can also be observed in Figure 2.3d [20]. 

Furthermore, by taking measurements at two wavelengths, the relative 

concentrations of oxy- and deoxy-hemoglobin can be quantified, and thus oxygen 

saturation (sO2) can be computed, as shown in Figure 2.3a [20]. Since PARS 

requires both an excitation and detection beam, the lateral resolution of the 

system is dependent on which beam has a tighter focus. As a result, by using a 

loose excitation focus, the lateral resolution can be determined by the detection 

beam. This is advantageous because a higher wavelength detection beam can 

then be used, where the transport mean-free path of the detection beam is 

significantly larger than that of the excitation beam, allowing for much deeper 

imaging. Figure 2.3c shows this in action, where vasculature could be imaged up 

to depths of 1.2-mm in vivo using a 1319-nm detection beam [21]. 
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Figure 2.3: PARS microscopy images of mouse ear vasculature: a) in vivo results 
of sO2 unmixing; b) wide-field image; c) image taken at various depths using 
deep-penetrating mode, scale bar: 100-µm width; d) image of individual red 
blood cells. Reprint with permission from [20] (a, b, d), and [21] (c). 
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2.3 Standard Histopathology 

2.3.1 Formalin Fixed, Paraffin Embedded (FFPE) 

Hematoxylin and Eosin (H&E) Histology 

 

FFPE H&E histology is the current gold standard in evaluating surgical margins. 

Steps in this process involve first grossly “bread-loafing” tissue into ~2-mm to 1-

cm thick serial slices [22], then tissue fixation, followed by dehydration (typically 

using alcohol and xylene), paraffin embedding, sectioning via microtomy 

(typically 4-µm thick), rehydration, and then staining with H&E [23]. Where 

hematoxylin stains the nucleus of cells purplish blue, and eosin stains the 

cytoplasm red. While much of this is automated, it is still time-consuming, taking 

around ~10-hours to a few days, and is labor intensive, requiring input from 

highly skilled technicians [3]. The labor intensive, time consuming processing 

results in a high required overhead for equipment, consumables, and labor, all 

resulting in a cost ineffective method. 

In addition, interpretation can be subjective as a result of sampling errors 

due to only being able to section a sparse 10-15% of the tissue surface [1], in which 

<1% of the surgical margin surface is visualized [4], as well as process induced 

distortion artifacts resulting in the loss of some biological components. 

Moreover, the destructive nature of routine FFPE H&E histology compromises 

the value of tissues for further analysis downstream. Additionally, stain 

variability, where variations in the color and intensity of H&E stained samples 

occur, can also result in ambiguous results [24]. This stain variability often occurs 

due to the vast number of procedures currently in operation, with more than 

4,500 processes, making up 95% of processes, developed principally between 

1841 and 1950 [25]. Although, certain studies such as work by Bejnordi et al. have 

looked into standardizing stain intensity and color using automated algorithms 

[24].  
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2.3.2 Frozen Section Analysis (FSA) 

 

 

Figure 2.4: Intraoperative microscopy of fresh human breast fibro-adipose 
tissue: a) conventional FFPE H&E histology image; b) frozen tissue section H&E 
histology image. Reprint with permission from [30]. 
 

FSA is often used as an intraoperative alternative to conventional FFPE H&E 

histology, however, has not been widely accepted as part of standard of care due 

to certain limitations. It requires embedding tissue within optimal cutting 

temperature compound, followed by freezing, sectioning with a cryostat and H&E 

staining [26]. Compared to FFPE H&E histology, FSA is likewise labor-intensive, 

however, offers much faster processing times, at around ~20-30-mins per 

section. Nevertheless, evaluation of multiple frozen sections takes too long for 

intraoperative analysis, significantly increasing surgery time [1]. Like FFPE H&E 

histology, FSA suffers from under-sampling of the resected tumor specimen 
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surface, where under-sampling is often more severe due to time constraints in an 

intraoperative setting versus a post-operative setting. Additionally, FSA requires 

destructive removal of tissues that should ideally be preserved for FFPE H&E 

post-operative histology. It has also been shown to have reduced accuracy in 

multiple studies, McLaughlin et al. found that FSA indicated false positive results 

in 44% of cases for sentinel lymph node analysis [27], whereas, Eberlin et al. 

found that FSA results were unreliable in up to 30% of patients undergoing 

resection of gastrointestinal cancers [28]. Moreover, it is especially challenging 

in adipose tissues, where freezing artifacts are more likely to occur and there are 

difficulties in physical sectioning [29]. Figure 2.4 illustrates freezing artifacts that 

can occur, where it is clear that in Figure 2.4b fibro-adipose tissue has degraded 

considerably compared to the FFPE H&E histology shown in Figure 2.4a. 

 

2.4 Alternative Approaches 

Aside from FSA, a number of other approaches have been proposed to try to 

replace the conventional FFPE H&E histology gold standard. To begin with we 

briefly discuss a broad range of reported alternative approaches, which seek to 

differentiate cancerous from normal tissue on the macro-scale. We then follow 

this discussion with a lengthier description of some of the main alternatives that 

compete directly with our technique reported in this thesis, that is, seek to 

produce micro-scale histopathology-like output. The list of alternatives is by no 

means exhaustive, but rather should give the reader a measure of the broad range 

of techniques currently available, where their respective advantages and 

disadvantages are also addressed. 

 Touch preparation cytology is a technique currently used intraoperatively 

in some clinics that relies on the detachment of cancers cells from the surface of 

a resected tumor specimen as a glass slide is pressed to the surface with the 

dependence on these cells adhering to the slide for imaging. This allows the entire 

surface of the specimen, albeit only the superficial layer, to be imaged. The 
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restriction to only superficial layers, thus renders this technique unable to 

determine resection margins [31]. 

 Fluorescence-guided tumor resection uses administered fluorescent dyes 

to aid surgeons in gross tumor demarcation during tumor resection surgery. This 

has been successfully used in intraoperative studies with a variety of dyes. 

However, limitations include poor tissue specificity, with some dyes leaking to 

surrounding tissues, as well as many of the available dyes not being approved by 

the Food and Drug Administration [32]. 

 Desorption electrospray ionization mass spectrometric imaging has 

recently shown promise in assessing surgical resection margins. Samples are 

bombarded with microdroplets, resulting in the emission of secondary 

microdroplets, containing dissolved chemicals from the sample, that enter a mass 

spectrometer. This generates a detailed map of the distribution of molecules 

within the sample surface, whilst resulting in low tissue damage. Limitations of 

this technique include poor resolution, on the order of 200-µm, as well as 

relatively slow acquisition times per sample point, at 0.5-s/pixel [27]. 

 Other techniques worth mentioning, that provide macro-scale contrast, 

include radiofrequency spectroscopy [33], diffuse reflectance spectroscopy [34], 

ultrasound-guided surgery [35], terahertz reflectometry [36], micro-computed 

tomography [37], and magnetic resonance imaging guided surgery [38]. Phase-

contrast microscopy is also a noteworthy micro-scale contrast imaging modality 

[39]. 
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2.4.1 Microscopy with Ultraviolet Surface Excitation 

(MUSE) 

 

MUSE relies on two important characteristics. Firstly, that UV light at 

wavelengths shorter than 300-nm only penetrates a few microns into tissue, thus 

effectively resulting in superficial optical sectioning and secondly, that this 

wavelength range generates strong visible light emission from tissue specimens 

stained with conventional fluorescent dyes. 

 The tissue specimen is illuminated by oblique UV excitation light from a 

light-emitting diode that passes through a UV transparent window, this light 

bypasses an objective lens that collects the visible fluorescent emission which is 

then focused onto a camera. Fereidouni et al. used 280-nm excitation along with 

a range of dyes including rhodamine and Hoechst [23]. Using this combination, 

MUSE is able to obtain impressive histopathology images of both fresh and fixed 

un-sectioned tissues that can be stained very quickly as shown in Figure 2.5a, and 

b, displaying the color converted virtual H&E MUSE image, compared to Figure 

2.5c showing the conventional FFPE H&E stained image.  However, due to optical 

sectioning capability being reliant on UV penetration depth, which is slightly 

greater than the thickness of a typical tissue section, has trouble differentiating 

single cell layers. Since UV penetration depth is tissue dependent, image contrast, 

which depends on optical sectioning capability, is likely to vary depending on 

regions of tissue being imaged. Additionally, this mechanism in which optical 

sectioning is obtained results in a limited ability to perform any type of 

volumetric imaging. Work by Xie et al. next moved MUSE towards intraoperative 

imaging of breast tissue surgical margins, with the ability to label fresh tissue 

within ~5-mins. Good comparisons were made to FFPE H&E stained samples, 

however, the optical sectioning thickness of MUSE, determined to be on the order 

of 10 to 20-µm, significantly greater than 4-µm histology sections, as well as 
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MUSE imaging deformable un-sectioned tissue versus rigidly embedded 

sectioned tissue resulted in some disparities between the two modalities [40]. 

One additional potential problem with intraoperative translation of 

MUSE is a result of tissue auto-fluorescence, and additional signal from 

fluorescence dyes, which results in produced images that contain a lot more extra 

information than conventional H&E stained images that is challenging to isolate, 

this could have the negative impact of resulting in confusion when analyzed by 

pathologists [23]. 

 

 

Figure 2.5: Sample images from a validation study: a) MUSE image stained with 
rhodamine and Hoechst; b) Colour converted virtual H&E MUSE image; c) 
Conventional FFPE H&E histology image, scale bar: 100-µm width. Reprint with 
permission from [23]. 
 

2.4.2 Optical Coherence Tomography (OCT) 

 

In OCT a broadband source is used, since the axial resolution is directly 

proportional to the coherence length, which is inversely proportional to the 

bandwidth, and this source is split between two arms, the reference arm, and the 

sample arm. The sample arm focuses the light onto the sample and then the back-

reflection is fed back to a detector. Similarly, the reference arm is terminated by 

a mirror and this back-reflection is also fed back to the same detector. Due to the 

low coherence length of the source, broadband interference between the 

reference and sample back-reflected light is only observed when the optical 

pathlengths differ by less than the coherence length of the light source. It turns 

however, that this broadband interference contains depth information. Thus, in 
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Spectral-domain OCT, by spectrally separating and recording this broadband 

interference using e.g. a grating within a spectrometer, and then taking a Fourier 

Transform of this data, optical reflectivity versus depth information can be 

obtained [41]. 

 

 

Figure 2.6: Breast tumor margin imaging: a) image taken using OCT, arrows 
indicates highly scattering foci indicative of collections of tumor cells; b) FFPE 
H&E histology image. Reprint with permission from [1]. 
 

Nguyen et al. designed a spectral-domain OCT system employing a 1310-

nm superluminescent diode with 92-nm bandwidth, resulting in an axial 

resolution of 5.9-µm, and lateral resolution of 35-µm, with the capability to image 

sub-surface depths up to 2-mm.  Breast lumpectomy samples were imaged with 

this modality with limited success, where certain features showed agreement 

with FFPE H&E histology. However, the obtained images lacked the level of detail 

found in these histology sections as shown in Figure 2.6 [1]. Other work by 

Erickson-Bhatt et al. took this a step further by imaging in vivo resection beds 

[42]. Nevertheless, being a scattering imaging modality, key limitations that 

present themselves are an inherent inability to provide strong contrast to cell 

nuclei due to typically very small refractive index differences of subcellular 

structures, which is further constrained in highly scattering tissues. Furthermore, 

OCT is not conventionally designed for subcellular resolution, typically using 

longer probing wavelengths and low NA focusing. However, being a wide-spread 

imaging modality it has the advantage of availability, as well as being label-free.  
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2.4.3 Confocal Fluorescence/Reflectance Microscopy 

(CFM/CRM) 

 

Conventional wide-field fluorescence microscopy uniformly illuminates the 

entire field-of-view with excitation light. This however, results in fluorescence 

emission from fluorophores outside the plane of focus, generating a significant 

amount of background fluorescence signal. This unwanted background signal 

degrades contrast of features located in the focal plane. In comparison to 

conventional microscopy, where widefield illumination is used, CFM uses 

focused illumination, where fluorescence emission is then further spatially 

filtered using a pinhole to reject emission from outside the focal plane. This 

results in the ability to optically section thick specimens by only illuminating 

small volumes of fluorophores and rejecting any remaining background 

fluorescence. However, as a result of requiring focused illumination, point 

scanning is required to obtain a full image, leading to significantly longer image 

acquisition times compared to wide-field illumination microscopy [43]. 

  Ragazzi et al. used a CFM system in order to image cell nuclei in a variety 

of tissue types stained with acridine orange, which binds to nucleic acids and in 

particular DNA. Overall, good comparisons could be made to conventional FFPE 

H&E histology images, however, in some tissue types, such as in the Lymph node, 

high nuclear density in some regions resulted in strong fluorescence emission 

where individual cell nuclei could not be made out [44]. Furthermore, the 

requirement for fluorescence dyes could result in stain variability.  

 Alternatively, CRM, like the previously described OCT, relies on 

scattering contrast rather than fluorescence contrast, while maintaining the 

optical sectioning capability of the confocal microscopy architecture. Eschbacher 

et al. used CRM to image brain tissue samples, as shown in Figure 2.7, where the 

corresponding colorized image in Figure 2.7b shows an ability to obtain contrast 

between cell nuclei and surrounding cytoplasm. However, although promising, 
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this contrast was very dependent on the types of tissue, with more highly 

scattering tissue giving much poorer scattering contrast [26]. To add to this, the 

inherent inability to reject background scattering signal due to low specificity to 

nuclei contrast, results in images that require more training to interpret 

compared to conventional FFPE H&E histology images, limiting the ability to 

translate CRM into an intraoperative setting. 

 

 

Figure 2.7: Human brain pituitary adenoma imaging: a) confocal reflectance 
microscopy image; b) correspond colorized look-up table image of a); c) frozen 
section H&E histology image. Reprint with permission from [26]. 
 

2.4.4 Non-linear Microscopy (NLM) 

 

NLM includes two-photon autofluorescence (2PAF), three-photon 

autofluorescence (3PAF), second-harmonic generation (SHG), third-harmonic 

generation (THG), coherent anti-Stokes Raman scattering (CARS), and 

stimulated Raman scattering (SRS), all of which can be employed both label-free, 

where in the case of multi-photon microscopy, intrinsic autofluorescence is 

targeted rather than exogenous fluorescence dyes. 2PAF and 3PAF involve the 

near-simultaneous absorption of two photons and three photons respectively, 

resulting in an excitation approximately equal to that of a single photon of double 

or triple the energy respectively. The first photon generates a virtual state of the 

electron, and the proceeding photons must be absorbed before this state is de-

excited. One interesting feature of 2PAF and 3PAF is that excitation has a 
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quadratic and cubic dependence on intensity respectively. This has the 

consequence of much tighter optical sectioning, as well as lower photobleaching 

due to a smaller excitation volume [45]. 

SHG and THG involve the sum frequency doubling and tripling to 

produce emission at twice and triple the energy of the excitation light 

respectively. These harmonic wavelengths emissions are not usually absorbed 

and are instead directly detected signifying the presence of certain media 

properties required for the SHG and THG processes, this factor reduces 

phototoxicity compared to other excitation processes. Like 2PAF and 3PAF, SHG 

and THG emission also has a quadratic and cubic dependence on intensity 

respectively, again resulting in tight optical sectioning [45]. 

CARS describes the four-wave mixing process in which a pump and 

Stokes photon with frequencies 𝜔𝑝 and 𝜔𝑆 respectively excite a vibrational level 

at an energy ℏ(𝜔𝑝 − 𝜔𝑆). A third probe photon at 𝜔𝑝
′  then interacts with the 

excited level to emit a single photon at the anti-Stokes frequency of (𝜔𝑝 − 𝜔𝑆 +

𝜔𝑝
′ ). Vibrational contrast in CARS microscopy is obtained when 𝜔𝑝 − 𝜔𝑆 is tuned 

to a Raman-active vibrational band. Since the vibrational band is excited using a 

difference in frequencies this means visible wavelengths can be used rather than 

traditional infrared excitation. The resulting CARS signal has a quadratic 

dependence with respect to the pump intensity and linear dependence on to the 

Stokes intensity, thus resulting in tight optical sectioning [46, 47]. Compared to 

CARS, SRS is a further development only requiring two frequencies, the pump 

and Stokes frequencies, 𝜔𝑝 and 𝜔𝑆. Similar to CARS, the Raman shift, (𝜔𝑝 − 𝜔𝑠), 

is selected to match a particular vibrational level, which results in resonance and 

a resulting amplified Stokes intensity and corresponding pump intensity loss, 

these can then be measured. Unlike CARS, this only occurs when a particular 

vibrational level is matched, thus SRS does not exhibit non-resonant background 

signal, resulting in almost background-free imaging contrast. Like CARS, SRS 

can also achieve tight optical sectioning due to its non-linear dependence on the 

pump and Stokes intensity [48]. 
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Figure 2.8: Rat mammary tumor specimen imaging: a) CARS image at R3050 
peak; b) joint THG-SHG image, THG is shown in magenta, and SHG shown in 
green; c) joint 3PAF-2PAF image, 3PAF is shown in blue, and 2PAF shown in 
yellow; d) FFPE H&E histology image, scale bar: 30-µm width. Reprint with 
permission from [3]. 
 

Tu et al. designed a multimodal system based on a novel widely coherent 

supercontinuum photonic-crystal fiber source to obtain 2PAF, 3PAF, SHG, THG, 

CARS, and SRS based images. Figure 2.8a shows the CARS response at 3,050-

cm-1, corresponding to protein/water contrast, identified predominantly in 

stromal regions, a response at 2,850-cm-1 was also obtained which corresponds 

to lipid contrast. Figure 2.8b shows a joint THG-SHG image, where the THG 

response is due to optical heterogeneity, typically giving lipid contrast and SHG 

response is due to noncentrosymmetry, typically giving collagen contrast. Figure 

2.8c shows a joint 3PAF-2PAF image, where the 3PAF response is due to 

nicotinamide adenine dinucleotide (NADH) autofluorescence, and 2PAF is due 

to flavin adenine dinucleotide (FAD) autofluorescence [3]. Overall, this broad 

range of contrast mechanisms provide a lot of histochemical and structural 

specimen information. However, this contrast can be more difficult to directly 

translate into a comparable conventional H&E image, especially since direct DNA 

contrast is not generally accessible, rather, an absence of signal is usually used to 

locate nuclei.  

Similar to this system, another multimodal system named simultaneous 

label-free autofluorescence—multiharmonic microscopy (SLAM) was recently 

introduced by You et al. This modality obtains SHG, THG, 2PAF, and 3PAF based 
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images using a single-excitation band and has produced impressive images of 

tumor microenvironment in a living rat [49]. The advantage of this system is that 

it only requires a single laser and can simultaneously record contrast from the 

mechanisms mentioned above. However, despite this, the expensive ultrafast 

lasers required to obtain contrast from these mechanisms is the biggest 

disadvantage of NLM. Furthermore, due to inherent tight optical sectioning, 

limitations are placed on optical scanning, resulting in long image acquisition 

times, restricting the extent to which this could be translated into an 

intraoperative setting. 

 

2.4.5 Light Sheet Fluorescence Microscopy (LSFM) 

 

 

Figure 2.9: Intraoperative microscopy of fresh human breast fibro-adipose 
tissue: a) LSFM image; b) magnified view of dotted box in a); c) conventional 
FFPE H&E histology image; d) magnified view of dotted box in c). Reprint with 
permission from [30]. 
 

LSFM uses light sheet illumination to generate fluorescence, where either a thin 

static generated light sheet or dynamically formed light sheet is used. The 

illumination and detection pathways are separated such that detection is usually 

carried out orthogonal to the illumination, and the detected light is collected 

using an objective which determines the lateral resolution of the system. The 

axial resolution, and optical sectioning capability, is determined by the thickness 
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of the light sheet. Generally, since the de-coupled illumination and detection 

pathway positions are aligned to each other, rather than typical illumination 

beam scanning, the sample is instead scanned [4]. 

Glaser et al. recently reported an open-top LSFM system, where the 

sample is placed on top of a glass slide and index-matching optics are used to 

reduce severe aberration effects due to highly off-axis illumination and collection. 

After illumination, oblique fluorescence emission sheets are collected by an 

objective and fed to a camera, and the sample is then stage-scanned to allow for 

imaging of serial oblique light sheets, producing a 3D trapezoidal volume that can 

be quickly imaged. Using this approach rapid intraoperative assessment of breast 

tissue stained with acridine orange for only 20 seconds was achieved showing 

good agreement to standard H&E stained samples as shown in Figure 2.9, where 

invasive ductal carcinoma can we seen with adjacent normal breast tissue [30]. 

Advantages of this modality are that it can obtain 2D oblique light sheets directly, 

allowing for rapid 3D microscopy. Furthermore, a de-coupled detection and 

illumination path allows each path to be optimized independently. An extended 

depth of focus also helps to accommodate for tissue-surface irregularities. 

However, can be costly due to the requirement of a sensitive high-speed camera 

as well as a high-quality collection objective, and often requires the use of optical 

clearing agents. Additionally, this modality requires the use of fluorescence dyes, 

some of which can be slow acting especially in thicker tissue samples, as well as 

can lead to staining variability. 

 

2.4.6 Structured Illumination Microscopy (SIM) 

 

SIM uses widefield illumination with a specifically defined spatial pattern. This 

spatial pattern is imparted onto the beam using a spatial light modulator, where 

generally a sinusoidal pattern is used. The result of this is that, through the use 

of a demodulation algorithm on the detected fluorescence signal, emitted 

fluorescence from outside the focal plane can be rejected after collection by a 
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camera. The axial resolution, and thus optical sectioning thickness, can be tuned 

by changing the spatial frequency of the sinusoidal pattern. This spatial frequency 

can also be increased to improve axial resolution up to a certain point [50]. 

 Fu et al. designed a SIM system with a reported 4.4-µm lateral resolution 

and were able to obtain images with good comparison to standard H&E stained 

images, with significantly greater contrast compared to uniform widefield 

illumination [51]. Other work in this area by Wang et al. was also able to achieve 

circumferential surface imaging of fully intact prostates, with imaging speeds 

approaching that required for intraoperative translation. Figure 2.10 shows the 

quality of image obtained with this system [50]. 

 

 

Figure 2.10: Clinical image of normal skeletal muscle of prostate tissue: a) SIM 
image; b) conventional FFPE H&E histology image. Reprint with permission 
from [50]. 
 

SIM has shown great potential for fast histology-like imaging especially in the 

case of superficial imaging of large areas of tissue and appears to be close to 

translation within an intraoperative setting. However, the modality still suffers 

from a number of limitations, it is limited to surface imaging for most tissues with 

reduced performance in deep imaging. The requirement of a spatial light 

modulator, as well as a high-speed camera can be expensive. Furthermore, an 

issue can arise with rejecting out of focus background post-capture, in that for 

thicker samples out of focus background can occupy the majority of the camera 
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dynamic range leaving a small fraction for the in focus signal, coupled with shot 

noise from this background, it becomes difficult to achieve high signal to noise 

ratios [52]. 

 

2.4.7 Ultraviolet OR-PAM (UV-PAM) 

 

Recently, Yao et al. determined that DNA and RNA, which are two major 

components of cell nuclei, strongly absorb wavelengths within the 245 and 275-

nm range. They also concluded that this wavelength range could be used for PAM 

imaging of cell nuclei with high optical contrast, where absorption of protein and 

lipids is weaker by 1 order of magnitude at 260-nm [53]. Following from this, 

they then went on to showcase the first in vivo label-free OR-PAM images of cell 

nuclei, achieved using a 266-nm 7-ns pulse width laser, along with a ring-shaped 

focused transducer with 50-MHz center frequency and 7-mm focal length. The 

laser pulse energy behind the membrane (imaging window) was measured to be 

35-nJ. Lateral and axial resolutions of 0.70±0.04-μm and 28.5±0.8-μm were 

obtained respectively [54]. Images were taken of a cross-section of a mouse small 

intestine, where good agreement could be seen between H&E stained images and 

the images taken with the UV-PAM system. 

In order to improve on this lateral resolution, Wong et al. developed a 

transmission-mode UV-PAM architecture, which boasted an impressive ~0.33-

µm lateral resolution, able to obtain good comparisons to conventional FFPE 

H&E histology images of breast tissue as shown in Figure 2.11. Although 

interestingly, Figure 2.11e and f illustrate situations where densely packed nuclei, 

as found within ducts, can be seen in the conventional histology image, but not 

in the UV-PAM image, where instead a bright dense feature is seen. One 

limitation of this system is that due to being transmission-mode, this architecture 

is not suitable for imaging of thick tissues, highlighting a problem with UV-PAM 

systems in which the requirement for acoustic detection necessitates partially 

distinct optical and acoustic paths, resulting in a constraint on operational 
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numerical apertures. Thus, for thick tissue imaging, which requires reflection-

mode operation, it is not currently possible to obtain high lateral resolutions with 

UV-PAM systems. Moreover, this system had an axial resolution of ~48-μm, 

resulting in poor optical-sectioning and subsequent detection of signal from 

multiple cell layers [55].  

 

 

Figure 2.11: Imaging of breast tumor: a) UV-PAM image; b) conventional FFPE 
H&E histology image; c) and d) zoomed-in UV-PAM and H&E histology images 
of red dashed regions in a) and b) respectively; e) and f) zoomed-in UV-PAM and 
H&E histology images of the yellow dashed regions in a) and b) respectively. TCN, 
tumor cell nucleus; LCN, lymphocyte cell nucleus; IDC, invasive ductal 
carcinoma; D, duct. Reprint with permission from [55]. 
 

Two recent methods have been proposed to improve this axial resolution, the first 

by Cai et al. involves using two excitation beams instead of one, where these are 

orientated orthogonal to each other, using this technique an axial resolution 

improvement from ~37-μm to ~1.8-μm was achieved [56]. Another method by 

Lie et al. exploited the Grüneisen relaxation effect. Where the Grüneisen 

parameter can be altered by transient light absorption and then relaxed to its 

baseline value over time. In brief, a pre-heating laser pulse was fired before the 

main photoacoustic excitation pulse, resulting in an increase in the Grüneisen 

parameter. This results in a photoacoustic signal that is no longer invariant with 

depth, instead decaying as absorbers are axially moved away from the optical 
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focus – thus resulting in optical sectioning. Using this method they were able to 

achieve a 15-μm axial resolution compared to the acoustic axial resolution of ~48-

μm [57]. 

 One other limitation so far is that these systems have relied on slow 

mechanical scanning, which limits the ability to translate this modality into an 

intraoperative setting. To move closer towards this goal, Imai et al. developed a 

UV-PAM system that uses a microlens array of 40 lenses. A lateral resolution of 

~1.6-μm was reported, with a 40x decrease in imaging scanning time compared 

to point-by-point scanning. In theory the microlens density is limited by the 

acoustically determined lateral resolution of the 1-D array transducer, 

determined to be 75-μm, if the microlens spacing approaches this value, overlap 

would begin to occur, increasing crosstalk. By increasing the microlens array 

density, the imaging speed can be increased proportionally. The main limitations 

that arise from this method of illumination is that the laser power is distributed 

between all microlenses, so to have a high enough microlens density with 

sufficient pulse energy would require a higher power UV laser [58]. 

 One other major limitation of UV-PAM systems is the requirement for 

acoustic coupling to the sample. This requires samples to be either submerged or 

to be in direct contact with an ultrasound transducer, either one of which could 

limit the application of this modality in certain use cases.  
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Chapter 3 
 

Ultraviolet Photoacoustic 
Remote Sensing Microscopy 
 
 

 

This manuscript has been published as N. J. M. Haven, K. L. Bell, P. Kedarisetti, 

J. D. Lewis, and R. J. Zemp, “Ultraviolet photoacoustic remote sensing 

microscopy”, Opt. Lett. 44, 3586-3589 (2019). Some of the contents have been 

modified for this thesis. 

 

 

Abstract 

Traditional histopathology involves fixing, sectioning and staining protocols that 

are time consuming and subject to staining variability. Here we present 

ultraviolet photoacoustic remote sensing (UV-PARS) microscopy, which is 

capable of imaging cell nuclei without the need for exogenous stains or labelling. 

Our reflection-mode approach is non-contact and has the potential to provide 

useful histological information without laborious sample preparation steps. 

Tumor cell cultures and excised tissue samples were imaged with 0.7-µm 

resolution and signal-to-noise ratios as high as 53-dB with close agreement to 

traditional H&E staining. 
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3.1 Introduction 

Brightfield microscopy in conjunction with tissue fixation, sectioning, and 

staining, has been the primary means of histopathological examination and cell 

imaging for over a century. However, these sample preparation steps are 

laborious, time-consuming and costly, with significant economic burden. 

Furthermore, such histological processing also delays diagnosis on procedures 

such as oncological surgery, where histopathology is used as a gold standard to 

inform surgeons as to the completeness of tumor resection. Due to its time-

consuming nature, histology cannot be used as an intraoperative tool to analyze 

entire resection samples. As such, there is an unmet need for an intraoperative 

imaging technique that can be performed non-contact and label-free. For 

example, in as many as 20-40% of breast-conserving surgeries, residual tumor 

tissues are identified in post-operative pathology, necessitating additional 

surgeries [55]. Besides being a major economic burden to the healthcare system, 

these additional surgeries result in added emotional and physical distress to 

patients that could in some cases ultimately be avoided. Moreover, discordance 

between pathologists has been partially attributed to staining variability and the 

skill of the histology personnel [59].   These unmet needs motivate the need for 

new approaches for label-free histopathological imaging. 

Recently, by taking advantage of the intrinsic optical absorption contrast 

of DNA at ultraviolet (UV) wavelengths, the ability to image cell nuclei in tissue 

samples has been demonstrated without the use of exogenous staining using UV 

photoacoustic microscopy (PAM) [54, 56, 57, 60]. In PAM, an excitation beam is 

focused onto a sample and the resulting absorption generates acoustic waves that 

can be detected via an ultrasound transducer [10]. Recent UV-PAM approaches 

have used multiple excitation spots and parallel readout, as well as fast optical 

scanning to improve readout speeds [55, 58]. While PAM does not require tissue 

processing or staining, as required in conventional histology, dependence on the 
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detection of propagating acoustic signals, resulting in the need for direct acoustic 

coupling to the sample may limit intraoperative usage.  

Other approaches aimed at imaging tissue pathology includes multi-

photon microscopy, nonlinear microscopy and stimulated Raman microscopy 

[61, 62], Microscopy with Ultraviolet Surface Excitation (MUSE) [23], light-sheet 

microscopy [30], optical coherence tomography (OCT) [1, 63], Coherent Anti-

Stokes Raman (CARS) microscopy [64], and confocal reflectance microscopy 

[65], among others. OCT and confocal reflectance microscopy provide scattering 

rather than absorption contrast and have not yet provided sufficient specificity 

or agreement with traditional H&E (Hematoxylin and Eosin) pathology. Most 

nonlinear microscopy methods as well as MUSE and light-sheet microscopy 

require special staining protocols, which may be outside typical workflows in 

pathology labs.  

We recently introduced a novel label-free imaging modality called 

photoacoustic remote sensing (PARS) microscopy. PARS is a fundamentally new 

imaging technology that optically forms images of absorbing structures in 

scattering tissues, as demonstrated by Hajireza et al. It detects initial pressures 

generated by a pulsed excitation beam using a detection beam co-focused and co-

scanned with the excitation beam [19]. As a result, the PARS approach offers all-

optical imaging without the need for direct acoustic coupling. PARS microscopy 

has been used in several applications, including in vivo structural and functional 

imaging of microvasculature and tumor imaging [19, 21]. PARS modeling has 

been in explained in [66, 67]. PARS signal contrast was previously found to be 

proportional to not only optical absorption but also refractive index mismatches 

[19]. It is known that cell nuclei and cytoplasm have a refractive index contrast, 

which may contribute to the observed PARS signals [68]. Here we report a new 

PARS microscopy system architecture that uses a UV excitation beam rather than 

the visible light excitation used in previous PARS systems. Yao et al. explored the 

optimal wavelengths to be used for UV-PAM and found that the 245-275-nm 

wavelength range was most appropriate [53]. We choose 266-nm because it is 
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close to a DNA absorption peak and is commonly available with significant power 

and high-repetition rate due to being a harmonic of Nd:YAG laser fundamental 

output and related laser technologies. Our approach uses custom frequency 

doubling of a high-repetition rate green fiber laser.  

 

3.2 Experimental Set-up 

3.2.1 Optical System Set-up 

 

Figure 3.1: UV-PARS experimental set-up. The second harmonic generation 
boxed section encompasses components used primarily for generation of the 
266-nm ultraviolet excitation source. BS – beam splitter; L – lens; M – mirror; 
SMF – single mode fiber; PD – photodiode; BPD – balanced photodiode; RC – 
reflective collimator; HBS – harmonic beam splitter; PM – parabolic mirror. 
 

Figure 3.1 shows the system setup diagram for UV-PARS. A 20-600-kHz 

repetition-rate 532-nm pulsed fiber laser delivers nanosecond pulses with up to 

~18-µJ pulse energies (at 20-kHz).  This excitation beam is split using a low 

reflection glass slide. The split-off beam is then fed into a 350-MHz photodiode 
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(DET10A, Thorlabs) for triggering purposes. The remainder of the beam is 

focused through a 5×5×6-mm Caesium Lithium Borate CLBO non-linear crystal 

(Eksma Optics) via a plano-convex lens (LA1464-A-ML, Thorlabs). The CLBO 

crystal was chosen because it enabled a high-repetition rate output and has 

minimal walk-off angle, resulting in minimized beam ellipticity. Other crystals 

considered included KTP (Potassium Titanyl Phosphate), which has a 

transmission range only above ~350-nm, KDP (Potassium Dideuterium 

Phosphate), which is primarily only used for low-repetition rates (i.e. <100-Hz), 

and BBO (Barium Borate), which has a larger walk-off angle than CLBO [69].  

Our approach did not necessitate the use of a pinhole aperture as commonly used 

in UV-PAM systems. Using a knife-edge experiment the ellipticity ratio of the 

output UV beam was determined to be 0.70. This is then recollimated using 

another plano-convex lens (LA4380-UV-ML, Thorlabs).  In order to separate the 

generated 266-nm light from the remaining 532-nm beam, a UV-transparent 

CaF2 equilateral dispersive prism is used (PS862, Thorlabs). At 20kHz repetition 

rates, with ~2.1-µJ input pulse energy, we obtained ~80-nJ of 266-nm light after 

passing through this prism. Higher energies and conversion efficiencies were 

possible but not needed. At 600 kHz, 266-nm pulse energies of ~14-nJ were 

measured using 5.68-W input power. The generated 266-nm beam then passes 

through another set of lenses to expand to the desired beam width. A 1319-nm 

continuous superluminescent diode laser (SLD1018PXL, Thorlabs) with a ~40-

µm coherence length is used as an interrogation beam. This beam passes through 

a circulator (CIR1310PM-APC, Thorlabs) and is then collimated via a reflective 

collimator (RC04APC-P01, Thorlabs). The 266-nm and 1319-nm beams are then 

combined via a harmonic beam splitter (HBSY134, Thorlabs), which transmits 

the 1319-nm beam and reflects the 266-nm beam. Both beams are then routed 

through a galvanometer scanning system for alignment purposes and then co-

focused onto the sample using an off-axis parabolic mirror (MPD00M9-F01, 

Thorlabs). A parabolic mirror is used rather than a lens to remove chromatic 

aberration effects which would interfere with the ability to co-focus both beams. 
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The Galvo system was also used to scan the beams prior to stage scanning to avoid 

laser damage to the sample which can occur due to repeated exposure of a 

stationary focused spot. Two linear stages (Micos PLS-85, PI), each driven by a 

bipolar microstep driver (MBC2508, Anaheim Automation) provided lateral 

sample movement. The backscattered 1319-nm beam returns after interrogating 

the sample and is redirected via the circulator to a 75-MHz balanced photodiode 

(PDB420C-AC, Thorlabs). The balanced functionality of this photodiode is not 

used, instead the second photodiode is kept at a constant reference. The PARS 

signal was filtered using a 1.8-MHz high-pass filter (EF509, Thorlabs), as well as 

an 11-MHz low-pass filter (BLP-10.7+, Mini-circuits). All data is acquired using a 

data acquisition card (CSE1242, Gage Applied) and the maximum of the 

envelope-detected PARS signal is recorded for each scan position. In addition to 

recording PARS signals, which provide primarily optical absorption contrast, we 

additionally recorded the DC backscattered signal using the monitor output of 

the balanced photodiode to produce scattering images.  

 

3.2.2 Post-processing Methodology 

 

All post-processing is done in MATLAB. After the data is acquired via the digital 

acquisition card, a gaussian filter is applied to the raw PARS signal, and the 

maximum of the Hilbert transform of this data is recorded, where the absolute 

value of the Hilbert transform provides the envelope-detected PARS signal. In 

the case of optically scanned images, the galvo slow axis is then fit using a two-

term Fourier series, and the fast axis is smoothed using a Savitzky-Golay filter. 

The peak locations of both the slow axis and fast axis are then determined to 

select limits of our image, and these slow axis limits, along with our PARS signal, 

are used to create an interpolant for scattered data points, allowing us to re-create 

an image. For mechanically scanned images, since our mechanical stage scanning 

operation is open loop, a predetermined matrix is generated based on the input 

mechanical stage step sizes and ranges, and corresponding PARS signal values 
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are assigned to each element following the scanning pattern used. For both cases, 

further filtering is then applied onto the re-created image, with a median filter, 

with 2x2 neighborhood size, being used to reduce salt and pepper noise, and an 

averaging window, with 9x9 neighborhood size, and 2-D gaussian filter for 

smoothing purposes. 

 

3.2.3 Chromatic Aberration Correction 

 

 

Figure 3.2: Chromatic aberration analysis: a) illustration of representative beam 
overlap with and without chromatic aberration; b) beam waist versus distance 
results from our gaussian beam transfer matrix analysis of a standard focusing 
lens for the interrogation and excitation beams. 
 

Chromatic aberration is the effect that results when a focusing element fails to 

focus all wavelengths to the same convergence point. This is a result of the 

wavelength dependence of the index of refraction, which leads to variations in 

dispersion based on wavelength. Because of the vast difference between the 

wavelengths we used, almost a 1000-nm difference, the effect of longitudinal 

chromatic aberration had to be minimized or removed. Figure 3.2a illustrates 

that with chromatic aberration, the focal planes of each wavelength do not align, 

and as such, the area of the detection beam at the excitation beam focus is 

significantly larger than the excitation area, this results in a much weaker 
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modulated back-scattered detection signal, with substantial detection power loss. 

In comparison, with no chromatic aberration, when both beams focus to the same 

plane, there is still a difference in beam area at the focus, however, this difference 

is considerably smaller. Figure 3.2b shows a plot of beam waist versus distance 

for our interrogation and excitation beams, calculated using the gaussian beam 

transfer matrix method for a standard focusing lens (LB4879, Thorlabs). This 

example results in an illuminated area ratio, that is the area of the interrogation 

beam over the area of the excitation beam at the excitation focal plane, of 

2.17 × 104, illustrating the magnitude of potential lost detection power. In order 

to address this this problem, we chose to use a parabolic focusing element which 

does not suffer from chromatic aberration since it is a reflecting element. It is 

interesting to note that one other advantage it possesses is that it also does not 

suffer from spherical aberration. 

 

3.3 Phantom Experiments 

 

In order to characterize the resolution of the system, we imaged 100-nm gold 

nanoparticles as shown in Figure 3.3a. A cross-sectional view of the nanoparticle 

resolution phantom is shown in Figure 3.3b. Data points were fit using a sum-of-

Gaussians, shown as the dotted orange curve. Lateral resolution here is defined 

as the distance between the peaks of the fitted distribution, where the dip is 0.6 

of the maxima ensuring the objects are still distinguishable. A lateral resolution 

of 0.69-µm was measured which is in close agreement with the theoretical 

resolution of 0.70-µm based on the Rayleigh criterion, R=0.61λ/NA, calculated 

for a numerical aperture (NA) of 0.23 (approximated from the input beam 

diameter and focal length).  As the NA of the off-axis parabolic mirror is ~0.4, the 

resolution can be improved in future work. To further demonstrate the 

performance of the system, ~7-µm diameter carbon fiber networks were imaged. 

Figure 3.3c shows one such image where an excitation pulse energy of 10-nJ and 
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interrogation power 10-mW was used to image the sample. The amplitude signal-

to-noise ratio (SNR) was determined to be 67-dB. Where the SNR was 

determined as follows: 𝑆𝑁𝑅 = 20 log10(𝜇𝑠𝑖𝑔𝑛𝑎𝑙/𝜎𝑛𝑜𝑖𝑠𝑒), where 𝜇𝑠𝑖𝑔𝑛𝑎𝑙 is defined as 

the mean of the signal amplitude in a specific region, and 𝜎𝑛𝑜𝑖𝑠𝑒  is defined as the 

standard deviation of the noise. 

 

 

Figure 3.3: Phantom experiment images: a) image of 100-nm gold nanoparticle, 
scale bar: 2-µm width; b) profile extracted from the white dashed line in a) used 
to determine lateral resolution; c) image of carbon fiber network, scale bar: 100-
µm width. 
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3.4 Live Cell Culture Experiments 

 

 

Figure 3.4: HeLa live cell cultures: a) UV-PARS reflection-mode image, scale bar 
width: 0.2-mm; b) H&E stained sample imaged using transmission-mode 
brightfield microscopy; c) virtual histology stained image captured with the UV-
PARS system, where blue indicates absorption and green indicates scattering, 
scale bar width: 0.1 mm. 
 

Next, in order to determine the ability of our system to image cell nuclei, HeLa 

cell cultures (CCL-2, ATCC) of various confluency were imaged. Figure 3.4a 

shows an image obtained of live HeLa cell cultures using UV-PARS, where an 

excitation pulse energy of 40-nJ and interrogation power 15-mW was used on the 

sample. This image can be directly compared to the image in Figure 3.4b which 

contains the same sample imaged using transmission-mode brightfield 

microscopy after formalin fixation and H&E staining. Both images are in close 

agreement with each other. However, it should be noted that since the sample 

was fixed, stained and imaged following UV-PARS imaging, some cell 
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detachment occurred. Figure 3.4c shows an image of the superposition of an 

absorption image, and a scattering image both taken with our system, where the 

excitation beam was blocked to obtain the scattering image. As can be seen, the 

scattering image, shown in green, displays the cell body morphology, whereas the 

UV-PARS image, shown in blue, displays only the cell nuclei, effectively 

producing a virtually stained image, without the need for exogenous fluorophores 

or stains. An SNR of 53-dB was obtained for cell culture images taken. These cell 

culture imaging experiments validate that UV-PARS is indeed imaging cell 

nuclei. 

 

3.5 Tissue Experiments 

To determine the ability of our system to image tissue samples, HT1080 (CCL-

121, ATCC) tumors were grown within a chicken embryo chorioallantoic 

membrane (CAM) model. The tumors were then excised, embedded in optimal 

cutting temperature compound, and frozen. The frozen samples were then 

sectioned into 4-µm thick slices, these were then H&E stained after being imaged 

with our system. Due to the process used to stain the embedded sections, some 

degradation occurred that can be seen in the comparison images. Figure 3.5a and 

3.5c show images of a section taken using UV-PARS. Comparing these directly to 

the same sample stained and then imaged using transmission-mode brightfield 

microscopy shown in Figure 3.5b and 3.5d respectively, it can be seen that there 

is good gross morphology agreement between them. There are also key 

differences, which may be associated with poor frozen section quality and fixation 

delay in the H&E image, as well as background UV absorption by cytoplasmic 

proteins in the UV-PARS image. Figure 3.5e shows a magnified UV-PARS image 

of a different sample in which individual cell nuclei are observable. These tissue 

section images indicate great promise for UV-PARS as a new reflection-mode 

microscopy technology for label-free imaging of tissue pathology. 
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Figure 3.5: Frozen optimal cutting temperature compound embedded HT1080 
CAM tumor 4-µm thick tissue section images: a) and c) UV-PARS image, scale 
bar: 0.1-mm width; b) and d) H&E stained section imaged using transmission-
mode brightfield microscopy; e) Magnified UV-PARS image of another tumor 
section showing individual cell nuclei, scale bar: 0.05-mm width 
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3.6 Conclusion 

Similar to UV-PAM our laser fluences are currently above maximum permissible 

exposure (MPE) limits for the skin of human subjects [54]. However, main 

applications of this technology may be for cell imaging and ex vivo tissue imaging 

where MPE limits do not apply. Subsequent work should aim to further reduce 

laser exposure to mitigate potential tissue damage for future applications. Future 

work should also aim to minimize scanning times in order to maximize impact 

for intraoperative applications. Scanning speed is currently by mechanical stage 

scanning, this could be greatly improved by using fast optical scanning and 

higher-repetition rate lasers. Unlike PAM, PARS does not have inherent depth 

resolution, and as such it relies on the optical depth of focus to provide a measure 

of optical sectioning. Currently the optical depth of focus (DOF) of our system is 

~3-µm, close to the 4-µm thicknesses of standard pathology sections, where the 

DOF was calculated using 𝐷𝑂𝐹 = 2𝜆/𝜋(𝑁𝐴)2. This is highly promising for future 

work, which should explore high-NA optical focusing to determine if it is possible 

to optically section single cell layers from thick tissue samples without the need 

for sectioning or processing. Previous transmission-mode UV-PAM systems 

could achieve high-NA optical focusing but required costly UV-transparent fused 

silica microscope slides and could only be used for thin tissue sections [55]. Our 

imaging results were obtained in reflection mode and required only standard 

glass microscope slides. Obtaining high-NA is difficult to achieve using reflection 

mode PAM systems because of the need to incorporate an ultrasound transducer 

co-focused with the optical illumination. UV-PARS should be able to achieve very 

high numerical aperture illumination without the need for any ultrasound 

transducer or acoustic coupling. The non-contact nature of UV-PARS will surely 

have practical advantages in workflow, ease-of-use, microscopy system user 

preference, and potential to combine with other microscope modalities owing to 

its all-optical nature.  
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Chapter 4 
 

Reflective Objective-based 
Ultraviolet Photoacoustic 
Remote Sensing Virtual 
Histopathology 
 
 

This manuscript has been submitted to Optics Letters and is in the review 

process. Some of the contents have been modified for this thesis. 

 

 

Abstract 

Histopathological examination typically involves tissue resection or biopsy, 

fixation, sectioning and staining protocols. A non-contact high-resolution 

photoacoustic remote sensing microscopy system is presented which is capable 

of imaging cell nuclei in fixed and fresh tissues without the need for stains or 

labels. The reflection-mode system is based on a 0.5 numerical aperture reflective 

objective and enables optical scanning to produce histological-like images with 

0.39-µm resolution and with close agreement to traditional H&E staining. 
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4.1 Introduction 

 Histological examination of tissues and cells by pathologists has 

remained a gold-standard for disease diagnosis for over a century. Histological 

examination involves preserving resected or biopsied tissues in a fixative, gross 

evaluation, cutting, paraffin embedding, sectioning, staining, and slide reading 

by a pathologist. This laborious and time-consuming procedure results in 

considerable delays in surgical procedures where malignant tissue must be 

removed with clean margins. Positive margins are often determined weeks after 

a surgery, and in as many as 20-40% of solid tumor resections, a repeat surgery 

is often needed [55]. Such repeat surgeries cost the health-care system billions of 

dollars each year, cause avoidable patient distress, and could result in a worse 

severity prognosis. Cryosection pathology is sometimes used intraoperatively to 

provide feedback on margin status, however, such frozen sections are known to 

be inaccurate, and cryosectioning is not always feasible with certain fatty tissues 

which do not section well. Moreover, frozen sections are less preferable as 

freezing artifacts can impact downstream histological processing [61]. With 

either cryosectioned or formalin-fixed paraffin-embedded histopathology, there 

is often significant discordance between pathologists, and histopathological 

accuracy can depend on several factors such as the skill of the technicians 

preparing the slides, and staining variability [24]. Thus, there is an urgent unmet 

need for improved histological imaging technologies, which can rapidly image 

tissue microstructure, ideally in fresh un-sectioned thick tissues, label-free, and 

with image quality comparable to traditional histopathology. Such a technology 

could eventually help inform surgeons of margin status while the patient is still 

on the operating table, enabling complete removal of cancerous tissue without 

the need for follow-up surgeries. 

Many approaches have been designed to provide alternatives to 

histopathology with the goal of providing intraoperative virtual pathological 

diagnosis. These include confocal reflectance microscopy, which however, 



46 
 

provides scattering contrast and thus cannot yet provide specific nuclear contrast 

[26]. Optical coherence tomography offers millimeter scale imaging depths, but 

again is based on scattering contrast [1]. Non-linear microscopy including multi-

photon autofluorescence, higher harmonic generation, coherent anti-Stokes 

Raman scattering, and stimulated Raman scattering microscopies can provide 

histology-like imaging label-free with tight optical sectioning. However, these 

approaches require expensive ultrafast lasers [3, 70]. Microscopy with ultraviolet 

(UV) stimulated emission uses fluorescently labelled tissues and UV wide-field 

illumination. However, optical sectioning capability relies on UV penetration 

depth, which is tissue dependent, and has trouble differentiating single cell layers 

[23]. Light sheet fluorescence microscopy has been able to examine fresh thick 

tissues but suffers from staining variability and in some cases the need for optical 

clearing agents [30]. Structured illumination fluorescence microscopy has been 

able to image superficial layers of tissue samples, however, suffers in deeper 

imaging and also requires exogenous labels [50]. 

UV Photoacoustic Microscopy (UV-PAM) was recently introduced as a 

label-free method of imaging cell nuclei in reflection mode, showing an 

impressive ability to image with histological contrast [54], albeit with the caveat 

of requiring acoustic coupling with the sample. Moreover, because acoustic 

detection was required, necessitating partially distinct optical and acoustic paths, 

light delivery in reflection-mode imaging of thick tissues was typically limited in 

numerical aperture (NA), thus restricting optical resolution, with a minimum 

lateral resolution reported as 0.7-µm [54], compared to 0.33-µm in transmission-

mode which is not suitable for thick tissue imaging [55]. Axial resolution 

limitations also resulted in difficulty achieving single-cell layer imaging, however, 

recent work has moved towards addressing this issue [56, 57]. Additionally, 

imaging speed was a constraint, nevertheless, new work is aiming to accelerate 

imaging such as using novel multi-focal-spot light delivery [58]. We recently 

reported a new non-contact approach, photoacoustic remote sensing, that senses 

excited photoacoustic initial pressures optically, by detecting refractive index 
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modulations of a probe beam. This approach was first used to image 

microvasculature networks with single-cell resolution and has been 

demonstrated with optical resolution to depths of >2-mm in tissues, as well as 

for functional imaging [19-21]. 

For imaging cell nuclei, we recently demonstrated UV-PARS using 266-

nm excitation light, where DNA has a strong absorption peak. This permitted 

imaging of cells and tissues with strong contrast from cell nuclei. This previous 

UV-PARS system used an off-axis parabolic mirror to focus UV and interrogation 

light without chromatic aberrations to achieve 0.7-µm spatial resolution [71]. 

However, the NA of this approach was limited, and the system was not able to 

use fast optical scanning. Moreover, thick tissue imaging had not yet been 

demonstrated. In our previous work, and in the previous literature, a main 

limitation to clinical adoption has been pathologist trust. Images had not yet 

exhibited sufficiently close correspondence with traditional H&E histopathology. 

In this letter, we introduce a new optical-scanning reflection-mode UV-PARS 

system with greatly improved spatial resolution capable of imaging both thin and 

thick tissues at superficial depths to achieve histopathology-like images without 

the need for staining. This system uses a 0.5 NA reflective objective lens and 

galvanometer scanning mirrors to achieve an ultrafine 0.39-µm resolution 

without chromatic aberration that would otherwise degrade the co-focusing of 

excitation and interrogation light. This high resolution enables clear visualization 

of cell nuclear structures that are shown to be in agreement with images of cells 

and tissues using fluorescent and H&E stains and achieves micron-scale optical 

sectioning. 
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4.2 Experimental Set-up 

4.2.1 System Set-up 

 

 

Figure 4.1: UV-PARS experimental set-up. PD – photodiode; L – lens; M – 
mirror; BD – beam dump; HBS – harmonic beam splitter; RO – reflective 
objective; QWP – quarter wave plate; PBS – polarization beam splitter; HWP – 
half wave plate; ZC – zoom collimator; SMF – single-mode fiber; SLD – 
superluminescent diode; LPF – long-pass filter; DAQ – digital acquisition card. 

 

Figure 4.1 shows the system setup diagram for UV-PARS. A 20-600-kHz 

repetition-rate 532-nm pulsed fiber laser (GLP-10 , IPG Photonics) delivers 

nanosecond pulses with up to ~18-µJ pulse energies at 20-kHz.  This excitation 

beam is split using a low reflection glass slide. The split-off beam is then directed 

towards a 350-MHz photodiode (DET10A, Thorlabs) for triggering purposes. The 

remainder of the beam is focused through a 5×5×6-mm Caesium Lithium Borate 

CLBO non-linear crystal (Eksma Optics) via a plano-convex lens (LA1464-A-ML, 

Thorlabs). The resulting beam is then recollimated using another plano-convex 

lens (LA4380-UV-ML, Thorlabs).  In order to separate the generated 266-nm 



49 
 

light from the remaining 532-nm beam, a UV-transparent CaF2 equilateral 

dispersive prism is used (PS862, Thorlabs). The generated 266-nm beam then 

passes through another set of lenses to expand to the desired beam width. A 1319-

nm linearly polarized continuous superluminescent diode laser (SLD1018PXL, 

Thorlabs) with a ~40-µm coherence length is used as the interrogation beam. The 

single-mode fiber coupled output of this laser diode is collimated using a zoom 

collimator (ZC618APC-C, Thorlabs), which allows the beam size to be adjusted 

whilst remaining collimated. A half-wave plate (WPH05-1310, Thorlabs) is then 

used to adjust the output polarization before it passes through another set of 

lenses to expand to the desired beam width of 5.1-mm. This beam is then 

redirected via a polarizing beam splitter (CCM1-PBS254, Thorlabs), where it then 

passes through a quarter-wave plate (WPQ10M-1310, Thorlabs) converting from 

linear to circular polarization. The 266-nm and 1319-nm beams are then 

combined via a harmonic beam splitter (HBSY134, Thorlabs), which transmits 

the 1319-nm beam and reflects the 266-nm beam. Both beams are then routed 

through a galvanometer scanning system and then co-focused onto the sample 

using a UV-enhanced aluminum coated 0.50 NA reflective objective (LMM-40X-

UVV, Thorlabs). Here a reflective focusing element is used rather than a 

refractive focusing element to eliminate chromatic aberration effects which 

would interfere with the ability to co-focus both beams. Two linear stages (Micos 

PLS-85, PI), each driven by a bipolar microstep driver (MBC2508, Anaheim 

Automation) provided lateral sample movement, however, galvanometer optical 

scanning was the main form of scanning used. The backscattered 1319-nm beam 

returns after interrogating the sample and due to its reflection, changes 

polarization handedness, such that when it passes back through the quarter-wave 

plate, it exits with the opposite linear polarization to its original state. This results 

in the redirection of the light path via the polarizing beam splitter through a 1250-

nm long-pass filter (FELH1250, Thorlabs), which is then focused onto to a 75-

MHz balanced photodiode (PDB420C-AC, Thorlabs) using a semi-plan objective 

(3.2/0.10 160/-, Zeiss). The balanced functionality of this photodiode is not used, 
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instead the second photodiode is kept at a constant reference. The PARS signal 

was filtered using a 1.8-MHz high-pass filter (EF509, Thorlabs), as well as an 11-

MHz low-pass filter (BLP-10.7+, Mini-circuits). All data is acquired using a data 

acquisition card (CSE1242, Gage Applied) and the maximum of the envelope-

detected PARS signal is recorded for each scan position. In addition to recording 

PARS signals, which provide primarily optical absorption contrast, we 

additionally recorded the DC backscattered signal using the monitor output of 

the balanced photodiode to produce scattering images. 

This system differs from our previous report on UV-PARS notably by the 

use of a reflective objective, and galvanometer-based optical scanning, rather 

than mechanical scanning, as well as an improved UV beam shape, important for 

achieving the reported 0.39-µm resolution.  These improvements enable the 

reported fine resolution and optical scanning capabilities important for fast and 

histologically accurate imaging. 

 

4.2.2 Second Harmonic Generation Characterization 

 

Figure 4.2a shows the obtained UV pulse energies, as well as corresponding 

conversion efficiencies for different incident pump powers at 20-kHz repetition 

rate. The data was fit using a single term power series. Pulse energies greater than 

150-nJ at 266-nm were measured with a 532-nm input energy above 5-µJ at 20-

kHz. Note that the UV power measurements were taken right after the prism 

output. Since we prioritized beam shape over conversion efficiency these values 

could have been significantly improved, however, the pulse energies obtained 

were more than sufficient for our imaging purposes. Note that although we fixed 

our repetition rate to 20-kHz, UV could also be generated at 600-kHz, with 266-

nm pulse energies of ~14-nJ measured using 5.68-W input power. 

Next, in order to characterize the beam shape, a knife-edge experiment 

was carried out. By measuring the power as a function of the position of the blade 

and then taking the differential of the measurements, we can obtain the beam 
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profile along a certain axis. Figure 4.2b and c show the results obtained for two 

orthogonal axes. The original data was fit using a complementary error function 

which provides confidence of a gaussian output. From these measurements, full-

width at half-maximum (FWHM) values of 3.72-mm and 3.51-mm were obtained 

for the x and y axis respectively. This gives an ellipticity ratio of 0.94 between the 

y and x axis, suggesting a highly circular beam shape. It should also be noted that 

the beam size indicated matches well with the desired 5.1-mm input to fill the 

reflective objective input aperture to maximize our NA. 

 

 

Figure 4.2: UV beam characterization: a) second harmonic generation efficiency 
and UV pulse energy for a 20-kHz repetition rate input 532-nm beam; b) and c) 
knife-edge experiment results displaying measured output UV beam shape. 
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4.3 Results 

4.3.1 Phantom Experiment Results 

 

4.3.1.1 Airforce Target Scattering Image 

 

Figure 4.3b shows a scattering image obtained with our system by blocking the 

excitation path and recording the DC back-scattering signal only. This image was 

taken using optical scanning and allows us to determine the scale of our images 

by locating the smallest observable pattern, as shown by the inset in Figure 4.3a. 

Using this feature, which corresponds to 574.70 cycles per millimetre, we can 

then determine the distance between the two smallest observable maxima and 

thus determine the scale of our image. 

 

 

Figure 4.3: Airforce target scattering image a) inset from b) used to determine 
scale when optical scanning. 
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4.3.1.2 Resolution Characterization 

 

In order to characterize the resolution of the system, we imaged 100-nm gold 

nanoparticles as shown in Figure 4.4a. A cross-sectional view of the nanoparticle 

resolution phantom is shown in Figure 4.4b. Data points were fit using a sum-of-

Gaussians, shown as the dotted orange curve. Lateral resolution here is defined 

as the distance between the peaks of the fitted distribution, where the local 

minima is 0.7 of the global maxima, ensuring the objects are still distinguishable. 

A lateral resolution of 0.39-µm was measured which is in close agreement with 

the theoretical resolution of 0.32-µm based on the Rayleigh criterion, 

R=0.61λ/NA, calculated for an NA of 0.50. 

 

 

Figure 4.4: Resolution characterization: a) image of 100-nm gold nanoparticle, 
scale bar: 500-nm width; b) profile extracted from the white dashed line in a) 
used to determine lateral resolution. 
 

4.3.1.3 Preliminary Optical Sectioning Capability 

 

Since PARS has no inherent depth resolution, we rely on tight optical focusing to 

give optical sectioning ability. The depth of focus (DOF), calculated using 𝐷𝑂𝐹 =
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2𝜆/𝜋(𝑁𝐴)2, was found to be on the order of ~0.68-µm for our system. In order to 

test the optical sectioning capability of our system we imaged ~7-µm diameter 

carbon fiber networks using mechanical stage scanning where the depth along 

the network was changed using a micrometer stage. Figure 4.5a shows a 

maximum amplitude projection image which represents the typical PARS image 

obtained with no optical sectioning ability. The amplitude signal-to-noise ratio 

(SNR) was determined to be 55-dB for carbon fiber network images. Where an 

excitation pulse energy of 3-nJ and interrogation power of 3.24-mW was used to 

image the sample. Figure 4.5b shows a depth encoded maximum amplitude 

projection image where it is observable that changes in depth on the order of 6-

12-µm display optical sectioning. Since this range falls within the typical diameter 

of a cell, this indicates that single-cell layer imaging in thick samples could be 

possible. 

 

 

Figure 4.5: Preliminary optical sectioning capability determination: a) maximum 
amplitude projection image of carbon fiber network; b) depth encoded maximum 
amplitude projection image, scale bar: 100-µm width. Depth values by color bar: 
red = 0-µm, green = 12.7-µm, blue = 19.05-µm, pink = 25.4-µm, yellow = 31.75-
µm, positive values indicate increasing depth. 
 

 



55 
 

4.3.2 Live Cell Culture Experiment Results 

 

4.3.2.1 Live HeLa Cell Culture Imaging 

 

 

Figure 4.6: HeLa live cell cultures: a) dB-scale UV-PARS reflection-mode image, 
scale bar: 20-µm width; b) Hoechst fluorescence stained sample imaged using 
transmission-mode brightfield microscopy; c) virtual fluorescence stained image 
captured with the UV-PARS system, where blue indicates absorption and green 
indicates scattering, scale bar: 20-µm width; d) UV-PARS image of fixed dividing 
HeLa cells, scale bar: 5-µm width. 
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Next, in order to determine the ability of our system to image cell nuclei, live 

HeLa cell cultures (CCL-2, ATCC) of various confluency were imaged. Figure 4.6c 

shows one such image obtained with our UV-PARS system, where an excitation 

pulse energy of 10-nJ and interrogation power 7.76-mW was used on the sample. 

Cell culture images were obtained with an SNR on the order of ~42-dB, as seen 

in Figure 4.6a. The image is a superposition of an absorption image, and a 

scattering image, where the excitation beam was blocked to obtain the scattering 

image. The scattering image, shown in green, displays the cell body morphology, 

whereas the UV-PARS image, shown in blue, displays only the cell nuclei, 

effectively producing a virtually stained image, without the need for exogenous 

fluorophores or stains. Comparing our image with that of a brightfield image of 

the same sample with Hoechst 33342 fluorescence stain overlay as shown in 

Figure 4.6b shows excellent agreement between the two imaging modalities. 

Additionally, we were able to capture a UV-PARS image of fixed HeLa cells 

undergoing mitosis, as seen in Figure 4.6d, which was validated by comparison 

with Hoechst fluorescence brightfield images. This showcases the potential of 

this system in the area of cell studies. 

 

4.3.3 Tissue Section Imaging 

 

To determine the ability and versatility of our system to image various tissue 

types, a number of representative 4-µm thick mouse organ tissue sections were 

imaged, taken from a hairless SCID mouse (Charles River Nude). These tissues 

were formalin fixed, followed by embedding in paraffin blocks, and then 

sectioned. Prior to imaging, paraffin was removed, and the tissue was rehydrated 

by heating the slides at 60°C for 1 hour, followed by several 2-minute-long washes 

in 2 changes of xylene, 2 changes of 100% ethanol, 95% ethanol, and finally DI 

water. A quartz UV-transparent coverslip (CFQ-2220, UQG Optics) was also used 
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with some DI water to keep the sample hydrated during imaging. All images were 

obtained using ~5-nJ excitation pulse energy and ~7-mW interrogation power.  

Figure 4.7b shows a UV-PARS image obtained of large intestinal villi, 

when compared to Figure 4.7a showing a neighboring section H&E stained 

brightfield image of the same sample, it can be seen that there is excellent 

agreement between the two imaging methods. Note that because we also stained 

with Eosin, the cytoplasm of the villi is also visible. The UV-PARS image still 

shows some background signal from the cytoplasm, which is to be expected since 

RNA and other UV absorbing compounds are still found within these regions 

albeit, at much lower concentrations. Figure 4.7d shows a UV-PARS image 

obtained of pulmonary bronchiole. When compared to Figure 4.7c showing a 

same section hematoxylin stained brightfield image of the same sample, it can be 

seen that there is again excellent agreement between the two, and that the 

background signal within cytoplasmic regions is also observable. Figure 4.7f 

shows a UV-PARS image obtained of pulmonary alveoli, when compared to 

Figure 4.7e, again showing a same section hematoxylin stained brightfield image 

of the same sample, it can be seen that there is once more excellent agreement 

between them. Note that slight discrepancies may be observable between images 

due to some images being compared to neighboring sections, and for those 

compared to the same sections, it is expected that the staining procedure could 

lead to some slight tissue deformity. Furthermore, it is expected that some signal 

is obtained from hemoglobin from residual blood cells in the tissue. 
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Figure 4.7: 4-µm thick various mouse tissue sections: a) & b) H&E stained 
brightfield and UV-PARS image of large intestinal villi respectively, scale bar: 30-
µm? width; c) & d) hematoxylin stained brightfield  and  UV-PARS image of 
pulmonary bronchiole respectively, scale bar: 20-µm width; e) & f) hematoxylin 
stained brightfield and UV-PARS image of pulmonary alveoli respectively, scale 
bar: 20-µm width; g) UV-PARS image of 60-µm thick sectioned mouse lung 
tissue, scale bar: 10-µm width; UV-PARS image of un-sectioned fresh mouse 
tissue: h) cardiac tissue, scale bar: 10-µm width; i) kidney tissue, scale bar: 10-
µm. 
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In order to demonstrate our ability to image single-cell layers in thick tissue, we 

imaged 60-µm thick sectioned mouse lung tissue. Figure 4.7g shows our UV-

PARS image of this sample, where individual cell nuclei are observable. We next 

moved on to see the ability of our system to image fresh thick tissue. Figure 4.7h 

shows a UV-PARS image of fresh un-sectioned cardiac muscle tissue, and Figure 

4.7i shows a UV-PARS image of fresh un-sectioned kidney tissue. We can see 

from both of these images that we can again observe individual cell nuclei. 

However, although we have seen some success in imaging fresh tissues, obstacles 

still need to be overcome such as accommodating for surface roughness and 

curvature. Nevertheless, these initial results showcase the ability to capture a 

high level of detail, as well as some measure of superficial optical sectioning label-

free in a wide variety of tissues. 

 

 

Figure 4.8: dB-scale UV-PARS image of sectioned mouse kidney tissue: a) 4-µm 
thick; b) 20-µm thick, scale bar: 20-µm width. 
 

Figure 4.8 shows dB-scale UV-PARS images of different thickness sectioned 

mouse kidney tissue. In both Figure 4.8a and b, individual cell nuclei are 

observable. It is interesting to note that these images highlight the presence of 
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some background signal from the surrounding cytoplasm, but nonetheless, are 

still able to capture cell nuclei with good SNR. Furthermore, the cell nuclei 

density in Figure 4.8b is comparable to Figure 4.8a, again validating that we are 

obtaining signal from a single cell layer in the 25-µm thick tissue section. 

 

4.4 Conclusion 

Similar to UV-PAM our laser fluences are currently above Maximum 

Permissible Exposure (MPE) limits for the skin of human subjects [54]. However, 

main applications of this technology may be for cell imaging and ex vivo tissue 

imaging where MPE limits do not apply. Subsequent work should aim to further 

reduce laser exposure to mitigate potential tissue damage for future applications. 

Current work primarily exploits DNA contrast similar to hematoxylin staining. 

Future work should explore other UV wavelengths where protein absorption is 

dominant for equivalent Eosin staining. Current imaging rate is limited by our 

20-600-kHz laser repetition-rate, which determines the pixel readout rate. 

Higher-repetition rates should be investigated in future work in order to 

minimize scan times for intraoperative applications. 
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Chapter 5 
 

Fast Optical Scanning-based 
Wide-field Photoacoustic 
Remote Sensing Microscopy 
 
 

 

Abstract 

 

Bulky components restrict the utility of photoacoustic remote sensing 

microscopy due to scanning speed and field-of-view limitations. Two systems are 

presented, the first capable of wide-field optical-scanning imaging, by using 

optical focusing prior to galvanometer scanning, obtaining 1-cm x 1-cm carbon 

fiber bundle images with ~50-dB signal-to-noise ratio. The second, showcasing 

preliminary work in moving towards a miniaturized scan head by using a 2-axis 

MEMS-mirror scanning element, moving photoacoustic remote sensing 

microscopy towards fast wide-field imaging. 
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5.1 Introduction 

 

Figure 5.1: Previous PARS scanning methods: a) galvanometer optical scanning, 
image of mouse red blood cells, scale bar: 100-µm width; b) mechanical stage 
scanning, image of mouse ear vasculature, scale bar: 600-µm width. Taken with 
permission from the Zemp lab.  
 

Presently, bulky components restrict the utility of PARS microscopy systems for 

certain applications including handheld and endoscopic imaging. Additionally, 

previous embodiments used either mechanical scanning of the sample or optical 

scanning by steering incident beams into focusing optics. As illustrated in Figure 

5.1b, mechanical scanning produces large high-resolution images, however, is 

slow, being limited by the mechanical stage speed. Optical scanning on the other 

hand, is typically much faster, especially with the use of resonant scanning 

mirrors, or polygon scanners. Nevertheless, as shown in Figure 5.1a, optical 
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scanning can result in degraded resolution far from the central optical axis, 

limiting the obtainable field-of-view.  

Here we present work carried out in several steps. The first step presents 

a system design that uses optical focusing of beams before the scanning element 

in order to reduce wide-field aberrations. The second step then implements a 

system that uses a MEMS scanning mirror to allow for miniaturization of the 

scanning element. This miniaturization should allow for larger field-of-view 

imaging due to the shorter optical path taken through the scanning element 

which would move us towards the ultimate goal of performing fast wide field-of-

view imaging that can be translated into our ultraviolet excitation PARS systems 

presented in the previous 2 chapters.  

 

5.2 Focusing Before Optical Scanning 

 

 

Figure 5.2: Lateral chromatic aberration: a) versus incidence angle for a typical 
scanning lens (LSM03-VIS, Thorlabs) for 400-nm and 700-nm incident beams; 
b) visualization of focal spot shift between interrogation and excitation beams. 
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Our first system design uses optical focusing of beams before galvanometer 

scanning across the sample. This is superior to other methods of wide-field 

optical scanning, such as using scanning lenses, because it does not suffer from 

lateral chromatic aberration which occurs in a system containing such a 

difference in wavelengths. Figure 5.2a illustrates the magnitude of this effect for 

a much smaller difference in wavelength, computed using a typical scanning 

objective (LSM03-VIS, Thorlabs). Figure 5.2b shows the extent that this shift can 

have on the co-focusing of our interrogation and excitation beams, resulting in 

significant interrogation power loss. Furthermore, these types of objectives are 

not typically available for the wavelength range used in our system. One 

drawback of this method however, is the because the focused beam must travel 

through the optical scanning element, it requires the use of large working 

distance objectives, limiting the obtainable lateral resolution, but incidentally 

increasing the depth of focus, allowing us to obtain larger images less constrained 

by inherent curvature of the optical scanning path far away from the central 

optical axis. 

 

5.2.1 Experimental Set-up 

 

Figure 5.3 shows the system setup diagram for the pre-galvo focusing PARS 

system. A 0.4 to 100-MHz repetition-rate 1030 to 1076-nm tunable pulsed fiber 

laser (TPL-1060-332-01-UAL01, Genia Photonics) delivers variable width pulses 

(100-ps to 5-ns).  1064-nm output at 400-kHz and with a 2.5-ns pulse width was 

used. This excitation beam is collimated using a variable collimator lens and is 

then focused through a magnesium doped periodically poled lithium niobite 

(MgO:PPLN) crystal (MSHG1064-0.5, Covesion), which is kept at a constant 

temperature using a temperature controller (OC2, Covesion). The resulting 

second harmonic generated 532-nm and remaining 1064-nm are split using a 

harmonic beam splitter (HBSY21, Thorlabs), where the remaining 1064-nm is fed 

into a 5-GHz photodiode (DET08CL, Thorlabs) for triggering purposes. A 
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tunable 1550-nm continuous wave linearly polarized (TLK-L1550R, Thorlabs) 

laser is used as an interrogation beam. The single-mode fiber coupled output of 

this laser diode is collimated using a reflective collimator (RC08FC-P01, 

Thorlabs). A half-wave plate (WPH10M-1550, Thorlabs) is then used to adjust 

the output polarization before it passes through another set of lenses to expand 

to the desired beam width. This beam is then redirected via a polarizing beam 

splitter (CCM1-PBS254, Thorlabs), where it passes through a quarter-wave plate 

(WPQ10ME-1550, Thorlabs) converting from linear to circular polarization. The 

532-nm and 1550-nm beams are then combined via a dichroic mirror 

(DMSP1000R, Thorlabs), which transmits the 532-nm and reflects the 532-nm 

beam. Both beams are then co-focused through an uncoated 50-mm focal length 

plano-convex lens (Thorlabs, LA1131) and optically scanned across the sample 

using a galvanometer (6230H, Cambridge). The objective lens was chosen for its 

respectable working distance required since the beam must pass through the 

galvos before reaching the sample. The backscattered 1550-nm beam returns 

after interrogating the sample and due to its reflection, changes polarization 

handedness, so that when it passes back through the quarter-wave plate, it exits 

with opposite linear polarization to its original state. This results in redirecting 

of the light via the polarizing beam splitter through a 1550-nm band-pass filter 

(FBH1550-12, Thorlabs), and then focused onto to a 150-MHz photodiode 

(PDA10CF, Thorlabs) via a semi-plan objective (3.2/0.10 160/-, Zeiss). The PARS 

signal was filtered using a 20-kHz high-pass filter (3148, KR Electronics), as well 

as a 22-MHz low-pass filter (BLP-21.4+, Mini-circuits). The PARS signal is then 

passed through a pulsar-receiver (5900OR, Olympus), this is used for 

amplification purposes as well as filtering purposes. All data is acquired using a 

data acquisition card (CSE1242, Gage Applied) and the maximum of the 

envelope-detected PARS signal is recorded for each scan position. Note that a 

free-space design was used for this system due to the narrow band nature of the 

1550-nm, which resulted in highly coherent light leading to interference effects 

when using a circulator. 
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Figure 5.3: Pre-galvo focusing PARS experimental set-up. L – lens; M – mirror; 
PD – photodiode; D – dichroic; AC – adjustable collimator; PPLN – periodically 
poled lithium niobite; QWP – quarter-wave plate; PBS – polarization beam-
splitter; HWP – half-wave plate; BPF – band-pass filter; DAQ – data acquisition 
card. 
 

5.2.2 Experimental Results 

 

In order to test the imaging capability of our system, a bundle of 7-µm diameter 

carbon fibers was imaged. Images were taken using 532-nm excitation with 2.5-

ns pulse width at 400-kHz. Figure 5.8 shows a representative image obtained 

with our system, exhibiting an SNR of ~50-dB for a field-of-view of ~1-cm x 1-

cm, showcasing that the method of focusing prior to galvo scanning is a very 

effective way to achieve large field-of-view images. It should be noted however 

that since we are imaging carbon fiber bundles, the outer regions of the image 

will most likely correspond to different layers within the bundles, which we area 

able to capture due to the large depth of focus that follows the use of a large focal 

length objective. Following from this, we would expect that the use of a higher 
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numerical aperture objective, with a tighter depth of focus would have a 

significantly decreased field-of-view, albeit with higher resolution. 

 

Figure 5.4: PARS image of carbon fiber bundle using pre-galvo optical focusing, 
scale bar: 2-mm width. 
 

5.3 MEMS-mirror Optical Scanning 

For our second system, we moved towards a MEMS scanning mirror design, in 

order to allow for miniaturization of the scanning element. The purpose for this 

miniaturization is to allow for larger field-of-view imaging due to the shorter 

optical path taken through the scanning element. Because of this shorter optical 
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path requirement, it also should result in an ability to use shorter working 

distance, or higher numerical aperture objective lenses, allowing us to obtain 

higher resolution images over a larger field-of-view than would normally be 

obtainable. 

 

5.3.1 Experimental Set-up 

 

5.3.1.1 System Set-up 

 

 

Figure 5.5: MEMS-PARS experimental set-up. BS – beam splitter; L – lens; M – 
mirror; PD – photodiode; RC – reflective collimator; SLD – superluminescent 
diode; OL – objective lens; MM – MEMS mirror; RPI – Raspberry Pi; DAQ – 
data acquisition card. Top left inset displays an image of the MEMS mirror itself 
with the window removed. 
 

Figure 5.5 shows the setup diagram for the MEMS-PARS system. A 20-600-kHz 

repetition-rate 532-nm pulsed fiber laser delivers nanosecond pulses with up to 

~18.35-µJ pulse energies (at 200-kHz).  This excitation beam is split using a low 

reflection glass slide. The split-off beam is then fed into a 350-MHz photodiode 

(DET10A, Thorlabs) for triggering purposes. The 532-nm beam then passes 

through a set of lenses to reduce to the desired beam width. A 1319-nm 
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continuous superluminescent diode laser (SLD1018PXL, Thorlabs) with a ~40-

µm coherence length is used as an interrogation beam. This beam passes through 

a circulator (CIR1310PM-APC, Thorlabs) and is then collimated via a reflective 

collimator (RC04APC-P01, Thorlabs). The beam then passes through a set of 

lenses to reduce to the desired beam width. The 532-nm and 1319-nm beams are 

then combined via a dichroic mirror (DMSP-1000R, Thorlabs), which transmits 

the 532-nm beam and reflects the 1319-nm beam. Both beams are then co-

focused via an aspheric lens (AL1225, Thorlabs) and reflected off of a 1-mm 

diameter gold-coated 2-axis MEMS mirror (TF31, Precisely) with the window 

removed to optically scan across the sample. The MEMS mirror is controlled 

using a raspberry pi equipped with a custom driver board, with pick-off wires 

being used to probe the current mirror position. The backscattered 1319-nm 

beam returns after interrogating the sample and is redirected via the circulator 

to a 75-MHz balanced photodiode (PDB420C-AC, Thorlabs). The balanced 

functionality of this photodiode is not used, instead the second photodiode is kept 

at a constant reference. The PARS signal was filtered using a 1.8 MHz high-pass 

filter (EF509, Thorlabs), as well as an 11-MHz low-pass filter (BLP-10.7+, Mini-

circuits). All data is acquired using a data acquisition card (CSE1242, Gage 

Applied) and the maximum of the envelope-detected PARS signal is recorded for 

each scan position. It should be noted that beam reduction was required here due 

to the small size of the MEMS mirror diameter to reduce beam clipping, which 

had a negative impact on the resolution of the system. 

 

5.3.1.2 MEMS-mirror Set-up 

 

The 2-axis MEMS mirror deflection is controlled by varying the voltage across 

four channels. Where 2 channels control the -x and +x axis and the other 2 

channels control the -y and +y axis. In order to characterize the deflection angle 

response of each axis against input voltage, the MEMS mirror was positioned 

such that its face was at a 45° angle to an incident laser beam, this laser beam was 
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then reflected across the room onto a board where measurements of position 

could be made. By measuring the displacement as the voltage applied across the 

MEMS mirror was changed and knowing the distance the mirror was away from 

this board, an estimate for the angle deflection could be made.  Figure 5.6a shows 

the characterization results carried out for each axis. From this graph it is obvious 

that the relationship is non-linear. 

 

 

Figure 5.6: MEMS scanning mirror axis characterization: a) over full range for all 
channels; b) inset corresponding to boxes i and ii in a). 
 

This non-linearity posed a problem in reconstruction of our image. Originally, to 

combat this, the non-linearity was characterized, and then a correction could be 

made in post-processing to determine the actual location of our imaging points. 

However, due to imperfect characterization of the deflection angle as a function 

of input voltage, the results were not satisfactory. The next approach was to 

linearize the output, where instead of stepping in equal input voltage increments, 

we stepped in equal deflection angle increments, which required back-calculating 

voltages at which these deflection angles occur. However, this approach was 

again dependent on the characterization we performed, and as such did not give 

acceptable results. Eventually, a different approach was taken, that solved 
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another issue, whereby instability in scanning occurred when scanning through 

the center of the mirror with all channels active, and especially when scanning 

over larger deflection angles at higher frequencies. This was solved by only using 

2 channels, one for each positive axis and operating the mirror at higher voltages 

within regions of linear response as shown in Figure 5.6b. The disadvantage of 

this approach was that it resulted in a limited deflection angle, however, the 

increased stability was a more important factor for reliable imaging. 

 

 

Figure 5.7: Typical waveforms generated in all channels to drive the MEMS 
scanning mirror. Note channels 3 and 4 have been shortened for clarity. 
 

One advantage of staying within the linear region arises from the fact that the 

driver board could only output positive voltage values for each channel, thus, 

since the linear region is off-set from the centre, a sinusoidal wave could be 

generated around this off-set with only 2 channels required to control the MEMS 

mirror. Furthermore, due to the high voltages required to drive the MEMS 

mirror, the other 2 channels could be set to the same waveforms as their 

counterparts, but at much lower voltages to lower the noise floor of the digital 
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acquisition card considerably. This is shown in Figure 5.7, where channel 1 and 3 

were used to drive the MEMS mirror, and channels 2 and 4 were used as a probe 

input to the digital acquisition card. This was required since the MEMS mirror 

operated in open-loop without any deflection-angle feedback. It should also be 

noted that the voltage range for channels 1 and 3 were selectively determined to 

ensure a symmetric scan pattern, in other words equal deflection angle range in 

the x and y axis. 

In order to obtain these input voltages, a 3-column .csv file, with the first 

column representing the channel number, second column representing the time, 

and third representing the voltage was read into a custom script run on a 

raspberry pi that drove a custom Precisely driver board to output our desired 

waveforms to the MEMS mirror. Due to the requirement of a .csv file, memory 

limitations restricted the slowest frequency that could be run to 0.3-Hz, as a 

result, for a reasonable image point density, our 532-nm source had to be run at 

200-kHz. 

 

5.3.2 Experimental Results 

 

To test the imaging capability of our system, a bundle of 7-µm diameter carbon 

fibers was imaged. Images were taken using ~100-nJ 532-nm excitation pulse 

energies at 200-kHz, with ~10-mW 1319-nm detection power. Figure 5.8a shows 

a representative image obtained with our system, exhibiting an SNR of ~42-dB 

for a field-of-view of ~0.25-mm x 0.25-mm. This image also appears to show 

products of instability, where wiggles can be seen along the carbon fibers, 

suggesting that there could have been some mirror deflection instability. Since 

the MEMS mirror is operated in open loop, these instabilities are not accounted 

for. 

 One way to attempt to remove these instability artifacts is to use a Hessian 

based Frangi vesselness filter, which was applied in post-processing. Where the 

Frangi filter uses eigenvectors of the Hessian matrix to determine the probability 
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of vessels or image ridges being contained within an image region [72]. Figure 

5.8b shows the results of this post-processing, where we can see considerable 

improvement, including a substantial increase in SNR. 

 

 

Figure 5.8: PARS image of carbon fibers using MEMS optical scanning: a) 
without Frangi filter; b) with Frangi filter, scale bar: 70-µm width. 
 

5.4 Conclusion 

Overall, we demonstrated the potential to obtain wide field-of-view images using 

optical focusing prior to scanning, albeit with a trade-off between lateral 

resolution and field-of-view, partially dependent on the depth of focus as well as 

on the focal length. Next, we moved towards replacing typical galvanometer 

optical scanning for a 2-axis MEMS scanning mirror, significantly reducing the 

path length our beam has to travel through our scanning element. Unfortunately, 

the small 1-mm diameter MEMS mirror limited the achievable field-of-view. 

Figure 5.9a and b help to illustrate the reason for this problem, where the field-

of-view was limited by the distance between the focus and point where the beam 

width reaches √2/2-mm (for our 1-mm diameter mirror). This limitation 

constrained us to using a larger than optimal focal length objective, which 
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degraded resolution, while still resulting in a poor field-of-view due to the mirror 

still needing to be close to the focus. Figure 5.9c demonstrates how a bigger 

mirror would solve these issues and would be key in bringing us closer to 

integrating this optical scanning technique into our UV-PARS system 

architecture for fast wide field-of-view histology-like imaging of tissue samples. 

This describes future work that will be required in order to move UV-PARS 

towards clinical translation, where fast imaging is required for intraoperative 

potential. 

 

 

Figure 5.9: Different MEMS scanning mirror set-ups: a) small diameter mirror 
with tighter focus resulting in greater resolution, but poorer field-of-view; b) 
small diameter mirror with loose focus resulting in larger field-of-view, but 
poorer resolution; c) large diameter mirror with tighter focus resulting in larger 
field-of-view and greater resolution.  
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Chapter 6 
 

Conclusion 
 

 

The main goal of this thesis was to develop a UV excitation PARS system capable 

of producing images of cell nuclei within cell cultures and tissue samples. This 

was achieved in our first iteration, where a parabolic focusing element was used 

along with mechanical stage scanning to obtain images of a sectioned HT1080 

CAM tumor, where cell nuclei were observable. However, the resolution of this 

system, determined to be 0.70-µm, could be improved and mechanical stage 

scanning resulted in slow acquisition times. The second iteration of the system 

used a reflective objective, along with galvanometer optical scanning, and was 

able to clearly image cell nuclei in a variety of tissue samples with a quantified 

resolution of 0.39-µm. A higher NA also resulted in a tighter DOF, which we 

demonstrated could provide superficial optical sectioning within tissue samples, 

allowing the visualization of single cell layers whilst rejecting background signal 

from other layers. Additionally, observations of cells undergoing mitosis also 

illustrated the range of potential applications this technique could be applied to 

in the field of biology. The last work presented conducted preliminary work on 

focusing prior to optical scanning in order to move our system towards fast 

widefield imaging, an important goal for eventual intraoperative translation of 

UV-PARS. In light of the current lack of intraoperative techniques for evaluating 

tumor resection margins, the work presented in this thesis demonstrates real 

potential to develop into a solution that could solve this significant problem.  

 Future work will involve moving towards imaging resected tumor tissue 

in collaboration with pathologists to determine if our system is capable of 

visualizing resection margins. Depending on the success of optical-sectioning 

capable architectures currently only verified via simulations, that is coherence-
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gated PARS (CG-PARS) [73] and interferometric quadrature PARS (iQ-PARS) 

[74], with greater optical sectioning capability, 3D UV-PARS images of thicker 

tissues could be possible. As of now, Yao et al. determined a depth 

characterization of 100-µm in vivo using their UV-PAM system [54], with similar 

performance this could allow us to image “bread-loafed” tissue sections directly, 

while still maintaining higher surface sampling than conventional FFPE H&E 

histology or FSA. Decreasing acquisition times sufficiently will involve moving 

towards a UV-PARS system with fast optical scanning, which could be achieved 

by using resonant MEMS or polygon scanning mirrors along with development 

of a higher pulse repetition rate 266-nm source. Taken with mosaic scanning, this 

could provide the sampling rate capability required for clinical translation in an 

intraoperative setting. More work will also have to be done on imaging un-

sectioned tissue, where surface irregularities are accounted for, or tissue surfaces 

are flattened prior to imaging.  Further down the road, miniaturization of the 

scan-head, using MEMS scanning mirrors, could also eventually lead to a fiber-

tethered probe that allows for resection bed scanning. 

 In order to increase imaging specificity, especially in the case of fresh 

tissue imaging, where minimally washed resection samples could still contain 

significant quantities of residual blood contamination, future work will require 

multi-wavelength illumination to decouple signal contributions from different 

biomolecules, for example, introducing 532-nm excitation to detect oxy- and/or 

deoxy- hemoglobin contrast. Since conventional H&E histology stains both the 

nucleus and surrounding cytoplasm, further work should also look towards 

investigating other wavelengths in order to obtain cytoplasm contrast, for an 

eosin equivalent virtual stain. Furthermore, exploring lipid contrast by, for 

example, using 1210-nm wavelength excitation [75], could also provide valuable 

information that is currently available in certain NLM modalities. 

 In terms of widefield imaging, when focusing prior to scanning, light 

deflected away from the optical axis inherently has to travel further to reach the 

sample surface. This becomes more noticeable as the NA of the system increases, 
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since the DOF becomes tighter. As a result, future work should look into 

integrating fast translation of the objective, via for example an objective scanner, 

to allow for higher resolution widefield imaging. 

 As of yet, similar to UV-PAM, our laser fluences are currently above MPE 

limits for the skin of human subjects [54]. As of yet, the main applications of this 

technology are for cell imaging and ex vivo tissue imaging where MPE limits do 

not apply. However, subsequent work should aim to further reduce laser 

exposure to mitigate potential tissue damage for future applications that will 

involve in vivo work.  
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