
LIGHT SHEET MICROSCOPY FOR IMAGING CELLULAR FEATURES OF

UNSTAINED TISSUES

by

Jingwei Zhao

Copyright © Jingwei Zhao 2024

A Dissertation Submitted to the Faculty of the

JAMES C. WYANT COLLEGE OF OPTICAL SCIENCES

In Partial Fulfillment of the Requirements

For the Degree of

DOCTOR OF PHILOSOPHY

In the Graduate College

THE UNIVERSITY OF ARIZONA

2024





3

ACKNOWLEDGMENTS

Firstly and most importantly, I would like to thank my advisor, Dr. Dongkyun Kang.

His incredible talent, selfless guidance, and unwavering support have changed my life in ways

I never imagined. I deeply appreciate his generosity in sharing his knowledge, skills, and life

philosophy whenever I needed it. His patience, kindness, and passion have influenced me to

become a more empathetic, positive, and braver person. I will always remember his sense

of humor, his hearty laugh, the invaluable conversations we had, and all the challenges we

overcame together. It is my true privilege to have him as my advisor and mentor.

I would like to extend my gratitude to my dissertation committee members, Dr. Leilei

Peng and Dr. Travis William Sawyer, for their invaluable time and guidance. In particular,

I owe a special thanks to Dr. Leilei Peng for introducing me to Dr. Dongkyun Kang in

my first year. Without her, I would have missed the opportunity to have such a wonderful

mentor and advisor. I also thank Dr. Travis William Sawyer for being an inspiration to

many students like me at the Wyant College of Optical Sciences. His talent and dedication

to work continuously inspired me to become a better researcher.

I would like to thank our collaborators Dr. Eric Yang, Dr. Michelle Joanne Khan,

and Dr. Brooke Liang at Stanford University for our wonderful teamwork on the project

discussed in this dissertation. I am grateful for their great effort and passion in pushing



4

the project forward to help more people. Thank them for being patient and supportive

collaborators who set the bar of collaboration so high.

I would like to thank our funding source, the National Institutes of Health (NIH), for

the financial support for this project and my research assistantship. I am especially grateful

for the funding opportunities provided for international students like me.

I would like to thank my previous and current lab mates Dr. Nachiket Kulkarni,

Dr. Zhenye Li, Patrick O’Neal, Cheng Gong, Christopher Nguyen, Andrew Masciola,

Raphael Osifeso, Momoka Sugimura, Kenneth Marcelino, Rafael Romero, Yongjun Kim,

Paige Sawyers, Kayma Konecny, Alia May Nichols, Shirley Wang Xiang, Ameer Ghasem

Nessaee, and Maria Carmella Ocaya for their invaluable discussions and friendship. They

made our Translational Optical Imaging lab a place of joy amidst the rigorous demands of

research. More than colleagues, they have been my support system and mentors, guiding

me to grow both personally and professionally. I will remember the games we played, the

snacks we shared, the songs we sang, and the laughter we shared.

I would like to express my gratitude to all the faculty members and staff at the Wyant

College of Optical Sciences for making the college an exceptional place for learning and

research. Special thanks to Dr. Masud Mansuripur and Dr. Jim Schwiegerling for their

amazing teaching in fundamental physics and math, for the opportunities to work with

them as a teaching assistant, and for their support and guidance in my academic career.

Additionally, I am thankful to Dr. Rongguang Liang for his generous life advice, and to his

lab members for welcoming me into their social activities. Furthermore, my thanks extend to

Jini Kandyil, Mark Rodriguez, and Dr. Brian P. Anderson for their administrative support

over the years.



5

I would like to thank all my friends I met in Tucson, especially my best friends Yuanxin

Guan and Shuyuan Guan. I am grateful for the times we studied, laughed, and cried together.

Thank you for being there during the good times and the bad.

Finally, I would like to thank my boyfriend Shaobai Li for his continuous love, support,

and care. Thank my cat Puck for her companionship and the comfort and joy she brought

me. Thank my parents for their endless encouragement and unconditional love. Thank them

all for giving me love and peace.



TABLE OF CONTENTS

LIST OF FIGURES . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 9

LIST OF TABLES . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 15

ABSTRACT . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 16

CHAPTER 1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 18

1.1 Motivation . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 18

1.2 Anal Cancer . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 22

1.2.1 Anatomy of Anal Cancer . . . . . . . . . . . . . . . . . . . . . . . . . 22

1.2.2 Current Screening Methods for Anal Cancer . . . . . . . . . . . . . . 25

1.3 Clinically-viable In Vivo Microscopy . . . . . . . . . . . . . . . . . . . 28

1.3.1 Reflectance Confocal Microscopy . . . . . . . . . . . . . . . . . . . . . 29

1.3.2 Optical Coherence Tomography . . . . . . . . . . . . . . . . . . . . . 33

1.4 Light Sheet Microscopy . . . . . . . . . . . . . . . . . . . . . . . . . . . . 37

1.4.1 Contrast Mechanism . . . . . . . . . . . . . . . . . . . . . . . . . . . 38

1.4.2 Scattering-based Light Sheet Microscopy . . . . . . . . . . . . . . . . . 39

1.4.3 Working Principle . . . . . . . . . . . . . . . . . . . . . . . . . . . . 40

1.4.4 Optical Design Consideration . . . . . . . . . . . . . . . . . . . . . . 41

6



7

CHAPTER 2 Investigation of different wavelengths for sLSM . . . . . . . . 55

2.1 Scope . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 56

2.2 Major Findings . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 56

2.3 Innovation and Contributions . . . . . . . . . . . . . . . . . . . . . . . . 57

CHAPTER 3 Speckle and Shadow Artifacts Reduction Method for sLSM 59

3.1 Method . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 60

3.1.1 sLSM Setup . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 60

3.1.2 Performance Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . 61

3.2 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 63

3.2.1 System Performance Test . . . . . . . . . . . . . . . . . . . . . . . . 63

3.2.2 Tissue Imaging Results . . . . . . . . . . . . . . . . . . . . . . . . . . 63

3.3 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 65

CHAPTER 4 Pilot Imaging Study . . . . . . . . . . . . . . . . . . . . . . . . . 69

4.1 Scope . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 69

4.2 Major Findings . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 71

4.3 Innovation and Contributions . . . . . . . . . . . . . . . . . . . . . . . . 74

CHAPTER 5 Compact sLSM Probe . . . . . . . . . . . . . . . . . . . . . . . . 75

5.1 Method . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 75

5.1.1 Compact sLSM Probe Design . . . . . . . . . . . . . . . . . . . . . . 75

5.1.2 Custom Objective Lens Design . . . . . . . . . . . . . . . . . . . . . . 77

5.1.3 Light Sheet Thickness Simulation . . . . . . . . . . . . . . . . . . . . 79



8

5.1.4 Custom Objective Lens Performance Test . . . . . . . . . . . . . . . . 80

5.1.5 Probe Performance Test . . . . . . . . . . . . . . . . . . . . . . . . . 81

5.2 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 82

5.2.1 Compact sLSM Probe . . . . . . . . . . . . . . . . . . . . . . . . . . . 82

5.2.2 Custom Objective Lens Performance . . . . . . . . . . . . . . . . . . 83

5.2.3 Probe Resolution Measurement . . . . . . . . . . . . . . . . . . . . . . 85

5.3 Tissue Imaging Performance . . . . . . . . . . . . . . . . . . . . . . . . 85

5.4 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 88

CHAPTER 6 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 92

6.1 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 92

6.2 Future Work . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 94

APPENDIX A Investigation of different wavelengths for sLSM . . . . . . . 96

APPENDIX B Speckle and Shadow Artifacts Reduction Method . . . . . 108

APPENDIX C Custom sLSM Probe . . . . . . . . . . . . . . . . . . . . . . . 111

APPENDIX D Other Projects . . . . . . . . . . . . . . . . . . . . . . . . . . . 116

REFERENCES . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 139



LIST OF FIGURES

1.1 Structure of the anal canal [28] . . . . . . . . . . . . . . . . . . . . . . . . . 23

1.2 Schematic representation of squamous intraepithelial lesions (SIL) showing

histological features of normal epithelium, LSIL with very mild to mild dys-

plasia, HSIL with moderate to severe dysplasia, and cancer. [29] . . . . . . . 24

1.3 Schematic for DARE [30] . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 25

1.4 Low-grade and high-grade anal cytology [31] . . . . . . . . . . . . . . . . . . 26

1.5 Schematic of HRA [35] . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 28

1.6 Schematic of reflectance confocal microscopy . . . . . . . . . . . . . . . . . . 30

1.7 (A) Schematic of FCRM optical layout, (B) Photograph of the imaging probe,

(C) Confocal image and corresponding H&E image of HSIL, scale bars are 20

µm in the confocal images and 50 µm in the H&E sections [39]. . . . . . . . 32

1.8 Schematic of OCT [40]. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 33

1.9 Schematic of (a) TD-OCT, (b) FD-OCT, specifically, the swept-source OCT. 35

1.10 Schematic of the line-field confocal OCT. . . . . . . . . . . . . . . . . . . . 37

9



10

1.11 Schematic of different contrast mechanisms. For single-photon fluorescence

excitation (a), molecules absorb photons with frequency ωi and are excited to

a higher electronic energy state. The molecules can return to the electronic

ground state through a non-radiative transition and a radiative transition

and emit fluorescence light (photons) at a frequency of ωf . The emitted pho-

tons have lower energy and higher wavelength (redshift) than the excitation

photons. For two-photon fluorescence (b), the molecules absorb two photons

simultaneously, each having roughly half the energy required for single-photon

excitation ωi/2, leading to two-photon fluorescence light that is blue-shifted

relative to the incoming light. For light scattering (c), light with frequency

ωi excites the molecules to a virtual state, followed by a return to the ground

state either through elastic light scattering (Rayleigh scattering) or inelastic

scattering (Raman scattering). For Stokes Raman scattering, the emission

light is red-shifted with the loss of energy, while for anti-Stokes Raman scat-

tering, the emission light is blue-shifted with the gain of energy. For CARS

(d), three photons from at least two distinct laser sources are involved. A

pump photon at frequency ωp raises the molecules from the ground state to a

virtual state. The molecules then emit Stokes photons at frequency ωs, while

an additional photon from the probe beam ωpr elevates the molecules to an-

other higher virtual state. The final emitted photons have the frequency of

ωas. The emission light is blue-shifted compared to the incident light. [70] . 39

1.12 Working principle of LSM. The illumination and detection paths are orthog-

onal to each other. [72] . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 40



11

1.13 SChematic of (a) Cylindrical lens [75], and (b)Key parameters to define light

sheet illumination: light sheet length, light sheet width, and light sheet thick-

ness. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 42

1.14 Illustration of generating light sheet illumination with a cylindrical lens and

a rectangular aperture. [26]. . . . . . . . . . . . . . . . . . . . . . . . . . . . 43

1.15 Schematic of Gaussian beam and Bessel beam generation by (a) a spherical

lens and (b) a conical lens with the light intensity distribution plot on the

focal plane. [79]. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 44

1.16 Schematic of open-top LSM using a water prism to hold immersion medium

in place. The sample is loaded on top of the water prism. The illumination

and detection paths are placed underneath the water prism[82]. . . . . . . . 47

1.17 Angular distributions of Rayleigh scattering and Mie scattering[84]. . . . . . 48

1.18 LSFM image of cultivated cell organoid of mouse intestine cells. Shadow

artifacts are visualized as vertical dark lines along the light sheet incident

direction. [86]. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 50

1.19 Schematic of different shadow reduction methods: multi-arm, beam pivoting,

and Bessel beam illumination [88]. . . . . . . . . . . . . . . . . . . . . . . . . 51

1.20 Image of speckle noise [95]. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 52



12

1.21 Speckle reduction method based on time-averaging of uncorrelated speckle

patterns. (a) Moving diffuser: A static diffuser cannot reduce the speckle

noise, but a moving diffuser is able to reduce the speckle noise. [100]. (b)

Multimode fiber vibration: a piezoelectric vibrator is used to scramble the

propagation modes of laser in the multimode fiber. As a result, the speckle is

reduced when the vibrator is turned on. [102]. . . . . . . . . . . . . . . . . . 54

3.1 Schematic of the bench sLSM setup that can reduced the speckle and shadow

artifacts (a) and the illumination path (b), and the workflow to determine the

rectangular aperture size (c) . . . . . . . . . . . . . . . . . . . . . . . . . . . 61

3.2 (a) Photo of the bench sLSM setup that can reduce the shadow and speckle

artifacts, and (b) Measured axial resolution as a function of imaging depth . 64

3.3 sLSM and H&E images of fixed human tissues: (a & b) Normal skin, (c & d)

LSIL/Condyloma, (e & f) HSIL, and (g & h) Invasive SCC. . . . . . . . . . 66

3.4 sLSM images of the normal skin acquired with the current sLSM setup (a),

and the previous sLSM setup (b). Arrowheads: shadow artifacts . . . . . . . 67

3.5 sLSM images of the normal skin acquired at NA of 0.065 (a) and 0.13 (b)

along the x-axis. The shadow artifacts visible in (a), arrowheads, are not

shown in (b) . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68

4.1 (a) The clinical sLSM setup containing a bench sLSM, wide-field imaging

module, specimen holder, and multi-axis stage housed in an enclosure, and

(b) Schematic of the wide-field imaging module . . . . . . . . . . . . . . . . 70



13

4.2 sLSM and H&E images of normal fresh human biopsies. In the squamous

zone (a & b), the cell nuclei are visualized as hyper-reflective round spots

with uniform size and shape, the keratinizing layer is hyper-reflective at the

top of the epithelial surface, and the dermal papillae are located at the bottom

left corner. In the anal transition zone (c & d), nuclei are round with uniform

size, shape, and distribution. In the colorectal zone (e & f), colonic glands

are visualized as large tubular hyper-reflective structures in the stroma. The

stroma is inflamed, characterized by numerous hyper-reflective, disorganized

nuclei above the colonic glands. Scale bar: 50 µm. [111] . . . . . . . . . . . . 72

4.3 sLSM and H&E images of fresh anal LSIL. Scale bar: 50 µm. [111] . . . . . 73

4.4 sLSM and H&E images of fresh anal HSIL. Scale bar: 50 µm. [111] . . . . . 73

5.1 Schematic of the compact sLSM probe. . . . . . . . . . . . . . . . . . . . . . 77

5.2 Schematic of the custom objective lens (a), wavefront error performance as a

function of field (b), and wavefront error performance as a function of defocus

(c). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 78

5.3 Simulated Huygens PSFs and light sheet illumination for the on-axis field at

the focus and at 103.1-µm defocus (a), and light sheet thickness for different

fields and defocus locations (b). . . . . . . . . . . . . . . . . . . . . . . . . . 79

5.4 Photo of the sLSM probe. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 83

5.5 USAF target image (a), custom multi-pinhole target image (b), and measured

resolution as a function of field (c) of the custom objective lens. . . . . . . . 84



14

5.6 Custom resolution target image (a) and measured axial resolution as a func-

tion of depth (b). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 85

5.7 sLSM images of normal anal squamous mucosa obtained with the compact

sLSM probe (a, b) and bench sLSM device (c), and histologic image of the

same tissue (d). arrows –nuclei. . . . . . . . . . . . . . . . . . . . . . . . . . 87

5.8 sLSM images of LSIL obtained with the compact sLSM probe (a, b) and bench

sLSM device (c), and histologic image of the same tissue (d). . . . . . . . . . 87

5.9 sLSM images of HSIL obtained with the compact sLSM probe (a, b) and

bench sLSM device (c), and histologic image of the same tissue (d). arrows

–nuclei. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 88

C.1 Custom objective lens performance: (a) MTF vs. spatial frequency. The

cutoff frequency is set at the Nyquist frequency determined by the CMOS

sensor, 588 cycles/mm; (b) Spot diagram for each field. Black circle: Airy disk.113

C.2 Custom objective lens tolerance analysis setting . . . . . . . . . . . . . . . . 115

C.3 sLSM images of human finger tissues. Circles: sweat glands with helical pattern.115



15

LIST OF TABLES

1.1 Refractive index values of different cervical neoplasia from the basal layer to

the superficial layer. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 46

3.1 Bill of materials for the bench sLSM probe that can reduce the speckle and

shadow artifacts . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 65

5.1 Bill of materials for compact sLSM probe . . . . . . . . . . . . . . . . . . . . 84

C.1 Custom objective lens prescription (part 1) . . . . . . . . . . . . . . . . . . . 112

C.2 Custom objective lens prescription (part 2) . . . . . . . . . . . . . . . . . . . 113

C.3 Custom objective lens manufacturer tolerance table . . . . . . . . . . . . . . 114

C.4 Custom objective lens tolerance yield . . . . . . . . . . . . . . . . . . . . . . 114



16

ABSTRACT

The incidence of anal cancer has been increasing, with an average annual increase of

2.2% over 2010–2019. Anal cancer is predominantly related to Human Papillomavirus (HPV)

infections. Recent studies have demonstrated the effectiveness of treating precancer in re-

ducing the risk of anal cancer, highlighting the importance of early detection. However,

high-resolution anoscopy (HRA), the current standard for anal cancer screening, has a steep

learning curve and lacks widespread availability of skilled practitioners. Additionally, HRA-

guided anal biopsies are associated with discomfort and potential complications for patients.

Scattering-based light sheet microscopy (sLSM) is an imaging technology capable of

imaging unstained tissues with high resolution and a large field of view (FOV). This dis-

sertation explores the potential of sLSM as an in vivo microscopy modality for enhancing

anal cancer screening protocols. Through preliminary studies, we have laid the foundational

research necessary for the development of sLSM in clinical settings. These investigations

have focused on four topics: 1) optimizing the wavelength for sLSM imaging, 2) developing

methods to reduce speckle and shadow artifacts, 3) conducting ex vivo imaging studies on

fresh anal tissues with a bench sLSM setup to evaluate the feasibility of diagnosing anal

precancer, and 4) developing a compact, handheld sLSM probe.
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Chapter 2 focuses on the investigation of optimal wavelengths for sLSM, revealing that

wavelengths around 600 nm strike a balance among imaging depth, resolution, speckle noise,

and design complexity, thereby establishing a preferred parameter for sLSM development.

In Chapter 3, a solution to reduce the speckle noise and shadow artifacts inherent in earlier

sLSM setups is presented. By using a LED, slit, and rectangular aperture to generate

the light sheet illumination, speckle noise and shadow artifacts are significantly reduced,

resulting in enhanced image quality. Chapter 4 presents a pilot imaging study of fresh

anal biopsies using a bench sLSM device. The clear visualization of morphological features

distinguishing normal, benign, and precancerous tissues in sLSM images demonstrates the

potential of sLSM for accurate anal cancer screening in vivo. Building upon this, Chapter 5

explores the feasibility of developing a compact sLSM probe. A custom objective lens design

is presented that achieves high resolution, a large FOV, and small field curvature. The

imaging performance of the compact probe is demonstrated by imaging fixed human tissues

ex vivo and fresh human finger tissue in vivo, revealing the potential of sLSM technology for

future clinical applications.
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Chapter 1

Introduction

1.1 Motivation

In recent years, anal cancer incidence has been increasing rapidly, with an average annual

increase of 2.2% over 2010–2019 [1]. This rise is predominantly attributed to infections with

the Human Papillomavirus (HPV), which accounts for 80–85% of the anal cancer cases,

particularly those linked to HPV16 [2]. Factors such as sexual behavior and weakened

immune systems play crucial roles in increasing the risk of anal cancer, particularly affecting

groups such as men who have sex with men, individuals living with Human Immunodeficiency

Virus (HIV), and those with HPV-related gynecological conditions [3, 4, 5]. Squamous cell

carcinoma (SCC) is the most common type of anal cancer, with the incidence at 131 per

100,000 person-years among HIV-positive homosexual men [5, 6]. The recent ANCHOR

(Anal Cancer HSIL Outcomes Research) study has demonstrated a treatment of high-grade

squamous intraepithelial lesion (HSIL), which is the precursor of the SCC, significantly

reduces the risk of anal cancer [7].

Current screening techniques for detecting anal precancers include anal cytology and

high-resolution anoscopy (HRA) [8]. Anal cytology, which incorporates the major compo-

nents of cervical cancer cytology (”PAP smear”), has poor sensitivity and specificity for
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detecting HSIL and is less reliable compared to cervical cytology [8]. Currently, the stan-

dard method for anal cancer screening is the HSA-guided biopsy [9]. However, there are a

few challenges associated with HSA. The lack of trained practitioners and the steep learning

curve limit the availability of HRA services and training opportunities [9]. In addition, the

anal biopsy procedure is painful for the patients and could cause potential complications [10].

Therefore, there is a clear and unmet need to improve the anal cancer screening methods.

In vivo microscopy allows for direct examination of disease-associated cellular morpho-

logic changes from the human tissue without removing the tissue from the patient [11].

Within the context of anal cancer screening, in vivo microscopy has the potential to accu-

rately identify precancerous tissues during the HSA procedure and allow high-yield biopsies.

This can lead to a reduction in the number of unnecessary biopsies of benign lesions and

associated complications. Additionally, in vivo microscopy can serve as an educational tool

by providing real-time feedback for HRA practitioners during training. Furthermore, the ca-

pability for comprehensive scanning of the anal canal using in vivo microscopy could improve

and potentially complement the role of cytology. Moreover, in vivo microscopy could facil-

itate same-day treatment in low-resource settings (e.g., low- and middle-income countries,

remote clinics) or for patients at a greater risk of being lost to follow-up.

Several in vivo microscopy technologies have been translated into clinically-viable med-

ical devices in various clinical fields, including reflectance confocal microscopy in ophthal-

mology, dermatology, and gastroenterology [12, 13, 14], and optical coherence tomography

(OCT) in ophthalmology, cardiology, and gastroenterology [15, 16]. However, most of the

existing in vivo microscopy technologies have challenges in simultaneously achieving a high

resolution and a large field of view (FOV). For example, the commercial reflectance confocal
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microscopes for skin imaging have a high lateral (1.25 µm) and axial resolution (5 µm) [17]

thanks to the use of a high-numerical aperture (NA) objective lens. However, its FOV is

limited to 500 – 750 µm [18, 19], which poses challenges in imaging the entire suspicious

tissue region. On the other hand, OCT has a larger FOV, approximately 2 – 3 mm, but its

resolution is around 10 – 20 µm, which is suitable for imaging architectural features rather

than cellular and sub-cellular features [20, 21]. High-resolution, large-FOV OCT technolo-

gies have been recently developed [22, 23]. However, the use of an expensive broadband

coherent light source likely increases the device cost.

Light sheet microscopy (LSM) is a microscopy technique that became popular in basic

life science research [24]. LSM uses separate optical paths for illumination and detection,

where the lateral resolution is determined by the detection optics, and the axial resolution

by both the illumination and detection optics. Most of the previous LSM work was aimed to

achieve a sub-cellular resolution, < 1 µm [25]. If the requirement for the LSM axial resolution

could be relaxed to provide an axial resolution used for reflectance confocal microscopy, ∼

5 µm, an illumination optics with a low NA (< 0.1) could be used. The low illumination

NA in turn could generate a light sheet over a relatively large depth range, hundreds of µm.

If the requirement for the lateral resolution of LSM could be relaxed to achieve a lateral

resolution used for reflectance confocal microscopy, 1 - 2 µm, a detection objective lens with

a moderate NA, ∼ 0.3 could be used. The moderate-NA objective lens in turn would provide

a FOV of several mm, comparable to a typical FOV of OCT.

Taking this approach of achieving a resolution comparable to the resolution of reflectance

confocal microscopy while providing a large FOV, our research group previously demon-

strated that LSM can be used to image cellular structures of unstained thick tissues using
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intrinsic scattering contrast, which we termed scattering-based light sheet microscopy (sLSM)

[26]. sLSM detects scattered light signals generated by the refractive index difference between

certain sub-cellular/cellular components and their surroundings. In the previous experiment,

sLSM was shown to visualize cellular details of thick, unstained animal tissues ex vivo with

a high resolution (1.8 µm and 6.7 µm for the lateral and axial resolution, respectively) over

a large FOV (∼ 2.5 mm). Another potential advantage of sLSM is that the device cost can

be low due to the use of a moderate-NA objective lens, an inexpensive light source such

as a LED and superluminescent diode (sLED), and a standard complementary metal-oxide

semiconductor (CMOS) sensor rather than an expensive scientific CMOS (sCMOS) sensor.

Although the previous experiment showed the potential of conducting cellular imaging

with sLSM, the sLSM technology still needs further research and development before it can

be tested for imaging human subjects in vivo. This dissertation mainly focused on four topics

as the pilot study for in vivo sLSM applications: (1) Investigation of the optimal wavelength

for sLSM; (2) Speckle and shadow artifacts reduction method for sLSM; (3) Fresh anal tissue

imaging ex vivo and feasibility of anal malignancy diagnosis using sLSM; (4) Development

of a handheld compact sLSM probe.

Chapter 1 is divided into three sections. The first section provided an overview of

anal cancer regarding its anatomy and screening methods. The second section reviewed

the current clinically-viable in vivo microscopy approaches, including reflectance confocal

microscopy and OCT. The third section discussed the basic principle of LSM and sLSM,

and several design considerations for designing sLSMs.
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Chapter 2 covers the investigation of different wavelengths for sLSM. A bench multi-

wavelength sLSM setup that facilitates the investigation of different wavelengths for sLSM

imaging is presented. The key findings are discussed in this chapter.

Chapter 3 covers a speckle and shadow artifacts reduction method for sLSM. The illu-

mination design to achieve reduced speckle and shadow artifacts is presented.

Chapter 4 covers the pilot ex vivo imaging study for fresh anal biopsy tissues. The

sLSM system that was delivered to the clinical site at Stanford University is presented. The

key features of different anal lesions in sLSM images are discussed. A reader study to assess

the diagnostic accuracy of sLSM is also presented.

Chapter 5 covers the development of a compact sLSM probe. The imaging performance

of the compact probe is compared with the bench setups.

Chapter 6 concludes the dissertation with a summary and potential future directions.

In addition to the sLSM project, I was involved in two other projects during my PhD

program: 1) Deep learning-based denoising in high-speed portable reflectance confocal mi-

croscopy, and 2) Handheld cross-polarised microscope for imaging individual pigmented cells

in human skin in vivo. Two first-author manuscripts were published and are included in the

Appendix D.

1.2 Anal Cancer

1.2.1 Anatomy of Anal Cancer

Anal cancer occurs in the anal canal. The anal canal connects the rectum to the anal

margin, typically measuring 2 - 4 cm in length, as shown in Fig. 1.1 [27]. The dentate line
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marks the transition zone between squamous mucosa and columnar rectal mucosa. Cancers

located above the dentate line tend to spread to the mesorectal, internal iliac, and obturator

lymph nodes, while those found below the dentate line usually spread to the inguinal and

external iliac lymph nodes [28].

Figure 1.1: Structure of the anal canal [28]

.

Figure 1.2 illustrates the stepwise histological changes that occur in the development

of anal SCC from normal epithelium to invasive carcinoma [29]. In normal anal epithelium,

the squamous cells appear uniform and orderly. Low-grade squamous intraepithelial lesion

(LSIL) shows mild cellular abnormalities including nuclear enlargement with variation in

nuclear size, as well as an increase in the cytoplasmic area, starting from the lower part

of the epithelium. HSIL characterized by larger, irregular nuclei and increased nuclear-

to-cytoplasmic ratios, extend further up into the epithelium, sometimes involving the full

thickness. For both LSIL and HSIL, the basement membrane remains intact, indicating that

the lesion is not invasive yet. For SCC, the malignant cell growth disrupts the normal tissue
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structure and infiltrates through the basement membrane into the stroma, leading to the

formation of irregular masses or tumors that can grow and potentially spread to other parts

of the body.

The treatment for different types of lesions depends on the severity of the disease.

At-risk patients diagnosed with normal lesions or LSIL need regular follow-ups to moni-

tor the progression of the disease while those with HSIL are treated by surgical excision,

commonly performed using the loop electrosurgical excision procedure or destruction of the

lesion through cryotherapy [10]. The treatment for patients diagnosed with SCC includes

chemotherapy and radiation therapy. According to the recent ANCHOR study, treatment

of HSIl can significantly reduce the risk of anal cancer [7]. Therefore, the early detection of

HSIL is crucial to prevent the progression to invasive SCC.

Figure 1.2: Schematic representation of squamous intraepithelial lesions (SIL) showing histological
features of normal epithelium, LSIL with very mild to mild dysplasia, HSIL with moderate to severe
dysplasia, and cancer. [29]

.
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1.2.2 Current Screening Methods for Anal Cancer

Anal cancer screening primarily employs digital anal rectal examination, anal cytology,

and HRA-guided biopsies.

Digital anal rectal examination is a simple clinical procedure to examine the lower

rectum and anus [30]. This examination is performed using a lubricated, gloved finger (the

”digital” part refers to the physician’s finger) to assess the rectal wall for any abnormalities,

masses, or tenderness, as shown in Fig. 1.3. It is mainly aimed at detecting cancers at

an earlier stage or checking the recurrence after initial treatment, rather than detecting the

cancer precursors (HSIL), mainly because of the obvious tumors indicating the presence of

cancer [8, 30].

Figure 1.3: Schematic for DARE [30]

.

Anal cytology involves the collection of cellular material from the anal canal using

a moistened polyester swab. The process, similar to cervical Pap smears, is performed by

inserting the swab without lubrication into the anal canal, rotating it to collect cells, and then

analyzing these cells under the Bethesda nomenclature [10]. An example of anal cytology is
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shown in Fig. 1.4 [31]. Anal cytology alone is not reliable enough and is typically used as

a preliminary screening tool to identify individuals who may require additional evaluation

through HRA mainly due to its limited sensitivity and specificity for anal HSIL [8]. Schofield

et al. found that when screening high-risk groups, cytology by itself failed to detect one-

third of the histologic HSIL identified on biopsy among a group of 203 HIV-positive and 81

HIV-negative MSM [32].

Figure 1.4: Low-grade and high-grade anal cytology [31]

.

HRA is a technique similar to colposcopy of the cervix, where an anoscopy and a high-

powered magnifier are used for the visual inspection of the anal canal. An anoscope is a

hollow tube that comes in either plastic or metal, as shown in Fig. 1.5. This tube is slightly

larger in diameter than a finger and measures about 10-15mm in length. It is designed with

an insert called an obturator, which facilitates the smooth insertion of the anoscope into the

anal canal. During the HRA procedure, the anoscope is gently inserted into the patient’s anal

canal. Once the device is appropriately positioned, the obturator is removed, enabling the
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doctor to view the interior surfaces directly. To enhance the visibility of the abnormal area,

the anal mucosal surface can be stained with 5% acetic acid and/or Lugol’s solution [10].

Acetic acid can temporarily whiten the diseased tissue due to the condensation of chromatin

within the cell nuclei, which is known as acetowhitening. Precancerous and cancerous cells

tend to have a higher nuclear-to-cytoplasmic ratio compared to normal cells. These abnormal

cells produce a larger scatterer, leading to a more pronounced whitening effect. This contrast

helps in identifying areas of potential HSIL against the normal epithelial tissue [33]. However,

it’s worth noting that acetowhitening is not specific to precancerous or cancerous lesions,

and benign changes such as inflammation can also cause whitening. Lugols’ solution, which

contains iodine, can also stain the tissue due to the reaction between iodine and glycogen.

Normal squamous epithelium stores glycogen, which absorbs the iodine, staining the tissue a

dark brown [34]. In contrast, precancerous and cancerous cells, which are metabolically more

active and less differentiated, contain less glycogen. As a result, these areas do not take up

the iodine and appear pale or unstained against the dark background of the normal tissue.

This stark contrast helps in delineating the margins of lesions and identifying potential HSIL

or SCC. However, similar to acetic acid, Lugol’s solution staining is not specific to HSIL and

SCC. Therefore, in the context of screening of anal precursors, biopsies of suspicious lesions

guided by HRA are performed for histological diagnosis. In the histology procedure, the

biopsies undergo tissue fixation, processing, embedding, sectioning, and hematoxylin and

eosin (H&E) staining to be visualized under a microscope. The diagnosis is conducted based

on the cellular morphology illustrated in Fig. 1.2. Currently, the HRA-guided biopsy is the

gold standard for the detection of anal HSIL. However, as mentioned in Section 1.1, due to



28

those limitations of HRA, there is a clear and unmet need to further improve the screening

procedure.

Figure 1.5: Schematic of HRA [35]

.

1.3 Clinically-viable In Vivo Microscopy

As for now, in vivo microscopy has yet been assessed for visualizing anal lesions. How-

ever, in vivo microscopy technologies have been effectively applied to the examination of

cervical lesions, which share biological and histomorphological similarities with anal lesions.
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1.3.1 Reflectance Confocal Microscopy

Reflectance confocal microscopy is an imaging technique that can image a thin section of

thick tissues with high resolution. Figure 1.6 shows the optical layout of a typical reflectance

confocal microscopy. Reflectance confocal microscopy typically contains two conjugate pin-

holes: one is used to generate a point light source, and the other is placed in front of the

detector. The light from the point source is collimated, reflected by a beam splitter, and

then focused by an objective lens onto the tissue. The backscattered light from different lo-

cations of the tissue is collected by the objective lens and focused on the detector. Without

conjugate pinholes, light from out-of-focus planes would contribute to background noise and

reduce image contrast. With the conjugate pinholes, the in-focus light can pass through the

detection pinhole, while most of the out-of-focus light is rejected. As a result, the contrast

of the image is improved. This capability, known as optical sectioning, enables the direct

imaging of a thin layer of thick, unsectioned tissues with good contrast. In this configura-

tion, the microscope acquires data from the sample on a point-by-point basis. To create a

2D image of the sample, a scanning mechanism, such as galvo mirror, is used to scan the

light in lateral 2D dimensions.

For conventional microscopy, the optical resolution is characterized by the point spread

function (PSF) in irradiance of the system. The lateral resolution can be defined as the

lateral (perpendicular to the optical axis) full-width-half-maximum (FWHM) of the Airy

disk at the focus, which is

rlateral = 0.51
λ

NA
, (1.1)
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Figure 1.6: Schematic of reflectance confocal microscopy

.

assuming the system is diffraction-limited and has uniformly illuminated circular aperture.

In this equation, NA is numerical aperture of the objective lens, and n is the refractive index

in the object space. The axial resolution, on the other hand, is determined by the depth of

focus, which is

raxial = 2
nλ

NA2
. (1.2)

For confocal microscopy, the resolution is characterized by the confocal PSF, which

obtained by multiplying the illumination PSF and detection PSF. As a result, the lateral

and axial resolution of the reflectance confocal microscopy are [36]

rlateral,confocal = 0.37
λ

NA
, (1.3)
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and

raxial,confocal = 1.52
nλ

NA2
. (1.4)

To achieve subcellular resolution, confocal microscopes typically use large NA (> 0.5) ob-

jective lens.

In a study conducted by Collier et al., the utility of reflectance confocal microscopy

for detecting cervical precancer in cervical biopsy samples was investigated [37]. In this

research, the cellular morphologic and architectural features were first extracted from the

confocal images by an automated segmentation algorithm, specifically focusing on features

such as nuclear size, density, and shape. These features were then used to distinguish between

normal biopsies and HSIL. The sensitivity and specificity of the method for distinguishing

normal biopsies and HSIL was shown to be 100% with histopathological diagnosis serving

as the gold standard. However, the quantitative feature distinctions between normal and

LSIL and between LSIL and HSIL were not identified in this study due to the limited

sample size. Another study conducted by Sheikhzadeh et al. also examined the capability

of using confocal microscopy with an automated algorithm based on cellular morphology for

cervical malignancy detection [38]. This study demonstrated high sensitivity (86–100%) and

specificity (62–100%) in distinguishing HSIL from LSIL.

Reflectance confocal microendoscope were also developed for cervical precancer detec-

tion in vivo. Sung et al. developed a fiber optic confocal reflectance microscope (FCRM)

with subcellular resolution and only 1.0 cm in diameter for examination of the cervix [39],

as shown in figure 1.7. The cellular morphologic features visualized by FCRM aligned with

the features visualized by histopathology.
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Figure 1.7: (A) Schematic of FCRM optical layout, (B) Photograph of the imaging probe, (C)
Confocal image and corresponding H&E image of HSIL, scale bars are 20 µm in the confocal images
and 50 µm in the H&E sections [39].

.

Although reflectance confocal microendoscopy is shown to be promising for in vivo

imaging, several challenges exist. The limited FOV, as mentioned in Section 1.1, causes

challenges in precisely targeting the suspicious lesions and increased time for comprehensive

scanning of the large area of interest. Additionally, confocal microscopes typically produce

en face images (i.e., images captured at a specific depth parallel to the tissue surface),

whereas the standard histopathological evaluation of anal lesions involves assessing epithelial

maturation across the tissue’s thickness via cross-sectional views. Moreover, the device cost

of reflectance confocal microscopy is high (> $65,000) mainly due to the expensive scanning

devices and their associated electrical components.
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1.3.2 Optical Coherence Tomography

OCT is another in vivo imaging modality that employs low coherence interferometry to

obtain detailed cross-sectional images of tissues. Figure 1.8 shows the basic principle of OCT

[40]. In OCT, the light source has low temporal coherence, e.g., LED and supercontinuum

laser. The light from the light source is divided into two arms, the reference and the sample

arm. The reflected or backscattered light from the sample in the sample arm interferes with

the light reflected from the reference arm. The interference signal is detected by a detector

to analyze the depth information of the sample.

Figure 1.8: Schematic of OCT [40].

.

The fundamental theory behind OCT is similar to the white light interferometer. For

a single wavelength within the source spectrum, the interference between the two arms

generates periodic interference fringes across the space with a certain spatial period. The
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detector can detect the interference signal at a certain location. Whether the detector detects

bright and dark fringes depends on the optical path length difference between the two arms

at the detector location. Different wavelengths generate different interference fringes with

different spatial periods. The superposition of all interference fringes results in an interference

pattern with varied fringe visibility across the space. Fringe visibility, quantified as the

contrast of an interference pattern, is a measure of the difference in intensity between the

bright and dark fringes relative to their average intensity, indicating the clarity and sharpness

of the fringes. The interference pattern of the broadband light has an intensity distribution

formed by an envelope and a periodic modulation over space. The location of the fringe

with the highest visibility is at the location where the optical path difference between the

two arms is zero. As the optical path difference between the two arms increases, the fringe

visibility decreases. The FWHM of the envelope is determined by the temporal coherence

length of the light source, which also determines the axial resolution of OCT. The temporal

coherence length Lc of the light source is

lc = k
λ2

∆λ
, (1.5)

where the coefficient k is determined by the spectrum shape of the light source.

OCT can be classified into two main categories: time-domain OCT (TD-OCT), and

Fourier-domain OCT (FD-OCT). Figure 1.9 shows the difference between TD-OCT and

FD-OCT. For TD-OCT, the depth information of the sample is axially measured by trans-

lating the reference mirror. This axial scanning is called A-scan. By scanning the detection

path laterally with a scanning mirror, a 2D cross-sectional view of the tissue is obtained.
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The lateral scanning is called B-scan. For FD-OCT, instead of scanning the reference mirror

axially, it achieves the A-scan by scanning the wavelength over time (called Swept-source

OCT) or by dispersion with a spectrometer (Spectral-domain OCT). For a single wave-

length, the superposition of the interference fringes from all tissue depths is detected by the

detector. Conducting Fourier transform on the detected signal as a function of wavelength

(or wavenumber) can retrieve the depth information of the sample. The depth and the

wavelength (or wavenumber) are two conjugate variables in the Fourier transform because

the superposition of the interference fringes for different wavelengths at one depth and the

superposition of the interference fringes for different depths at a single wavelength reveals

the fringe visibility change as the optical path difference changes are two Fourier transform

pairs.

Figure 1.9: Schematic of (a) TD-OCT, (b) FD-OCT, specifically, the swept-source OCT.

.

Similar to conventional microscopy, the lateral resolution of OCT is determined by the

NA of the objective lens,

rlateral,oct =
√
2ln2

λ

πNA
= 0.37

λ

NA
, (1.6)
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assuming the beam is a Gaussian beam [41]. The axial resolution, however, only depends on

the center wavelength and the bandwidth of the light source regardless of the objective lens

NA,

raxial,oct =
2ln2

π
· λ2

∆λ
, (1.7)

assuming the source spectrum is Gaussian [41]. As mentioned in Section 1.1, typical OCT

has a large FOV but limited architectural resolution mainly because of the low-NA objective

lens. Although high-NA objective lens can be used for OCT, it would result in a tightly

focused beam with large divergence and tight depth of focus (DOF), as shown in Eq. 1.2,

which limits the cross-sectional imaging of the tissue over a wide depth range [42]. One way

to increase the depth range of OCT with a high-NA objective lens is to add additional axial

scanning for the entire optics. For example, the line-field confocal OCT invented by Dubois

et al. utilized this method to achieve high-resolution, large-FOV OCT imaging, as shown in

Fig. 1.10 [43].

OCT has been successfully adapted to endoscopy devices and applied to various parts

of the animal or human body for in vivo imaging, including cardiovascular system [44, 45],

gastrointestinal system [46, 47, 48], lung [49], Urinary tract [50, 51], and cervix [52, 53,

54]. The sensitivity and specificity for detecting cervical precancers with OCT were studied:

Gallwas et al. reported a moderate-to-high sensitivity (85–98%) and specificity (39 - 81%)

[54] based on the qualitative assessment of the in vivo OCT images. Ma et al. reported a

high sensitivity (86.7 ± 11.4 %) and specificity (93.5 ± 3.8%) for distinguishing LSIL and

HSIL using a quantitative computer-aided diagnosis method on ex vivo optical coherence

microscopy images acquired [55].
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Figure 1.10: Schematic of the line-field confocal OCT.

.

The capability of diagnosing cervical cancer with OCT indicates the potential for ex-

panding OCT into anal cancer screening. However, the main limitations of OCT are the

limited resolution and high device cost, as mentioned in Section 1.1.

1.4 Light Sheet Microscopy

LSM is an imaging technique first introduced in 1902 by Siedentopf and Zsigmondy,

termed ultramicroscopy, to visualize gold particles in colloidal gold solutions [56]. Despite

this early invention, LSM did not gain significant traction until 1993 when Voie et al. in-

troduced a light sheet microscope technique called orthogonal-plane fluorescence optical

sectioning (OPFOS) to study the cochlea’s complex structure [57]. Later, the work about

selective plane illumination microscopy (SPIM) by Huisken at al. published in Science,

2004 [58], further accelerated the advancements and widespread adoption of LSM techniques

in biological research [59]. As the LSM technology evolved, various names and acronyms
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emerged to describe systems operating on similar principles. In 2009, the terminology, LSM,

particularly, light sheet fluorescence microscopy (LSFM), was eventually standardized by a

group of researchers to describe this technology [60].

1.4.1 Contrast Mechanism

Several contrast mechanisms can be used for LSM, including single-photon fluorescence

excitation [58, 61], two-photon and multi-photon fluorescence excitation [62, 63], second har-

monic generation [64], inelastic scattering (Raman scattering) [65, 66], elastic scattering [67,

68, 26], and coherence anti-stokes Raman scattering (CARS) [69]. The difference between

them is illustrated in Fig. 1.11. Currently, most of the LSMs are LSFM, which uses fluo-

rescence excitation as the contrast mechanism. LSFM typically requires external fluorescent

markers (fluorophores) to be introduced into the tissue, called fluorescence staining or la-

beling. Auto-fluorescence imaging, however, is a label-free fluorescence imaging technique

that uses intrinsic fluorophores in the tissue. Fluorescence imaging has the challenges of

photobleaching and phototoxicity. Photobleaching means the fluorophores become nonfluo-

rescent over time because of the molecular structure altered by exposure to excitation light.

Phototoxicity means the damage to biological tissues due to the interaction between cells

and fluorescent dye and/or excitation light. Another consideration for LSFM is the signal

strength, which is often low and requires sensors with high sensitivity and low noise, such as

sCMOS.

Raman scattering, elastic scattering, CARS, and auto-fluorescence excitation all operate

as label-free mechanisms and are capable for imaging unstained tissues. Within this group,

elastic scattering uniquely does not require illumination at specific wavelengths specified
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Figure 1.11: Schematic of different contrast mechanisms. For single-photon fluorescence excita-
tion (a), molecules absorb photons with frequency ωi and are excited to a higher electronic energy
state. The molecules can return to the electronic ground state through a non-radiative transition
and a radiative transition and emit fluorescence light (photons) at a frequency of ωf . The emitted
photons have lower energy and higher wavelength (redshift) than the excitation photons. For two-
photon fluorescence (b), the molecules absorb two photons simultaneously, each having roughly
half the energy required for single-photon excitation ωi/2, leading to two-photon fluorescence light
that is blue-shifted relative to the incoming light. For light scattering (c), light with frequency ωi

excites the molecules to a virtual state, followed by a return to the ground state either through
elastic light scattering (Rayleigh scattering) or inelastic scattering (Raman scattering). For Stokes
Raman scattering, the emission light is red-shifted with the loss of energy, while for anti-Stokes
Raman scattering, the emission light is blue-shifted with the gain of energy. For CARS (d), three
photons from at least two distinct laser sources are involved. A pump photon at frequency ωp raises
the molecules from the ground state to a virtual state. The molecules then emit Stokes photons
at frequency ωs, while an additional photon from the probe beam ωpr elevates the molecules to
another higher virtual state. The final emitted photons have the frequency of ωas. The emission
light is blue-shifted compared to the incident light. [70]

.

to particular chemical compositions, and it generates a stronger signal than the others at

equivalent levels of illumination. Therefore, sLSM provides better flexibility in selecting light

sources and sensors, along with the possibility of being more cost-effective.

1.4.2 Scattering-based Light Sheet Microscopy

Previously, LSM based on elastic scattering has been demonstrated by several groups.

In fact, the world first LSM setup, ultramicroscopy, was based on scattering contrast [56].

The imaging of plant roots [67], zebrafish embryos and tumor spheroids [68], and fibroblasts

[71] has been demonstrated. Our group further demonstrated the capability of imaging



40

cellular features of thick, excised animal tissues ex vivo [26], which indicates the potential

for imaging unstained human tissue ex vivo or in vivo.

1.4.3 Working Principle

The working principle of LSM is characterized by separate illumination and detection

paths, as illustrated in Fig. 1.12 [72]. The illumination path generates a thin sheet of

light, which selectively illuminates a thin section of the sample. The detection path captures

images of the illuminated section from a perpendicular [26, 73] or oblique direction [74]. Since

the illumination is primarily confined in the light sheet and conjugated to the detection

focal plane, LSM offers the advantages of low out-of-focus background noise and reduced

photodamage and stress to the living sample, meaning the LSM has good optical sectioning

capability. This enables the imaging of thick tissues without the need for physical sectioning.

Figure 1.12: Working principle of LSM. The illumination and detection paths are orthogonal to
each other. [72]

.
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1.4.4 Optical Design Consideration

(1) Illumination and Detection Optics

In LSM, illumination optics involves more considerations. The most common way to

generate light sheet illumination is using cylindrical lenses to focus a collimated laser beam,

as shown in Fig. 1.13(a). The cylindrical lens only has power in one direction and focuses the

collimated beam into a narrow plane. Three key parameters have to be clarified to describe

the light sheet property. We named them: light sheet thickness, light sheet length (or light

sheet DOF), and light sheet width, as shown in Fig. 1.13(b).

Light sheet thickness describes the optical sectioning capability of the LSM. Typically,

It is defined as the FWHM of the beam’s intensity distribution, measured along the direction

perpendicular to the light sheet. At the cylindrical lens focus, light sheet thickness is

t = 0.44
λ

NA
, (1.8)

assuming the lens is diffraction-limited, and the incoming beam is a uniform rectangular

beam. In this equation, NA is the numerical aperture of the cylindrical lens.

Light sheet length or DOF is defined as the range of the defocus that maintains the

peak-to-valley (PV) wavefront error less than 0.25,

DOF =
nλ

NA2
. (1.9)

Within this range, the divergence of the beam is very small, and the light sheet thickness is

approximately the same as the thickness at the illumination focal plane.
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Figure 1.13: SChematic of (a) Cylindrical lens [75], and (b)Key parameters to define light sheet
illumination: light sheet length, light sheet width, and light sheet thickness.

.

Light sheet width, measured along the illumination optical axis, determines the mean-

ingful vertical FOV that has the desired optical sectioning capability. On the other hand,

light sheet width, measured perpendicular to the optical axis along the plane of the light

sheet, determines the lateral FOV that can be detected.

The lateral resolution of LSM is determined by the detection optics, and the axial

resolution is given by the product of the illumination and detection PSFs. Therefore, the

light sheet thickness and illumination NA affect the axial resolution. A larger NA results
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in higher axial resolution. However, the increase in NA will result in a tighter DOF and

a reduced vertical FOV. Thus, the illumination NA should be carefully chosen to balance

the vertical FOV and axial resolution. Another tunable factor is the wavelength. A longer

wavelength can provide a longer light sheet length than a shorter wavelength given the same

illumination NA, but provides a thicker light sheet thickness and a lower axial resolution.

When designing an LSM system, the illumination NA and wavelength should be carefully

designed according to the application needs.

Figure 1.14: Illustration of generating light sheet illumination with a cylindrical lens and a
rectangular aperture. [26].

.

One way to control the illumination NA is to use a rectangular aperture in front of the

cylindrical lens to shape a collimated laser beam, as shown in Fig. 1.14 [26]. The dimensions

of the rectangular aperture determine both the light sheet thickness and the light sheet width.

Along the light sheet width direction, the rectangular aperture size directly determines the

light sheet width since the beam is only truncated by the aperture but not focused along this
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direction. Along the light sheet thickness direction, the rectangular aperture size determines

the illumination NA.

Light sheet illumination can also be generated in other ways, such as beam scanning

[76, 77] and Bessel beam [78]. The beam scanning method basically scans a focused beam

in the lateral direction to generate a virtual light sheet. This method requires a scanning

system, which complicates the system. Bessel beam is one type of shaped beam that has

much longer DOF than a regularly focused Gaussian beam, as shown in Fig. 1.15 [79]. It

is mainly a result of light interference, for example, the Bessel beam can be generated by a

conical lens or an annular aperture [80]. However, the Bessel beam suffers from the strong

sidelobe issue and increased out-of-focus background noise, as shown in Fig. 1.15.

Figure 1.15: Schematic of Gaussian beam and Bessel beam generation by (a) a spherical lens and
(b) a conical lens with the light intensity distribution plot on the focal plane. [79].

.
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The detection design is rather simple, similar to a wide-field microscope. For a sim-

ple infinite-conjugate microscope design, the lateral resolution is given by Eq. 1.1. If the

detection DOF, given by Eq. 1.2, is much larger than the light sheet thickness, the axial

resolution would be mainly dominated by the illumination NA. Therefore, the detection NA

of LSM can be relaxed to a moderate NA, ∼0.3, to achieve high axial and lateral resolutions

and large FOV simultaneously.

To determine the minimal lateral and axial resolution requirements for an sLSM device

to be used for in vivo clinical anal tissue imaging, the cell size and nuclear-to-nuclear distance

needed to be taken into account. Anal tissues have similar nuclear morphologic features as

cervical tissues. Typical cell nuclear diameter is 6-8 µm for the normal and precancerous

cervical epithelia, and the nuclear-to-nuclear distance varies from 28 µm (normal) to 15

µm (Cervial intraepithelial neoplasia (CIN) stage 3 of HSIL) [38]. Considering the cell

size, the lateral resolution should be <3 µm at least to resolve individual cells in LSM

images, according to the meet Nyquist sampling theorem. Considering the nuclear-to-nuclear

distance of CIN3, 15 µm, the axial resolution of 7.5 µm is expected to be sufficient to sample

different layers of cells.

Index-matching should also be considered when designing an LSM for imaging human

tissue. Index-matching serves to mitigate the reflection and aberrations caused by the re-

fractive index difference between the sample and its surrounding medium. For human cervix

mucosa, which shares similar structure and properties as the anal mucosa, was reported to

have a refractive index of 1.37 – 1.43 [81], see Table 1.1. The refractive index of cervical

tissues is close to the refractive index of water (1.33). Therefore, an objective lens designed

for water immersion could be used for imaging human anal tissue with LSM. In addition,
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materials like water or ultrasound gel should fill up the space between the objective lens and

the tissue as the immersion medium to provide index-matching.

Table 1.1: Refractive index values of different cervical neoplasia from the basal layer to the
superficial layer. The dysplastic cells in LSIL are confined to the basal one-third of the epithelium
and gradually expand to the superficial layer as the condition progresses to HSIL. [81]

Cell type Basal Midzone Superficial

Normal 1.387 1.372 1.414

Cancer 1.426 1.404 1.431

One concern associated with liquid immersion mediums is their viscosity. When a

microscope using water as the immersion medium is positioned above the tissue, retaining

water between the tissue and the objective lens becomes challenging, particularly when

the lens has a long working distance. Additionally, the typical LSM, with its unique two

path structure oriented at 90 degrees, presents a tightly constrained space between the

detection and illumination objective lenses. This makes it more challenging to introduce

index-matching material between the tissue and the LSM. To address this issue, Mcgorty et

al. developed an open-top configuration to hold the immersion medium in place for LSM, as

illustrated in Fig. 1.16 [82]. In this configuration, a water prism consisting of a glass container

filled with water is developed. The sample is held on top of the water prism with the tissue

surface facing downward. The LSM microscope is placed underneath the water prism. This

unique structure allows the liquid immersion medium to be held stably. Ultrasound gel,

unlike water, is a jelly-like substance and has higher viscosity. This feature makes it easier

to apply and maintain in place between the microscope and the tissue. However, ultrasound

gel tends to trap air bubbles within the optical path and introduce unwanted artifacts in the
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images. Overall, effective mechanical control of the immersion medium is still a practical

challenge that calls for more sophisticated engineering solutions.

Figure 1.16: Schematic of open-top LSM using a water prism to hold immersion medium in place.
The sample is loaded on top of the water prism. The illumination and detection paths are placed
underneath the water prism[82].

.

(2) Scattering and Penetration Depth

The basic contrast mechanism of sLSM is elastic scattering, which includes Rayleigh

scattering and Mie scattering [83, 84]. Rayleigh scattering occurs when light is elastically

scattered by atomic and molecular particles much smaller than the wavelength of the incident

light, typically less than one-tenth the wavelength. Mie scattering occurs when the scattering

particles are about the same size as or larger than the light’s wavelength.

Rayleigh scattering and Mie scattering have different angular distributions of the scat-

tered light, as shown in Fig. 1.17 [84]. The probability of the scattered light at different

directions (denoted by angle θ relative to the incident direction) determines the intensity

angular distribution. For Rayleigh scattering, scattering at forward and backward directions
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Figure 1.17: Angular distributions of Rayleigh scattering and Mie scattering[84].

.

are stronger than other directions, according to

I = I0
8πNα2

λ4R2
(1 + cos2 θ), (1.10)

where I0 is the intensity of the incident unpolarized light, R is the distance between the

particle and the observer, N is the number of scatterers, and α is the molecular polariz-

ability. The intensity is proportional to the fourth power of the inverse wavelength of the

incident light, meaning a shorter wavelength has stronger scattering. Mie scattering is not

strongly dependent on wavelength, and the mathematical description of Mie scattering is

more complicated than Rayleigh scattering.

The scattering can be characterized by a coefficient, called reduced scattering coefficient

µ′
s, in units of mm−1. Considering the fact that not all scattering events significantly change

their light propagation direction, the reduced scattering coefficient characterized the average

travel distance of photons inside the medium before losing their original propagation direc-

tions after multiple scattering events. A smaller reduced scattering coefficient of a scattering

medium results in a longer penetration depth of the light. When imaging thick tissues with

scattering-based microscopes, the image contrast at a deeper region of the tissue is lower than
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the superficial region mainly due to the multiple-scattering events. A mathematical model

can be used to model the reduced scattering coefficient of a scattering medium containing

both Rayleigh and Mie scattering [85],

µ′
s(λ) = µref

(
f
( λ

λ0

)−4

+ (1− f)
( λ

λ0

)−α
)
, (1.11)

where µ′
ref is the reduced scattering coefficient at the reference wavelength (λ0 = 500 nm),

α is the Mie scattering coefficient, and f is the fraction of Rayleigh scatting. Therefore, a

longer wavelength can provide a smaller reduced scattering coefficient and a larger imaging

depth.

(3) Shadow Artifacts

Shadow artifacts, or stripe artifacts, are common issues in LSM that can degrade the

image quality and make it challenging to appreciate cellular details. Shadow artifacts are

visualized as dark stripes in the LSM images, as shown in Fig. 1.18 [86], caused by the

straight light sheet being partially blocked or scattered by dense or highly scattering particles

within the tissue along the light propagation direction. The presence of shadow artifacts

especially poses challenges to extracting features of cancer precursors with computational

segmentation algorithms.

Various methods have been developed to suppress shadow artifacts [87, 88, 89, 90].

The main concept is to increase the illumination angular diversity. Since the stripe ar-

tifacts are mainly caused by the lack of angular diversity of the light sheet on the light

sheet plane, introducing additional light sheets with different inclination angles on the same

plane can address the shadow artifacts. For example, multi-arm illumination can increase
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Figure 1.18: LSFM image of cultivated cell organoid of mouse intestine cells. Shadow artifacts
are visualized as vertical dark lines along the light sheet incident direction. [86].

.

angular diversity by simultaneously deploying multiple illumination paths [91], while pivot-

ing the illumination beam, achieved by a scanning system and temporally averaging, offers

an alternative approach to increase the angular diversity [87], as shown in Fig. 1.19 [88].

The utilization of Bessel beams is another method to suppress the shadow artifacts mainly

because Bessel beams are fundamentally achieved by interference of beams with different

propagation direction. The limitation of multi-arm LSM is the increased complexity of the

system and limited sample size that can be placed between different arms. The limitation

of beam pivoting, in addition to the system complexity, is the increased acquisition time for

scanning. As mentioned before, the Bessel beam has the sidelobe issue and reduced contrast.



51

Figure 1.19: Schematic of different shadow reduction methods: multi-arm, beam pivoting, and
Bessel beam illumination [88].

.

(4) Speckle Noise

Speckle noise is a common issue associated with microscopy technologies based on scat-

tering signals [92, 93, 94]. Speckle noise is generated by the random interference of the

coherent light when the light is scattered by rough objects or scattered medium [1]. It is

observed as a high-contrast granular pattern and can significantly degrade the image qual-

ity and produce misleading information, as shown in Fig. 1.20 [95]. Laser is often used

as the light source for microscopes given its high power and high spatial coherence. How-

ever, it suffers from strong speckle noise, especially for traditional single-wavelength lasers or

narrow-band laser diodes. sLED has moderate-to-high coherence because of its high spatial

coherence and low temporal coherence. Previously, speckle in the sLSM images with sLED

as the light source is also obviously noticed [26]. LED is a relatively low-coherence light

source due to its wide spectrum and large emission area. It is a potential light source to

reduce the speckle noise for imaging scattering medium. However, LEDs have lower output

power compared to lasers and sLEDs, and it is much more difficult to couple light from LEDs

into low-throughput optics due to their high angular divergence and large emission area.



52

Figure 1.20: Image of speckle noise [95].

.

Speckle noise is quantitatively characterized by speckle contrast C and signal-to-noise

ratio (SNR). Speckle contrast C is related to the light intensity I of a speckle pattern by the

following equation, [96]

C =
σI

I
=

√
I2 − I

2

I
, (1.12)

where σI and I are the standard deviation and mean value of I correspondingly. Contrast

describes how strong the fluctuations of speckle intensity are compared with the average

intensity. The value of contrast C is between 0 and 1. The signal-to-noise ratio of the

speckle noise is defined in a reciprocal way

SNR =
1

C
=

I

σI

, (1.13)

For a fully developed speckle, both speckle noise contrast C and SNR are 1. Averaging

N fully uncorrelated speckle patterns with equal mean intensities incoherently reduces the
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speckle contrast, and the contrast can be expressed by

C =
1√
N
, (1.14)

However, coherent additions of speckle patterns do not reduce the speckle contrast. The

speckle reduction methods can be grouped into two categories: modifying the coherence

property of the laser source, and time-averaging of the uncorrelated speckle patterns. For

example, temporal coherence can be reduced by replacing the light source with a wider

bandwidth, such as supercontinuum laser [94] or LED. Theoretically, for a scattering surface

with a Gaussian shape of height fluctuation, the speckle contrast observed under illumination

with a Gaussian-shape spectrum is given by [96]

C = 4

√
1

1 + 8π2
(
∆λ
λ

)2 (σh

λ

)2 , (1.15)

where σh is the standard deviation of the rough surface height fluctuation, λ is the central

wavelength, and ∆λ is the spectral bandwidth. For the same bandwidth, the spectral aver-

aging of the speckle noise was less effective for light with longer central wavelengths. The

spatial coherence of lasers can be reduced by modifying the structure of the laser [97] or

using a laser array [98, 99]. In addition, commonly used time-averaging methods include

moving diffuser [96, 100] and multimode fiber vibration [101, 102], as shown in Fig. 1.21.
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Figure 1.21: Speckle reduction method based on time-averaging of uncorrelated speckle patterns.
(a) Moving diffuser: A static diffuser cannot reduce the speckle noise, but a moving diffuser is able
to reduce the speckle noise. [100]. (b) Multimode fiber vibration: a piezoelectric vibrator is used to
scramble the propagation modes of laser in the multimode fiber. As a result, the speckle is reduced
when the vibrator is turned on. [102].

.

(5) Volumetric imaging

One additional advantage of LSM is the ability to simultaneously image a 2D cross-

sectional plane of the tissue without scanning, which allows high-speed 2D imaging. For 3D

volumetric imaging, it can be achieved by either translating the sample [73] or sweeping the

illumination and detection focal plane optically [74]
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Chapter 2

Investigation of different wavelengths for sLSM

The previous sLSM setup developed by our group [26] used a near-infrared spectrum

around 834 nm because of its common use in reflectance confocal microscopy and OCT [103,

104]. However, there is a need to investigate the optimal wavelength for the specific tissue

imaging application. For instance, a shorter wavelength can be used to achieve the same

resolution with a lower NA than a longer wavelength. A low illumination NA can increase the

light sheet length, and a low detection NA can make the detection objective lens design easier

[105]. On the other hand, a longer wavelength is scattered less and therefore can provide a

larger imaging depth. An sLSM setup that can image the same tissue location with several

different wavelengths would facilitate the investigation of the optimal wavelength for the

specific tissue type. Such a multi-wavelength sLSM setup needs to be carefully designed

to allow for easy changes of the wavelength especially when each lens of the sLSM setup

has its own chromatic focal shift. This chapter focused on the investigation of the optimal

wavelength for sLSM in anal tissue imaging. The published manuscript can be found in

Appendix A.
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2.1 Scope

In this project, a multi-wavelength sLSM setup was developed that facilitates the in-

vestigation of different wavelengths for sLSM imaging. The investigated wavelengths varied

from 500 nm to 800 nm with a 100 nm interval and 40 nm bandwidth. The system was

carefully engineered to enable imaging of the same tissue region at different wavelengths

with minimal adjustments required for switching wavelengths. A custom resolution target

was designed to enable easy, quantitative measurement of the lateral and axial resolution

for each wavelength as a function of imaging depth. Finally, we tested the system setup

for imaging human tissues ex vivo with different wavelengths, and the imaging performance

was evaluated quantitatively with an edge contrast metric and visually by a pathologist, Dr.

Eric Yang from Standford University. The published manuscript in Appendix A contains

the details of the study method and the key findings [106].

2.2 Major Findings

Longer wavelengths provided a larger imaging depth based on both the quantitative

image contrast evaluation and the visual assessment by a pathologist. This is not surprising

because longer wavelengths experience less scattering. However, the amount of increase in

the imaging depth was most notable between 500 and 600nm, and the increase was more

moderate after 600 nm. The visual assessment results show that 600 nm allows for the

visualization of cellular details up to a depth of ∼ 200 µm, which can be useful in evaluating

epithelial cellular morphologic changes in precancerous diseases. Therefore, a wavelength

around 600 nm can be used for further development of a clinically-viable sLSM device. The
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use of 600 nm, rather than a near-infrared wavelength around 800 nm, could either increase

the light sheet length for the same axial resolution or improve the axial resolution for the

same light sheet length.

2.3 Innovation and Contributions

The resolution target uniquely designed for LSM effectively simplified the measurement

procedure of characterizing the optical performance of the LSM. The lateral and axial reso-

lution of LSM can be simultaneously measured without the need for 3D scanning to get the

PSFs, which is typically not the case for lateral and axial PSFs measurement with micro-

spheres [107]. This property is more valuable for LSM than conventional microscopes. The

axial resolution variation within the FOV for LSM is more significant than in conventional

microscopes due to the defocus of the illumination. Thus, a comprehensive evaluation of

axial resolution across the FOV is needed to characterize the LSM performance, and this

custom resolution target makes the comprehensive evaluation easier to perform.

One of the interesting findings was that cellular morphologic details can be visualized

from formalin-fixed tissues. This is helpful because the same tissue can be used over time

to evaluate different imaging conditions and modalities. Furthermore, excited tissues are

discarded in the pathology lab after clinical evaluation is complete, which can be formalin-

fixed and stored for future imaging purposes. This is a rich source of tissue samples that are

stable and readily available to the broader scientific community for optical image analysis.

However, there is a caveat: fixed tissues might scatter differently than fresh tissues. The

cell nuclear contrast of fresh animal tissues (hyper-reflective) [26], expected proxy of fresh

human tissues, is opposite to the fixed human tissues (hypo-reflective). Evidence showed
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that formalin-fixation changes the optical properties of human tissues, including absorption,

scattering, and refractive index [108]. The mechanisms causing the changes include dehy-

dration of the tissue [108], leakage of hemoglobin [108], and destroyed or altered cellular

[109] and extracellular substances [110]. However, the mechanism that causes the contrast

inversion still needs further investigation. A future study is needed to analyze the scattering

signal and the visualized cellular details of tissues before and after formalin fixation.
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Chapter 3

Speckle and Shadow Artifacts Reduction Method for sLSM

In the previous bench sLSM setups [26, 106], the sLSM images had noticeable speckle

noise and shadow artifacts, which pose challenges in appreciating cellular details. As men-

tioned in Chapter 1.4.4, speckle noise is caused by the random interference of scattered

coherent light and manifested as high-contrast random granular patterns. Shadow artifacts

are dark stripes visualized in the sLSM images. Since cylindrical lenses produce on-axis

light sheets that are collimated along the light sheet width direction, the objects underneath

the optically dense structures are illuminated with reduced power. Increasing the angular

diversity of the illumination on the light sheet plane would mitigate the shadow artifacts. In

this project, we developed an sLSM bench setup that has reduced speckle noise and shadow

artifacts. The setup used an LED as the light source and a slit to generate the illumination

light sheet. The low coherence of the LED helped mitigate the speckle noise. The slit was

incorporated with a carefully designed rectangular aperture to form the light sheet with

increased angular diversity. The setup was tested with the same fixed-tissues used for the

multi-wavelength sLSM setup that used a spatially-coherent light source and cylindrical lens

for illumination. One conference paper was produced from this work, which is included in

Appendix B.
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3.1 Method

3.1.1 sLSM Setup

The schematic diagram LED-based sLSM setup is shown in Fig.3.1(a). Light from a

high-power LED (center wavelength = 657 nm; bandwidth = 25 nm) was filtered by a slit

(width = 5 µm; length = 3 mm). The illumination light sheet was generated by imaging the

slit onto the sample with two objective lenses: 5× objective (MUE12050; f1 = 40 mm; NA =

0.15; dry) and 10× objective (MRH07120, Nikon; f2 = 20 mm; NA = 0.3; water immersion),

resulting in a magnification of 0.5. A 3D-printed rectangular aperture was placed in front

of the second objective lens to form the illumination beam to a light sheet shape. The

aperture length along the x-axis and width along the y-axis were set to 10.0 mm and 2.6

mm, respectively, to provide the illumination NA of 0.25 along the x-axis and 0.065 along

the z-axis, as shown in Fig. 3.1 (b). This aperture arrangement resulted in an hourglass

shape light sheet illumination with a theoretical thickness of 5.0 µm and DOF of 194.6

µm. The aperture size along the z-axis was iteratively determined by convolving the PSF

of the illumination optics with the slit image and measuring the FWHM along the z-axis to

control the light sheet thickness, as shown in Fig. 3.1(c). Because of the non-zero NA along

the x-axis, each point of the tissue was illuminated with multiple angles on the xy-plane.

Therefore, even when a bright particle is present in the tissue, it does not completely block

the illumination light below the particle, which reduces the shadow artifacts.

In the detection path, a second objective lens (MRH07120, Nikon; f2 = 20 mm; NA

= 0.3; water immersion) collected the light scattered from the tissue. A camera lens (f

= 85 mm; F2) focused light onto a monochromatic CMOS sensor (acA4024-29um, Basler;
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Figure 3.1: Schematic of the bench sLSM setup that can reduced the speckle and shadow artifacts
(a) and the illumination path (b), and the workflow to determine the rectangular aperture size (c)

.

4,024×3,036 pixels; pixel size = 1.85 µm). The resulting pixel size in the tissue space was

0.44 µm, and the field of view was 1.5 mm.

3.1.2 Performance Testing

The lateral and axial resolution was measured by imaging the custom resolution target

with a periodic line pattern (line width = 0.5 µm; period = 30 µm) that we previously

developed [106]. The resolution target was translated along the v-axis with a step size

of 10 µm to measure the resolution at different imaging depths. The target was placed

horizontally with the reflective lines parallel to the u-axis and facing upwards. The exposure

time of the CMOS sensor was adaptively adjusted to avoid signal saturation. Index-matching
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gel (GenTeal Tears Gel, Alcon, refractive index = 1.34) was placed between the resolution

target and the probe as an immersion medium.

Tissue imaging performance was tested by imaging formalin-fixed human anal tissue

ex vivo, including normal non-dysplasia, LSIL, HSIL, and SCC. The normal non-dysplasia

tissue was the same tissue we previously used for investigating the optimal wavelength of

sLSM [106]. The epithelial side of the tissue was placed upwards. A fluorinated ethylene

propylene (FEP; refractive index = 1.34) film was placed on top of the tissue to flatten the

tissue surface. Index-matching gel (GenTeal Tears Gel, Alcon, refractive index = 1.34) was

used to fill the gaps between the objectives, the FEP film, and the tissue. The protocol

for imaging formalin-fixed human anal tissues ex vivo was reviewed and approved by the

Stanford University and University of Arizona Internal Review Boards (IRBs). Informed

consent was waived by the IRBs for this study imaging discarded fixed tissues. Cellular

features visualized in sLSM images were analyzed and compared to the features shown in

the histologic images acquired from the same tissues. The assessment was done by an expert

pathologist (Dr. Eric Yang at Standford University).

To validate the reduction of speckle and shadow artifacts, we compared the normal

tissue images obtained with this setup and the previous setup (at 600 nm with 40 nm

bandwidth). The speckle contrast of each image was measured according to Eq. 1.14. The

speckle noise needed to be measured at regions where the pixel intensity is nearly uniform

to avoid the intensity fluctuation caused by the tissue structure. Therefore, 30 rectangular

windows (50 × 50 pixels, 22 × 22 µm) under an imaging depth of 200 µm were selected for

the contrast measurement. The cellular details and tissue architectural structure were not

clearly visualized in those windows due to the multiply scattering. The speckle contact was
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evaluated for each window and was averaged to estimate the speckle contrast of the image.

We assume the noise from other sources was negligible. Shadow artifacts were visually

assessed. The effect of varying illumination NA along the x-axis on the shadow reduction

was also assessed. We printed another square aperture with 2.6 × 2.6 mm in size, resulting

in 0.065 NA in both illumination directions. Images were acquired with the rectangular

aperture and the square aperture at the same tissue location to demonstrate the effect of

shadow reduction with different angular diversity.

3.2 Results

3.2.1 System Performance Test

The sLSM bench device is shown in Fig. 3.2(a). The total material cost of the device

was <$5,000, as shown in Table 3.1. The illumination power on the tissue was 6.5 µW,

resulting in exposure time ∼ 0.1 sec. The measured lateral resolution was 1.39 ± 0.06 µm.

Within the theoretical DOF of 194.6 µm, the axial resolution maintained smaller than 5.2

µm, as shown in Fig. 3.2 (b).

3.2.2 Tissue Imaging Results

The sLSM images of formalin-fixed human anal tissues at different disease stages and

their corresponding H&E images are shown in Fig. 3.3. In sLSM images, normal epithelium

(Fig. 3.3(a)) shows a evenly-spaced honeycomb pattern of squamous epithelial cells. The

intercellular borders are hyper-reflective (bright), and areas of cytoplasm and nuclei are hypo-

reflective (dark). The dermal papillae are visible as large, dark, circular structures, similar to
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Figure 3.2: (a) Photo of the bench sLSM setup that can reduce the shadow and speckle artifacts,
and (b) Measured axial resolution as a function of imaging depth

.

the H&E image (Fig. 3.3(b)). The image of LSIL (condyloma) (Fig. 3.3(c)) shows the clear

distinction between the hyper/parakeratotic layer and the dysplastic epithelium beneath

it. While a honeycomb pattern is retained in LSIL, the cells have more variability in the

size and shape, reflecting the variation in cell nuclear size and distribution observed in the

H&E image (Fig. 3.3(d)). HSIL image (Fig. 3.3(e)) loses the regular honeycomb pattern,

which is replaced by a dense, irregular arrangement of dot-like hypo-reflective structures.

The dense cell distribution is the key feature of HSIL that is observed in the H&E image

(Fig. 3.3(f)). For SCC, similar to HSIL, the regular honeycomb pattern is also lost, but

has greater viability in the arrangement and sizes of the dot-like hypo-reflective structures,

reflecting a greater degree of nuclear pleomorphism, as shown in (Fig. 3.3(g) and (h)). The

stromal invasion of SCC was not visualized due to the limited imaging depth (∼ 100 - 200

µm).

Regarding the improvements in speckle and shadow artifacts, a comparison between

the current setup and the previous setup is shown in Fig. 3.4. It is clear that both speckle
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Table 3.1: Bill of materials

Component Cost ($)
Slit 132.5

Nikon 5× objective 885.5

Nikon 10× objective (×2) 2374.2

LED 24.45

Camera lens 170

CMOS sensor 449

Mechanical mounts 639.7

CMOS sensor 199

3D printed materials 100

Total 4974.05

noise and shadow artifacts are reduced in the current setup. For the previous setup, the dark

stripes are clearly visualized because there was nearly no illumination angular diversity on the

light sheet plane. For the current setup, the Honeycomb pattern is more clearly visualized

thanks to the reduction of shadow artifacts and speckle noise. The speckle contrast was

reduced by 71% from 0.07 to 0.02 even though the light source bandwidth (25 nm) was

narrower than the previous setup (40 nm). When the rectangular aperture was replaced by

the square aperture, the dark stripes appeared again due to the reduced angular diversity

(arrowheads in Fig. 3.5).

3.3 Discussion

In this project, we developed an sLSM bench setup to reduce the speckle noise and

shadow artifacts. Preliminary images of formalin-fixed human anal tissues showed that the

current sLSM setup significantly reduced the speckle noise and shadow artifacts compared
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Figure 3.3: sLSM and H&E images of fixed human tissues: (a & b) Normal skin, (c & d)
LSIL/Condyloma, (e & f) HSIL, and (g & h) Invasive SCC.

.

to the sLSM setup based on the laser and cylindrical lens. The cellular features were much

easier to appreciate than before. The setup used low-coherence LED as the light source to

reduce the speckle noise. The speckle contrast was reduced by 71%. The shadow artifacts

were reduced by using a slit to generate the light sheet illumination. The slit was demagnified

to form a line illumination at the focus, and the light sheet illumination profile was formed

by controlling the size of a rectangular aperture. With a relatively high NA (0.13) along the

light sheet width direction, the tissues were illuminated under a wide angular diversity, and

thus the shadow artifacts were also reduced.

One challenge associated with this method is the low illumination power and the long

exposure time (∼ 0.1 msec). Even though we carefully chose an LED with a high output

power, the radiance of the light source is still low compared to a laser or sLED. Since the

throughput (étendue) of the system was also small, determined by the illumination area and

subtended angle, the output power on the tissue was too low (6.5 µW) to allow real-time

imaging.
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Figure 3.4: sLSM images of the normal skin acquired with the current sLSM setup (a), and the
previous sLSM setup (b). Arrowheads: shadow artifacts

.

The sLSM images of the formalin-fixed human tissue clearly demonstrated the cellular

morphologic distinctions among normal skin, LSIL, HSIL, and invasive SCC. The key features

marking the progression of dysplasia visualized in sLSM matched those in histology images.

Given these promising results, the next step is to validate the imaging capability of sLSM

and its diagnostic potential for fresh anal tissues.
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Figure 3.5: sLSM images of the normal skin acquired at NA of 0.065 (a) and 0.13 (b) along the
x-axis. The shadow artifacts visible in (a), arrowheads, are not shown in (b)

.
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Chapter 4

Pilot Imaging Study

Following our promising pilot study on imaging formalin-fixed human tissues, we con-

ducted a prospective clinical study focused on imaging fresh anal biopsies. This was to

establish a proof-of-principle demonstrating that our sLSM device can accurately replicate

the diagnostic features of squamous dysplasia and thus serve as an effective tool for screening

anal cancer. A manuscript was published containing the details of the study [111].

4.1 Scope

This project involves the development of an sLSM setup for a clinical imaging study.

The sLSM setup development was performed at the University of Arizona. The clinical

imaging study was performed at Stanford University.

The clinical setup consists of a bench sLSM, a wide-field imaging module, and a specimen

holder, and a multi-axis stage, as shown in Fig. 4.1(a). The bench sLSM was the one

presented in Chapter 3. The wide-field imaging module was placed underneath the specimen

holder to image the entire specimen holder and help locate the region of interest. It consisted

of two white LEDs to illuminate the specimen, a micro video lens, and a CMOS sensor, as

shown in Fig. 4.1. The white LEDs were turned off during the sLSM data acquisition. The



70

specimen holder (CoverWell imaging chambers, Grace Bio-Labs; Diameter = 20 mm; Depth

= 0.9, 1.7, or 2.5 mm) was mounted on the multi-axis stage. The stage had four degrees

of freedom: a rotation around the v-axis, and translation along the x, v, and u-axis. The

specimen location was manually adjusted by the rotation stage and the translation stages.

The 3D volumetric imaging of the specimen was achieved by scanning the specimen holder

with the motorized stage. The entire setup was housed inside an enclosure made of black

acrylic sheets. The enclosure had dimensions of 58 × 33 × 28 cm3. A software was developed

in LabVIEW to control the imaging acquisition procedure.

Figure 4.1: (a) The clinical sLSM setup containing a bench sLSM, wide-field imaging module,
specimen holder, and multi-axis stage housed in an enclosure, and (b) Schematic of the wide-field
imaging module

.

The clinical imaging study involved the biopsy imaging procedure, diagnostic accuracy

reader study, and statistical analysis. The fresh anal biopsies were collected per routine

clinic protocols. They were temporarily placed in 3-5% acetic acid to enhance the nuclear

contrast and then imaged under the sLSM. The biopsies were then prepared for routine

histopathology. The sLSM images were compared with the histology images to identify
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the features for distinguishing among normal epithelium, LSIL, and HSIL. The diagnostic

accuracy reader study involved 11 pathologists, who were trained with a training set first,

and tested for the diagnostic accuracy. The statistical analysis was performed to analyze the

diagnostic accuracy data.

In this project, my main contribution was the development of the clinical setup, with

assistance from Yongjun Kim and guidance from Dr. Dongkyun Kang. The other authors

of the manuscript [111] contributed to the clinical study.

4.2 Major Findings

A total of 3904 sLSM images of fresh anal biopsy tissue were acquired from a total of

110 anal biopsies of 31 patients. Final pathology reports revealed 27.2% of non-dysplastic,

36.4% of LSIL, and 36.4% of HSIL [111].

In sLSM images of fresh anal biopsies [111], the image contrast was contrary to the fixed

tissues, as we expected. The cell nuclei were bright (hyper-reflective), while the cytoplasm

was dark (hypo-reflective). The normal non-dysplastic tissues showed similar features as the

H&E images (Fig. 4.2), e.g. the epithelium cells in the anal transformation zone epithelium

had round cell nuclei with uniform size, shape, and distribution. For LSIL (Fig. 4.3),

sLSM and H&E images both showed enlarged, variably sized cell nuclei in the superficial

epithelial layers and decreased nuclear-to-cytoplasmic ratio of the cells in the superficial

layer. What was uniquely observed in sLSM images for LSIL was the obvious hyper-reflective

cytoplasmic borders, which were indistinct for normal tissue and LSIL. For HSIL (Fig. 4.4),

the key feature was the significantly increased nuclear density. The cell nuclei were enlarged,

unevenly sized, and spanning the full thickness of the epithelium.
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Figure 4.2: sLSM and H&E images of normal fresh human biopsies. In the squamous zone (a &
b), the cell nuclei are visualized as hyper-reflective round spots with uniform size and shape, the
keratinizing layer is hyper-reflective at the top of the epithelial surface, and the dermal papillae
are located at the bottom left corner. In the anal transition zone (c & d), nuclei are round with
uniform size, shape, and distribution. In the colorectal zone (e & f), colonic glands are visualized
as large tubular hyper-reflective structures in the stroma. The stroma is inflamed, characterized by
numerous hyper-reflective, disorganized nuclei above the colonic glands. Scale bar: 50 µm. [111]

.
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Figure 4.3: sLSM and H&E images of fresh anal LSIL. Scale bar: 50 µm. [111]

.

Figure 4.4: sLSM and H&E images of fresh anal HSIL. Scale bar: 50 µm. [111]

.
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Regarding the diagnostic accuracy study [111],

1. The diagnostic accuracy for non-plastic images was significantly higher for

H&E than for sLSM, 0.82 for sLSM versus 0.89 for H&E (p = 0.021).

2. The diagnostic accuracy for LSIL was significantly higher for sLSM than for

H&E, 0.87 for sLSM versus 0.65 for H&E (p = 0.020).

3. The diagnostic accuracy for HSIL had no significant difference between sLSM

and H&E, 0.91 for sLSM versus 0.85 for H&E (p = 0.400).

4. The overall diagnostic accuracy had no significant difference between sLSM

and H&E, 0.87 for sLSM versus 0.80 for H&E (p = 0.066).

4.3 Innovation and Contributions

This project demonstrated that the key morphological features distinguishing among

normal non-dysplasia, LSIL, and HSIL tissues were clearly visualized in sLSM images and

were similar to those observed in corresponding the H&E images. sLSM gave a cross-section

view of the tissue with a sub-cellular resolution, which is similar to the H&E images. This

similarity in visual format eases the interpretation of sLSM images for pathologists, thus

facilitating pathologists to analyze sLSM images for diagnosis. This study shows the great

promise of sLSM for ex vivo pathological study and the potential for in vivo anal cancer

screening applications. To our knowledge, we were the first ones to demonstrate the imaging

capability of sLSM for fresh human tissues ex vivo.
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Chapter 5

Compact sLSM Probe

The pilot study imaging fresh human anal biopsies ex vivo with the bench sLSM demon-

strated promising diagnostic accuracy on the distinction of normal anal non-dysplasia, LSIL,

and HSIL. The next important step is to evaluate the feasibility of developing a compact

sLSM probe.

In this chapter, the design and development of a compact sLSM probe are presented.

Instead of using an off-the-shelf objective lens, we developed a custom miniature objective

lens to achieve high resolution, large field of view, and small field curvature. The optical

performance of the custom objective lens and the compact sLSM probe were tested with

standard and custom resolution targets. Tissue imaging performance was tested by imaging

formalin-fixed human anal epithelial tissues ex vivo.

5.1 Method

5.1.1 Compact sLSM Probe Design

Figure 5.1 shows a schematic of the compact sLSM probe. In the illumination path,

light from a laser (B073H21NJP, Sunshine electronics; wavelength = 638 nm; output power

= 1.0 W) was coupled into a multimode fiber (02-511, Edmund optics; fiber diameter =
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2.0 mm; core diameter = 1.96 mm; NA = 0.5). In between the laser and fiber, a rotating

diffuser (DG10-1500, Thorlabs; grit = 1500; rotation speed = 600 rpm) was used to reduce

the speckle noise. Light from the distal end of the fiber passed through an illumination slit

(2-2.5-3+HS+M-0.5, National aperture; width = 2.5 µm; length = 3.0 mm) and collimated

by an achromatic doublet (49-926, Edmund optics; f = 15 mm). The collimated light passed

through a 3D-printed rectangular aperture and focused by another achromatic doublet (49-

927, Edmund optics; f = 22.5 mm). The illumination beam was folded by a dielectric mirror

(87-367, Edmund optics; reflectivity > 99%) and transmitted through a plastic imaging

window (material = polymethyl methacrylate (PMMA); thickness = 250 µm) to form a

light sheet on the tissue.

In the detection path, scattered light from the tissue was collected by a custom objective

lens (f = 14.9 mm; NA = 0.25) and focused by a micro-video lens (66-896, Edmund optics;

f = 35 mm; F/2) onto a monochromatic CMOS sensor (daA3840-45um, Basler; 3,840 ×

2,160 pixels; pixel size = 2.0 µm; imaging speed = 45 fps). The detection optics had a

magnification of 2.35, resulting in the pixel size of 0.85 µm and the FOV of 3.26 mm × 1.84

mm on the tissue xy-plane.

Mechanical holders were custom-designed and fabricated using a 3D printer (Form 3+,

Formlabs) and biocompatible material (Biomed Black resin, Formlabs). Most of the op-

tical elements were passively aligned using tight fit with the mechanical holders to ensure

concentricity, while some optical components were actively aligned.
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Figure 5.1: Schematic of the compact sLSM probe.

.

5.1.2 Custom Objective Lens Design

The custom objective lens was designed using OpticsStudio (Zemax). The objective lens

was composed of an aspheric convex lens (material = PMMA) and an aspheric bi-concave

lens (material = PMMA) as shown in Fig. 5.2(a). An immersion medium (refractive index

= 1.34) was used between the distal surface of the bi-concave lens and tissue. The aspheric

convex lens had an aspheric surface on the proximal side (farther from the tissue) and a

nearly flat surface on the distal side (closer to the tissue). The lens stop was located on

the proximal side. The bi-concave lens had an aspheric surface on the proximal side and

a spherical surface on the distal side. The two aspheric lenses were fabricated by diamond

turning. The convex lens had the clear aperture of 7.4 mm in diameter and center thickness

of 5.0 mm. The bi-concave lens had the clear aperture of 4.6 mm in diameter and center

thickness of 2.9 mm. The distance between the two lens elements was designed as 3.0 mm.

During the alignment procedure, the distance between the two lenses was actively adjusted
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to minimize the FWHM of the measured PSF. A stainless-steel washer (thickness = 0.05 mm,

outer diameter = 4.7 mm, inner diameter = 3.2 mm) was placed on the distal flange of the bi-

convex lens to block stray light. During the optimization process, both the working distance

and the diameter of the bi-concave lens were regulated to prevent mechanical interference

between the lens and tissue when the objective lens is angled at 45º relative to the tissue

surface. The effective focal length and NA of the objective lens were 14.9 mm and 0.25,

respectively. The theoretical resolution at 638 nm was 1.32 µm. The lens was designed to

have a diffraction-limited FOV of ± 1.0 mm in the tissue space, as shown in the root-mean-

square (RMS) wavefront error plot as a function of field (Fig. 5.2(b)). The field curvature

of the lens was controlled to have diffraction-limited performance within the defocus range

of ± 2.5 µm, corresponding to the theoretical thickness of the light sheet illumination, as

shown in Fig. 5.2(c). A Monte-Carlo tolerance analysis was conducted on the objective lens

based on the lens manufacturing tolerances. The tolerance analysis showed that more than

72% of the objective lenses would provide diffraction-limited performance.

Figure 5.2: Schematic of the custom objective lens (a), wavefront error performance as a function
of field (b), and wavefront error performance as a function of defocus (c).

.
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5.1.3 Light Sheet Thickness Simulation

For sLSM imaging, it is critical to maintain a thin light sheet thickness over a large

depth range (along the y-axis in Fig. 5.1). This can be achieved by using a small NA for

illumination. In the compact sLSM probe, the aperture length along the x-axis and width

along the y-axis were set to 9.0 mm and 2.9 mm, respectively, to provide the illumination NA

of 0.2 along the x-axis and 0.06 along the z-axis (after 90º reflection by the fold mirror). This

aperture arrangement resulted in hourglass-shape light sheet illumination with a theoretical

thickness of 5.0 µm and DOF of 206.2 µm.

Figure 5.3: Simulated Huygens PSFs and light sheet illumination for the on-axis field at the focus
and at 103.1-µm defocus (a), and light sheet thickness for different fields and defocus locations (b).

.

The choice of lenses in the illumination optics was initially based on first-order geometric

optics. Therefore, the illumination performance degradation caused by aberrations was not

initially considered. Due to the larger NA along the x-axis and smaller NA along the z-axis,

aberrations were mainly expected along the x-axis, as shown in the simulated Huygens PSF

(Fig. 5.3(a)). The light sheet illumination, determined by the convolution between the PSF
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and image of the slit (longer along the x-axis), therefore maintains a narrow thickness, as

shown in Fig. 5.3(a). We evaluated the light sheet thickness for different fields (along the

x-axis) and different defocus locations (along the y-axis) to ensure the light sheet thickness

was consistently small across the entire imaging FOV and depth range. The light sheet

thickness for different fields (x = 0 and ± 1.0 mm) and defocus locations (y = 0 and ± 103.1

µm) was simulated using the extended diffraction image analysis function in OpticsStudio,

which considered both diffraction and aberration effects of the illumination optics. As shown

in Fig. 5.3(b), the theoretical light sheet thickness was maintained small, ∼ 5.0 µm, even

though aberrations were present along the x-axis.

5.1.4 Custom Objective Lens Performance Test

Optical performance of the objective lens was evaluated by imaging a UASF resolution

target and a custom multi-pinhole target. The UASF resolution target image was used to

identify the smallest resolvable line period. The image of the custom multi-pinhole tar-

get was used to measure the FWHM of the PSF across the entire field of view. The custom

multi-pinhole target had pinholes periodically spaced along horizontal and vertical directions

(pinhole diameter = 0.67 µm; period = 20 µm). The multi-pinhole target was fabricated

by etching the pinhole pattern on a glass substrate (thickness = 1.5 mm) deposited with

reflective chrome coating. We conducted simulation of the effect of the pinhole size by con-

volving the theoretical PSF of the objective lens with the pinhole geometry and calculating

the FWHM of the convolved profile. The simulation results showed that only a small amount

of measurement error (5%) was expected when measuring the expected resolution of 1.32

µm. The period of the pinhole pattern, 20 µm, was set significantly larger than the pinhole
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diameter so that the image of each pinhole does not affect the image of neighboring pin-

holes. In order to evaluate the performance of the objective lens alone, the detection optics

were assembled and mounted vertically facing downwards. The USAF resolution target or

the multi-pinhole target was placed horizontally under the objective lens and was trans-

illuminated from below the target. Light transmitted through the target was collected by

the objective lens and imaged by the tube lens onto the CMOS sensor.

5.1.5 Probe Performance Test

The axial and lateral resolution of the sLSM probe was measured simultaneously by

imaging a custom resolution target with a periodic line pattern (line width = 0.5 µm; period

= 30 µm) we previously developed [106]. The line pattern was made on a chrome-coated

glass substrate (thickness = 1 mm) by photolithography and etching. The target was placed

horizontally with the reflective lines parallel to the u-axis and facing upwards. Only a

small portion of each line was illuminated by the light sheet, with the illumination width

determined by the thickness of the light sheet. The lines reflected the illumination light

towards the detection optics, producing an image that showed multiple partial lines. In

the sLSM image of the line pattern, the FWHM of the line height along the y-axis was

measured as the axial resolution of sLSM. The FWHM of the line width was measured as

the line-spread function (LSF) or the lateral resolution of the detection optics. Therefore,

both lateral and axial resolution was measured from a single sLSM image of the line pattern

at a given depth. The target was placed horizontally with the reflective lines parallel to the

u-axis and facing upwards. The resolution target was translated along the v-axis with a step

size of 10 µm to measure the resolution at different imaging depths. The exposure time of
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the CMOS sensor was adaptively adjusted to avoid the signal saturation. Index-matching

gel (GenTeal Tears Gel, Alcon) was placed between the resolution target and the probe as

an immersion medium.

Tissue ex vivo imaging performance was tested by imaging formalin-fixed human anal

tissues. The sLSM images acquired by the compact probe were compared with the images

previously acquired with the bench sLSM device[112] using off-the-shelf objective lenses

(N10XW-PF, Nikon; f = 20 mm; NA = 0.3; water immersion) and H&E-stained histologic

images. The epithelial side of the tissue was placed upwards. The index-matching gel

was placed between the tissue and probe. The protocol for imaging formalin-fixed human

anal tissues ex vivo was the same as the previous experiments [112]. The cellular features

visualized in sLSM images were analyzed in comparison with the features shown in the

corresponding histologic images by our clinical collaborators at Stanford University.

5.2 Results

5.2.1 Compact sLSM Probe

A photograph of the compact sLSM probe is shown in Fig. 5.4. Overall dimensions of

the prototype were 4 cm in height and width, and 10 cm in length. The illumination power

on the tissue was 0.14 mW. The exposure time was set at ∼ 0.5 msec, resulting in a real-time

imaging speed with a frame rate of 45 fps, which is the highest frame rate the CMOS sensor

supported. The material cost of the compact sLSM probe was low, <2,000, as shown in

the Table 5.1. The unit price of the custom objective lens was relatively high, <1,200, due
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to the cost associated with diamond turning and anti-reflection coating. The objective lens

cost can be reduced significantly by using injection molding in the future.

Figure 5.4: Photo of the sLSM probe.

.

5.2.2 Custom Objective Lens Performance

A representative image of the USAF resolution target is shown in Figure 5.5(a). The

smallest line pattern resolvable by the custom objective lens was group 9, element 1 (linewidth

= 0.97 µm) along both the horizontal and vertical directions, as shown in the inset of

Fig.5.5(a). However, the USAF image exhibited obvious side lobes surrounding the line

pattern, indicating the presence of aberrations. A representative image of the custom multi-

pinhole target is shown in Fig. 5.5(b). The measured PSF FWHM of the custom objective

lens as a function of field (Fig. 5.5(c)) shows that the custom objective lens provides the

resolution of 1.65 – 1.97 µm across the FOV of ± 1.0 mm.
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Table 5.1: Bill of materials

Component Cost ($)
Slit 115

Achromatic doublets (×2) 134

Mirror 75

PMMA window 0.1

Objective lens - Aspheric convex 621.7

Objective lens - Aspheric bi-concave 561.3

Tube lens 67

CMOS sensor 199

3D printed materials 30

Mechanical mounts 55

Total 1858.1

Figure 5.5: USAF target image (a), custom multi-pinhole target image (b), and measured reso-
lution as a function of field (c) of the custom objective lens.

.
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5.2.3 Probe Resolution Measurement

Figure 5.6(a) shows a representative image of the custom line pattern target captured

by the compact sLSM probe. The measured lateral resolution was 1.90 ± 0.07 µm. The axial

resolution at the center of the imaging depth range was measured to be 5.2 µm. Within the

theoretical DOF of 206.2 µm, the light sheet maintained a thickness smaller than 5.6 µm.

Figure 5.6: Custom resolution target image (a) and measured axial resolution as a function of
depth (b).

.

5.3 Tissue Imaging Performance

Figure 5.7 shows representative sLSM and histologic images of fixed normal anal squa-

mous mucosa. The image acquired by the compact sLSM probe (Figure 5.7(a)) visualizes

tissue details over a width of 2 mm. The epithelium and stroma are clearly delineated. A

magnified view of the same image (Figure 5.7(b)) visualizes a honeycomb pattern of squa-

mous epithelial cells with hypo-reflective nuclei (arrows) and hyper-reflective cytoplasm and

cell membranes, in a similar manner to the image obtained with the bench sLSM device

(Figure 5.7(c)) and with a similar nuclear size and spacing to the histologic image (Figure

5.7(d)).
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Figure 5.8 shows representative sLSM and histologic images of LSIL. The image obtained

with the compact sLSM probe (Figure 5.8(a)) clearly distinguishes the layer of parakeratosis

from the underlying epithelium, which is thickened compared to normal squamous epithe-

lium. The higher-magnification view of the compact sLSM probe image (Figure 5.8(b))

shows that the honeycomb pattern of the squamous epithelial cells is still retained but the

cellular features have more variability in size and shape than normal squamous epithelium.

A similar trend is shown in the image obtained with the bench sLSM device (Figure 5.8(c))

and the histologic image (Figure 5.8(d)).

Figure 5.9 shows representative sLSM and histologic images of fixed HSIL. A large-

area sLSM image obtained with the compact sLSM probe (Figure 5.9(a)) shows the lack

of clear distinction between the epithelium and stroma. The increased epithelial thickness

and stronger scattering in HSIL might have degraded the resolution at the base of the

epithelium more in HSIL than in normal squamous epithelium, making the epithelium-to-

stroma interface less distinctive. A higher-magnification view (Figure 5.9(b)) and its inset

visualize dense and irregular arrangement of small hypo-reflective nuclei (arrows) with a

varying size and shape. The trend of crowded nuclei is also shown in the image obtained

with the bench sLSM device (Figure 5.9(c)) and the histologic image (Figure 5.9(d)).
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Figure 5.7: sLSM images of normal anal squamous mucosa obtained with the compact sLSM
probe (a, b) and bench sLSM device (c), and histologic image of the same tissue (d). arrows
–nuclei.

.

Figure 5.8: sLSM images of LSIL obtained with the compact sLSM probe (a, b) and bench sLSM
device (c), and histologic image of the same tissue (d).

.
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Figure 5.9: sLSM images of HSIL obtained with the compact sLSM probe (a, b) and bench sLSM
device (c), and histologic image of the same tissue (d). arrows –nuclei.

.

5.4 Discussion

In this Chapter, the development of a compact sLSM probe that can visualize cellular

details of unstained tissues just using the intrinsic scattering contrast was presented. We

designed a custom miniature objective lens to achieve the NA of 0.25 with a diffraction-

limited FOV of ± 1.0 mm. The field curvature of the custom objective lens was made small to

ensure the detection focal plane coincided with the illumination plane within the target FOV.

The compact probe achieved the lateral resolution of 1.90 ± 0.07 µm and axial resolution

better than 5.6 µm over a depth range of 206.2 µm. The illumination power on the tissue

of 0.14 mW allowed for a short exposure time even when imaging fixed human anal tissues.

Preliminary results showed that the compact sLSM probe was able to visualize cellular

features in formalin-fixed human anal tissues ex vivo in a similar manner to the bench sLSM

device. Differences in morphologic features between normal squamous epithelium, LSIL, and

HSIL were clearly visualized by the compact sLSM device. The preliminary results indicate
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that the compact sLSM probe might be promising for imaging epithelial cellular features in

unstained human tissues ex vivo in a pathology lab or for directly imaging human patients

in vivo. Formalin-fixed anal tissues provided a negative nuclear contrast (nuclei were dark).

This is contrary to fresh anal biopsy tissues stained with low-concentration acetic acid, where

sLSM images exhibited bright cell nuclei [113]. While the negative nuclear contrast made

sLSM imaging of fixed tissues more challenging than fresh tissues, fixed tissues were used for

comparing the compact sLSM probe to the bench sLSM device, because the cellular features

were fixed and did not degrade over time.

Several limitations were found in the compact sLSM probe. The measured resolution

of the custom objective lens was slightly worse than the theoretical one. This discrepancy

was mainly caused by the manufacturing and alignment errors. Additionally, there was a

difference between the PSF FWHM of the custom objective lens alone (1.65-1.97 µm) and

the LSF FWHM of the whole probe (1.90 µm). Broadening of the LSF might have been

caused by the side lobes in the objective lens PSF. Further desensitization of the objective

lens during the design process and more accurate alignment might reduce the measured PSF

FWHM and reduce the side lobes.

Over the imaging depth of 100-200 µm, cellular features were readily visible. While this

imaging depth is significantly smaller than the imaging depth of OCT, it is likely adequate

for visualizing nuclear changes associated with squamous intraepithelial lesions, as shown in

the sLSM images of the fixed anal tissues in this paper, the sLSM images of fresh anal biopsy

tissues [113], and confocal microscopy images of cervical squamous intraepithelial lesions [37,

38]. However, tissue structures in deeper tissue regions such as tumor nests might be helpful

in determining the tumor invasion. In a future sLSM probe, a longer wavelength can be
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coupled into the illumination fiber along with 638 nm used in this paper to provide a larger

imaging depth albeit the reduced resolution [106].

The image contrast was slightly degraded in the imaged obtained with the compact

sLSM probe when compared with those obtained with the bench sLSM device. The contrast

degradation might have been caused by stray light. Although we used a stainless-steel washer

in the custom objective lens to block the stray light, there were two limitations: the washer

did not completely cover the distal flange of the bi-concave lens due to the size error of the

washer, and the washer was not blackened and was highly reflective. An example showing

the stray light issue is the bright signals observed on the lines at group 4, element 2 of

the USAF target image (Fig. 5.5(a)). More careful control of stray light during the design

process, and use of better light-blocking material for the washer might mitigate this issue in

future development.

The size of probe would need to be miniaturized for certain clinical applications such

as imaging of anatomically hidden areas (e.g., anal canal, cervix). The size of the current

sLSM probe was mainly limited by the size of the CMOS sensor. By replacing the current

sensor with a sensor in a more compact packaging, the dimension of the probe can be further

reduced. Additionally, a custom objective lens with a similar NA but with a shorter focal

length can be used to reduce the probe size, albeit the small FOV.

The compact sLSM probe in this paper was evaluated to capture scattering signals.

However, there are no fundamental limitations in using the compact sLSM probe for fluo-

rescence imaging. It would be of interest to implement an illumination scheme of using two

different spectral bands (one for fluorescence excitation and the other for scattering) and an
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emission filter in the detection optics, which could provide both fluorescence and scattering

images with a compact LSM probe.
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Chapter 6

Conclusion

6.1 Summary

This dissertation explored the potential of adapting scattering-based light sheet mi-

croscopy (sLSM) as an in vivo microscopy technology to enhance screening procedures for

anal cancer. Four studies were designed and executed to provide the necessary groundwork

for introducing sLSM into clinical practice: 1) investigation of the optimal wavelength for

imaging anal tissues with sLSM using a multi-wavelength bench sLSM setup; 2) design and

development of a method to reduce speckle and shadow artifacts in sLSM, as well as the

evaluation of a bench sLSM setup based on this method; 3) assessment of the ex vivo imag-

ing capabilities of sLSM on fresh human anal biopsies and investigation into the diagnostic

accuracy for identifying precancerous conditions; 4) development of a compact, handheld

sLSM probe and demonstration of its capability for ex vivo imaging of human anal tissues.

Chapter 2 concentrated on optimizing the imaging wavelength for sLSM. A multi-

wavelength bench setup that facilitates this investigation was created. Ex vivo imaging

of formalin-fixed human anal tissues at different wavelengths was conducted and analyzed,

finding that approximately 600 nm is well-suited for balancing imaging depth and cellular

contrast necessary for visualizing cellular morphological features indicative of anal diseases.
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This study helped set the parameter for future development of clinically-viable sLSM de-

vices. In addition, a custom resolution target was designed and developed to facilitate the

optical performance measurement of sLSM.

Chapter 3 introduced a method to mitigate speckle noise and shadow artifacts in sLSM

imaging. The presence of these artifacts complicates the visualization of cellular details. A

bench sLSM setup employing an LED, slit, and rectangular aperture for light sheet illumi-

nation was developed, which significantly reduced the speckle noise (by 72%) and shadow

artifacts, thus enhancing the clarity for observing cellular details.

Chapter 4 presented a pilot study on imaging fresh human anal tissues with the bench

sLSM and evaluating the diagnostic accuracy using sLSM images. It was demonstrated that

sLSM can replicate the diagnostic features of squamous dysplasia in fresh anal biopsies that

were previously observed in the H&E images. This study not only validates sLSM as a

potential tool for imaging cellular features associated with the anal disease progression on

fresh human tissues, but also showed the diagnostic accuracy of anal dysplasia close to the

traditional histology methods, demonstrated the great potential for applying sLSM to guide

the anal cancer screening.

Finally, Chapter 5 focused on the development of a compact, handheld sLSM probe,

showing the feasibility of translating this technology from bench scale to handheld scale

without significant degradation of the imaging performance. A custom miniature objective

lens was designed to have high resolution, large FOV, and minimal field curvature. This

compact sLSM achieved similar imaging performance as the bench sLSM for ex vivo imaging

of formalin-fixed human anal tissues. While this probe is not yet small enough for direct

imaging of tissues within the human anal canal, we learned valuable lessons regarding the
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engineering challenges anticipated for future in vivo endoscopy development through the

development of this probe. Additionally, this probe may be employed in future pathology

studies to facilitate the volumetric imaging of large surgical tissues, potentially reducing the

need for extensive tissue preparation for histologic imaging [114].

6.2 Future Work

In the future, a sLSM endoscope will be developed for in vivo imaging of human anal

tissues in clinical settings. Developing a miniaturized LSM for cross-sectional view of the

human tissues requires thoughtful careful design considerations due to the two separated

optical paths involved. The efforts and thoughts we put into developing the compact sLSM

probe will guide the future development of the in vivo sLSM devices. At present, the

engineering considerations for miniaturizing LSMs as endoscope devices have not been widely

studied yet, especially for imaging human organs non-invasively. Only a few studies have

demonstrated the miniaturization of LSMs. Engelbrecht et al. reported a miniaturized

LSFM device using a cylindrical gradient-index (GRIN) lens and a right-angle microprism,

and evaluated its in vivo imaging capability on mouse brain. However, this device is invasive

because it requires the insertion of the microprism into the tissue for illumination, and it

collects en face images of the tissue, not cross-sectional views [115]. Roldan-varona et al.

reported a LSFM endoscopy device introduced the plane illumination with an annular mirror

at the endoscopy distal tip using an end-cap structure, and collected en face images of the

tissue with the central multimode fibers [116]. However, this method also provided en face

images instead of cross-sectional images. Additionally, it required tissues to be deformed

to fill the space of the endcap, and air gap due to the insufficient tissue deformation can
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reduce the illumination quality. Patel et al. reported a LSFM with a handheld (2.2 cm

in diameter) probe that can image tissues in vivo using auto-fluorescence signals and can

provide cross-sectional view of the tissue [114]. However, the size of the probe is still not

ideal for imaging human anal canal. In the future, an in vivo sLSM probe will be carefully

designed to better adapt to the applications in anal canal or other organs.

Another potential direction to improve the sLSM technology is the computer-aided

diagnosis. Artificial intelligence techniques could be used for sLSM image analysis and

disease classification. For example, convolutional neural networks (CNN) can help extract

the diagnostic features shown in sLSM images and conduct quantitative diagnosis with high

speed and potentially high accuracy. This could potentially lead to real-time diagnosis and

early treatment interventions. Additionally, through the learning process with vast amounts

of imaging data, CNN is also potential to extract subtle tissue morphology features that

might indicate early disease stages but are undetectabledifficult to detect by the human eye,

thus increasing the diagnostic accuracy. Additionally, the computer-aided diagnosis could

serve as a valuable tool for initial screenings, particularly in settings where direct access to

pathology expertise is limited.



Appendix A

Investigation of different wavelengths for sLSM

This section includes the published manuscript for evaluating different wavelengths for

sLSM. The publication can be found at the Optica Publishing Group. The full citation is

listed below.

Jingwei Zhao, Nachiket Kulkarni, Erika Dobo, Michelle J. Khan, Eric Yang, and Dongkyun

Kang, ”Investigation of different wavelengths for scattering-based light sheet microscopy,”

Biomed. Opt. Express 13, 3882-3892 (2022). https://doi.org/10.1364/BOE.459823
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Abstract: Scattering-based light sheet microscopy (sLSM) is a microscopy technique that can
visualize cellular morphologic details based on the scattering signal. While sLSM was previously
shown to image animal tissues ex vivo at a cellular resolution, the wavelength used was chosen
based on other in vivo microscopy technologies rather than through a comparison of the sLSM
imaging performance between different wavelengths. In this paper, we report the development
of a multi-wavelength sLSM setup that facilitates the investigation of different wavelengths for
sLSM imaging. Preliminary results of imaging human anal tissues ex vivo showed that the sLSM
setup allowed for comparisons of the cellular imaging performance at the same tissue location
between different wavelengths. Both the quantitative analysis of the image contrast and the visual
assessment by a pathologist showed that the imaging depth increased with wavelength, and the
imaging depth increase was most notable around 600 nm. The preliminary results showed that
the multi-wavelength sLSM setup could be useful in identifying the optimal wavelength for the
specific tissue type.

© 2022 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

In vivo microscopy allows for direct examination of disease-associated cellular morphologic
changes from the human tissue without removing the tissue from the patient [1]. Several in vivo
microscopy technologies have been translated into clinically-viable medical devices in various
clinical fields, including reflectance confocal microscopy in ophthalmology, dermatology, and
gastroenterology [2–4], and optical coherence tomography (OCT) in ophthalmology, cardiology,
and gastroenterology [5–7]. However, most of the existing in vivo microscopy technologies have
challenges in simultaneously achieving a high resolution and a large field of view (FOV). For
example, the commercial reflectance confocal microscopes for skin imaging have a high lateral
(1.25 µm) and axial resolution (5 µm) [8] thanks to the use of a high-numerical aperture (NA)
objective lens. But its FOV is limited to 500–750 µm [9,10], which poses challenges in imaging
the entire suspicious tissue region. On the other hand, OCT has a larger FOV, approximately
2–3 mm, but its resolution is around 10–20 µm, which is suitable for imaging architectural
features rather than cellular and sub-cellular features [11,12]. High-resolution, large-FOV OCT
technologies have been recently developed [13,14]. However, the use of an expensive broadband
coherent light source likely increases the device cost.

Light sheet microscopy (LSM) is a microscopy technique that became popular in basic life
science research [15,16]. LSM uses separate optical paths for illumination and detection, where
the lateral resolution is determined by the detection optics, and the axial resolution by both
the illumination and detection optics. Most of the previous LSM work was aimed to achieve
a sub-cellular resolution, < 1 µm [16]. If the requirement for the LSM axial resolution could
be relaxed to provide an axial resolution used for reflectance confocal microscopy, ∼5 µm, an
illumination optics with a low NA (< 0.1) could be used. The low illumination NA in turn could
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generate a light sheet over a relatively large depth range, hundreds of µm. If the requirement for
the lateral resolution of LSM could be relaxed to achieve a lateral resolution used for reflectance
confocal microscopy, 1-2 µm, a detection objective lens with a moderate NA, ∼ 0.3 could be
used. The moderate-NA objective lens in turn would provide a FOV of several mm, comparable
to a typical FOV of OCT.

Taking this approach of achieving a resolution comparable to the resolution of reflectance
confocal microscopy while providing a large FOV, we recently demonstrated scattering-based light
sheet microscopy (sLSM) of thick, unstained tissues [17]. sLSM detects scattered light signals
generated by the refractive index difference between certain sub-cellular/cellular components
and their surroundings. In fact, the first LSM setup was based on scattering contrast [18], and
several groups successfully demonstrated sLSM imaging of plant roots [19], zebrafish embryos
and tumor spheroids [20], and fibroblasts [21]. In our previous experiment, sLSM was shown to
visualize cellular details of thick, unstained animal tissues ex vivo with a high resolution (1.8
µm and 6.7 µm for the lateral and axial resolution, respectively) over a large FOV (∼2.5 mm).
Another potential advantage of sLSM is that the device cost can be low due to the use of a
moderate-NA objective lens, an inexpensive light source such as a LED and superluminescent
diode, and a standard CMOS sensor rather than an expensive scientific CMOS sensor.

The previous sLSM setup used a near-infrared spectrum around 834 nm because of its common
use in reflectance confocal microscopy and OCT [22,23]. However, there is a need to investigate
the optimal wavelength for the specific tissue imaging application. For instance, a shorter
wavelength can be used to achieve the same resolution with a lower NA than a longer wavelength.
A low illumination NA can increase the light sheet length, and a low detection NA can make the
detection objective lens design easier [24]. On the other hand, a longer wavelength is scattered
less and therefore can provide a larger imaging depth [25,26]. An sLSM setup that can image the
same tissue location with several different wavelengths would facilitate the investigation of the
optimal wavelength for the specific tissue type. Such a multi-wavelength sLSM setup needs to be
carefully designed to allow for easy changes of the wavelength especially when each lens of the
sLSM setup has its own chromatic focal shift.

In this paper, we report the development of a multi-wavelength sLSM setup that facilitates the
investigation of different wavelengths for sLSM imaging. We also developed a custom resolution
target that enables easy, quantitative measurement of the lateral and axial resolution for each
wavelength as a function of imaging depth. Finally, we tested the sLSM setup for imaging
human tissues ex vivo with different wavelengths, and the imaging performance was evaluated
quantitatively with an edge contrast metric and visually by a pathologist.

2. Method

2.1. Multi-wavelength sLSM setup

The schematic of the multi-wavelength sLSM setup is shown in Fig. 1. In the illumination path,
light from a supercontinuum laser (SC-5, YSL Photonics; wavelength range= 470–2400 nm) was
coupled into a single-mode fiber (P3-630A-FC-1, Thorlabs; core diameter= 9.0 µm; NA= 0.1
- 0.14). Light from the other end of the fiber was collimated by an achromatic doublet (f= 40
mm). The collimated beam was filtered by a bandpass filter to generate a narrow spectral band
(full-width-half maximum, FWHM= 40 nm). Different bandpass filters were used to change
the center wavelength from 500 nm to 800 nm with a 100 nm interval. The illumination light
was further transmitted through a 3D-printed rectangular aperture and focused by a cylindrical
lens (f= 75 mm) and an objective lens (MRH07120, CFI60 Plan Fluor 10x, Nikon; f= 20 mm;
NA= 0.3; water immersion) to form a light sheet on the tissue. The width of the aperture along
the x-axis was 6.8 mm, which resulted in the light sheet width of 1.68 mm on the tissue. The
height of the aperture along the z-axis was adjusted for each wavelength to generate the light
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sheet thickness of 5 µm (e.g., the aperture height was 1.5 mm for 500 nm, and 1.8 mm for 600
nm). A uniform beam profile was assumed in this theoretical calculation.

Fig. 1. Schematic of the multi-wavelength sLSM setup.

The chromatic focal shift of the objective lens was experimentally measured, and the measured
chromatic focal shift was 38.4 µm for the spectral range of 500–800 nm. An apochromat objective
lens might provide a smaller chromatic focal shift than the current fluorite objective lens. But
apochromat, water-dipping objective lenses are not available with the long focal length used in
this paper, 20 mm, which is important in achieving a large FOV. The focal length of the objective
lens increased as a function of wavelength. If a collimation lens were selected without careful
consideration of its own chromatic focal shift, the overall chromatic focal shift could be increased,
making it challenging to make the light sheets of different wavelengths overlap with each other.
For instance, if an achromatic doublet designed for the visible and near-infrared spectra (49354,
Edmund) were used as the collimation lens, it would result in the overall chromatic focal shift of
102 µm. We evaluated several off-the-shelf achromatic doublets and triplets using OpticsStudio
(ZEMAX) to find the lens that best compensates for the chromatic focal shift of the objective
lens. The chosen achromatic doublet (AC254-040-C, Thorlabs) reduced the overall chromatic
focal shift to 24.6 µm.

In the detection path, scattered light from the tissue was collected by a second objective lens
(MRH07120, CFI60 Plan Fluor 10x, Nikon) and focused by a camera lens (f= 85 mm; F/2) onto
a monochromatic CMOS sensor (acA4024-29um, Basler; 4,024× 3,036 pixels; pixel size= 1.85
µm). A camera lens rather than a tube lens or achromatic doublet was used because tube lenses
typically have a long focal length (180-200 mm), which would generate an image larger than the
sensor’s active area, and camera lenses generally have a better correction for field curvature than
achromatic doublets with the same focal length. The detection optics had a magnification of 4.25,
resulting in the pixel size of 0.44 µm and the FOV of 1.75 mm× 1.32 mm on the tissue xy-plane.
The chromatic focal shift of the objective lens, 38.4 µm, was difficult to reduce to a level smaller
than the depth of focus (DOF) of the objective lens, 7.4–11.8 µm, using an off-the-shelf camera
lens. Therefore, when the wavelength was changed, the focus of the detection objective lens was
manually adjusted based on the image sharpness.

2.2. Custom resolution target

The lateral resolution can be measured by imaging standard resolution targets with sharp edges
(e.g., USAF resolution target), and the axial resolution can be measured by imaging a mirror.
This standard approach, however, requires changes of the specimen between the resolution target
and mirror. Microspheres can be used to measure both the lateral and axial resolution, but
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their distribution is not always uniform, and this approach requires acquisition of volumetric
image data with a precise translation of the specimen. When evaluating the multi-wavelength
sLSM setup, multiple resolution measurements are required at different depths and for different
wavelengths. We developed a custom resolution target (Fig. 2) that allows for direct measurement
of the lateral (x-axis) and axial (y-axis) resolution from a single sLSM image.

Fig. 2. Schematic of the custom resolution target and its use for measuring the lateral and
axial resolution of sLSM.

The custom resolution target was made of a periodic patten of thin reflective chrome lines
(width= 500 nm, period= 30 µm). The target was placed horizontally with the line length
parallel to the u-axis. Only a small portion of the target was illuminated by the light sheet, and
the illumination width was determined by the light sheet thickness or the axial resolution of
sLSM. The portion of the chrome lines within the illuminated region reflected light towards the
detection objective lens. The image of the custom resolution target visualized multiple partial
lines. The height of each partial line was mainly determined by the light sheet thickness or the
axial resolution of sLSM. The width of each partial line image was primarily determined by the
line-spread function or lateral resolution of the detection optics. Therefore, both the lateral and
axial resolution was measured from a single sLSM image at a given imaging depth. In order to
evaluate the resolution at a different depth, the resolution target was translated along the v-axis,
which in turn changed the location of the illuminated area on the resolution target. The width of
the line pattern, 500 nm, was chosen to keep the measurement error for the lateral resolution small.
Using Matlab (Mathworks), we conducted simulation of the measured resolution by convolving
the line-spread function of the detection optics with the width of the line pattern and calculating
the FWHM of the convolved profile. The simulation results showed that a 10-14% error was
expected when measuring the lateral resolution of 0.85 - 1.36 µm, the resolution expected for
0.3 NA and the wavelength of 500–800 nm. The period of the line pattern, 30 µm, was set
significantly larger than the line width so that the image of each line does not affect the image of
neighboring lines.

The custom resolution target was fabricated by photolithography and etching (Front Range
Photomask). The line pattern was made on a glass substrate (thickness= 1 mm) with a chrome
coating (optical density= 5). The line pattern width and etching process were iteratively optimized
to generate the target line width of 500 nm. The custom resolution target was examined by
scanning electron microscopy (Fig. 3(a)) and white light interferometry (Fig. 3(b)). The line
width measured by electron microscopy, ∼560 nm, closely matched the design width, 500 nm.
There was a broader dark area around the thin line in the electron microscopy image with a width
of ∼3 µm. The white light interferometry image (Fig. 3(b)) confirmed that the dark area on the
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electron microscopy image was not optically reflective, and the strong reflectance signal was
confined to the thin line region with a width of ∼560 nm.

Fig. 3. Images of the custom resolution target obtained with scanning electron microscopy
(A) and white light interferometry (B).

2.3. Performance test

The axial and lateral resolution was measured using the custom resolution target. Images of the
resolution target were acquired, while the resolution target was translated vertically (along the
v-axis) with a step size of 10 µm. In each image, the partial lines with a sufficient signal level
were analyzed to measure the axial and lateral resolution. When the wavelength was changed,
the detection objective focus was manually adjusted to match the detection focal plane to the
illumination light sheet.

Tissue imaging performance was evaluated by imaging formalin-fixed human anal tissues.
The ex vivo tissue imaging protocol was reviewed and approved by the Stanford Internal Review
Board. Index-matching gel (GenTeal Tears Gel, Alcon) was placed on the tissue surface, and
a transparent plastic film (material=fluorinated ethylene propylene; refractive index= 1.34;
thickness= 250 µm) was placed on the tissue surface. The tissue was then placed under the
sLSM setup, and additional index-matching gel was placed between the plastic film and the two
objective lenses. The tissue surface was located 80 µm above the illumination focal point of 800
nm along the y-axis so that the illumination DOF for 800 nm, +/- 80 µm, was used to image the
superficial region of the tissue. For each wavelength, twenty-five sLSM images were acquired,
while the tissue was translated along the u-axis with a step size of 10 µm. The exposure time of
the CMOS sensor was set as 1 second. The illumination power on the tissue was 0.19, 0.57, 0.91,
and 1.51 µW for 500, 600, 700, and 800 nm, respectively. The gain of the CMOS sensor was
adaptively adjusted to provide a similar intensity level for all wavelengths.

2.4. Imaging depth analysis

The imaging depth was evaluated by i) using an edge contrast metric and ii) visual assessment by
a pathologist. Since images of the squamous mucosa exhibited multiple layers of squamous cells
throughout the epithelium, these images were used for the imaging depth analysis. A flowchart
of the quantitative imaging depth analysis is shown in Fig. 4. Each image was convolved with a
Gaussian filter with sigma of 5 pixels to reduce the speckle noise while maintaining the image
contrast for epithelial cells. The Gaussian-filtered image was convolved with a Laplacian filter
with a kernel size of 1(x)× 21(y) pixels. The kernel size of 21 pixels was used because a typical
cell-to-cell distance was ∼9 µm or ∼20 pixels. The Laplacian filter was applied along the y-axis
to disregard the intensity variation along the x-axis caused by shadowing effects (bright particles
on the tissue surface reducing the intensity below). The Laplacian-filtered image was normalized
by a smoothed image generated by convolution of the Gaussian-filtered image with an ones vector
with a kernel size of 1(x)× 21(y) pixels. The resulting image visualized edges along the vertical
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direction. The edge-enhanced image was further divided into tall segments with a width of 100
pixels along the x-axis. For each segment, the edge contrast values were averaged along the
x-axis at each y coordinate, which generated a curve showing the edge contrast as a function
of depth. The contrast curve was fitted with an exponential decay function, e−y/α, with α being
the decay factor in the unit of µm. The average and standard deviation of the decay factor were
calculated for each wavelength.

Fig. 4. Flowchart of the quantitative imaging depth analysis.

Visual assessment of the imaging depth was performed by a pathologist (EY). Each sLSM
image was presented to the pathologist without any information about the wavelength used. For
each wavelength, five sLSM images obtained from different tissue locations were used for the
analysis. The images were presented to the pathologist in a random order for the wavelength and
tissue location. Before being presented to the pathologist, the speckle noise of sLSM images was
reduced by using a median filter in ImageJ (kernel radius= 2). Ten tick marks equally spaced
along the x-axis were imposed on the top of each sLSM image, and the pathologist marked the
deepest location where cellular details were observable at each tick marked x location. This
resulted in 50 locations examined for each wavelength. The average and standard deviation of the
visually-assessed imaging depth were calculated for each wavelength.

3. Results

3.1. Resolution measurement

The measured lateral and axial resolution for different wavelengths is shown in Fig. 5. The
measured lateral resolution (Fig. 5(a)) was 1.06 µm, 1.20 µm, 1.37 µm, and 1.58 µm, for 500
nm, 600nm, 700nm, and 800nm, respectively. The lateral resolution was better for shorter
wavelengths as expected. The difference between the measured and theoretical lateral resolution
was small, 0.18-0.22 µm. The plot for the measured axial resolution (Fig. 5(b)) shows that
the foci of the four wavelengths well coincide with each other. When the focus of the 800 nm
light sheet was used as the reference, the measured axial resolution for 800 nm was 6.09 µm
on average over the theoretical DOF of± 80 µm. The measured axial resolution was 5.04 µm,
5.55 µm, and 5.90 µm for 500 nm, 600 nm, and 700 nm over their respective theoretical DOF
(± 128 µm,± 107 µm, and± 91 µm). The measured axial resolution was slightly larger than the
target axial resolution, 5 µm, because of the dimensional errors in the 3D-printed apertures and
aberrations of the illumination optics.

3.2. Tissue imaging results

Figure 6 shows representative sLSM and histologic images of the anal squamous mucosa. The
sLSM images were processed for speckle noise reduction, by applying a gamma value of 0.7
and a median filter with a kernel radius of 2 pixels in ImageJ. In the superficial region of the
sLSM images (epithelium or EP in Figs. 6(a)-(d)), layers of stratified squamous epithelial cells
are visualized with hypo-reflective (dark) nuclei and hyper-reflective (bright) cytoplasm and cell
membranes in a regular honeycomb pattern. The cellular features visualized in the sLSM images
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Fig. 5. Theoretical and measured lateral resolution as a function of wavelength (A) and
measured axial resolution for different wavelengths as a function of y coordinate (B).

were similar to those shown in high-resolution (lateral resolution= 2 µm; axial resolution= 1 µm)
OCT images of the cervical epithelium [27], which is known to be histologically similar to the
anal epithelium. The cell-to-cell distance in the sLSM images (insets, Figs. 6(a)-(d)) was similar
to the distance shown in the histologic image of the same tissue (inset, Fig. 6(e)). Speckle noise
is more noticeable in the sLSM images obtained with longer wavelengths, because the same
spectral band of 40 nm was used for all the wavelengths, and the spectral averaging of the speckle
noise was less effective for longer wavelengths. In deeper regions (lamina propria or LP in
Figs. 6(a)-(d)), large and blurry hypo-reflective areas are noticed (arrows in Figs. 6(a)-(d)), which
appear to correspond to blood vessels shown in the histologic image (arrow in Fig. 6(e)). The
blood vessels were more easily observable in the sLSM images obtained with longer wavelengths.

Fig. 6. sLSM (A-D) and histologic image (E) of the human anal squamous mucosa. EP –
epithelium; LP – lamina propria; and arrows - blood vessel.



Research Article Vol. 13, No. 7 / 1 Jul 2022 / Biomedical Optics Express 3889

Figure 7 shows representative sLSM and histologic images of the anal columnar mucosa. The
columnar epithelium (EP) was visualized as a hypo-reflective layer in sLSM images (Figs. 7(a)-
(d)), which is consistent with the previous reflectance confocal microscopy studies of visualizing
goblet cells in the columnar epithelium as hypo-reflective voids [28,29]. Crypts (asterisks) were
visualized as dark openings in sLSM images. The junction between the epithelium and lamina
propria exhibited a strong signal (arrows in Fig. 7(a)-(d)) in sLSM images, probably due to the
light scattering by the basement membrane (arrow in Fig. 7(e)).

Fig. 7. sLSM (A-D) and histologic image (E) of the human anal columnar mucosa. asterisks
– crypts; and arrows - junctions between the epithelium and lamina propria.

3.3. Analysis of imaging depth

Representative image contrast curves as a function of imaging depth for different wavelengths
are shown in Fig. 8(a). The image contrast decreased as the imaging depth increased. Longer
wavelengths showed a slower decrease of the image contrast. The image contrast was higher for
longer wavelengths even in superficial imaging depths (left side of Fig. 8(a) curves). Multiply-
scattered photons in shorter wavelengths can increase the background signal even at a shallow
depth, which is noticeable as a reduced contrast between the hypo- and hyper- reflective regions
in Fig. 6(a). The decay factors for different wavelengths are shown in Fig. 8(b). The decay factor
increased as a function of wavelength, and the increase was most notable between 500 and 600
nm.

A representative sLSM image manually marked by the pathologist for the deepest imaging
depth is shown in Fig. 9(a). The imaging depth and the corresponding tissue surface are marked
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Fig. 8. Representative image contrast curves (A) and decay factors (B) for different
wavelengths.

with red dots. The visually-assessed imaging depth (Fig. 9(b)) showed a similar trend to the
quantitatively-calculated decay factor (Fig. 8(b)): the imaging depth increased as a function of
wavelength. The visual assessment also showed that an imaging depth of 165–208 µm is useable
for examining cellular details of the squamous epithelium.

Fig. 9. Representative sLSM image with red markings for the tissue surface and the deepest
tissue depth with visible cellular features (A) and visually-assessed imaging depths for
different wavelengths (B).

4. Discussion

In summary, we developed a multi-wavelength sLSM setup to evaluate the sLSM imaging
performance for different wavelengths. While we still needed to adjust the detection focus,
such adjustment was not needed for the illumination optics thanks to the careful selection of
the collimation lens. This facilitated imaging of the same tissue with different wavelengths,
and enabled reliable comparisons of different wavelengths. An expensive, supercontinuum
laser was used in the current sLSM setup because it delivered different wavelengths through a
small-core fiber. However, once the optimal wavelength is determined for the specific tissue
imaging application, a clinically-viable sLSM device can be developed using a much cheaper
light source such as an LED. A relatively long exposure time, 1 second, was used due to the low
illumination power, <1.5 µW. The exposure time can be significantly reduced in future sLSM
devices with a single spectral band by optimizing the illumination optics, which can enable
real-time imaging, as demonstrated in previous sLSM work [17].

One of the interesting findings was that cellular morphologic details can be visualized from
formalin-fixed tissues. This is helpful because the same tissue can be used over time to evaluate
different imaging conditions and modalities. Furthermore, there is an abundance of fixed tissue
with histopathologic abnormalities that are discarded in the pathology lab after clinical evaluation
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is complete. This is a rich source of tissue samples that are stable and readily available to the
broader scientific community for optical image analysis. However, there is a caveat: fixed tissues
might scatter differently than fresh tissues. A future study is needed for analyzing the scattering
signal and the visualized cellular details of tissues before and after formalin fixation.

In sLSM images of the columnar mucosa, details of the columnar epithelial cells were not well
visualized. This is because the homogenous internal structure of goblet cells did not generate
a strong scattering signal. sLSM can be still useful in differentiating between the squamous
mucosa and columnar mucosa, and in identifying the transformation zone.

Structures in the lamina propria such as blood vessels and crypts were visualized as hypo-
reflective voids. However, the details of these structures were not clear due to the increased light
sheet thickness and the resolution degradation at deeper tissue regions. While the capability to
discern hypo-reflective structures in the lamina propria even with a degraded resolution could be
potentially useful in identifying tumor nodules, its feasibility and utility need to be evaluated in
future studies.

Longer wavelengths provided a larger imaging depth based on both the quantitative image
contrast evaluation and the visual assessment by a pathologist. This is not surprising because
longer wavelengths experience less scattering. However, the amount of increase in the imaging
depth was most notable between 500 and 600 nm, and the increase was more moderate after
600 nm (Figs. 8 and 9). The visual assessment results show that 600 nm allows for the visualization
of cellular details up to a depth of ∼200 µm, which can be useful in evaluating epithelial cellular
morphologic changes in malignant diseases. Therefore, a wavelength around 600 nm can be used
for further development of a clinically-viable sLSM device. The use of 600 nm, rather than a
near-infrared wavelength around 800 nm, could either increase the light sheet length for the same
axial resolution or improve the axial resolution for the same light sheet length. However, further
studies will be needed for imaging fresh human tissues with different wavelengths to determine
the optimal wavelength for the specific application.
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Appendix B

Speckle and Shadow Artifacts Reduction Method

This section includes the conference paper about the speckle and shadow artifacts re-

duction method for sLSM. The publication can be found at the Optica Publishing Group.

The full citation is listed below.

J. Zhao, B. Liang, E. Dobo, M. J. Khan, E. Yang, and D. Kang, ”Speckle and Shadow

Artifacts Reduction in Scattering-Based Light Sheet Microscopy,” in Biophotonics Congress:

Optics in the Life Sciences 2023 (OMA, NTM, BODA, OMP, BRAIN), Technical Digest

Series (Optica Publishing Group, 2023), paper DTu2A.3.
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Abstract: Scattering-based light sheet microscopy (sLSM) using a laser had challenges with 

speckle noise and shadow artifacts. We developed an LED-based sLSM setup that significantly 

reduces speckle noise and shadow artifacts. © 2023 The Author(s)  

 

1. Introduction 

Scattering-based light sheet microscopy (sLSM) can conduct microscopy imaging of unstained tissues at high 

resolution (1-2 µm) over a large field-of-view (a few mm) [1]. However, the previous sLSM setup suffered from two 

issues, speckle noise and shadow artifacts, which can significantly degrade the image quality and make it 

challenging to appreciate cellular morphologic details. Speckle noise is caused by the random interference of 

scattered coherent light and manifested as high-contrast random granular patterns [2]. Shadow artifacts are dark 

stripes generated by bright particles attenuating the illumination power below the particle [3]. The previous sLSM 

setup generated the illumination light sheet by focusing collimated laser light with a cylindrical lens into a single 

line. The use of laser light with high spatial coherence caused noticeable speckle noise even when a relatively large 

bandwidth of 40 nm was used for sLSM. The previous illumination optics of using a cylindrical lens resulted in 

parallel illumination with a small angular divergence along the light sheet width direction, which made the shadow 

artifacts prominent [1]. In this paper, we present the development of an LED-based sLSM setup that reduces speckle 

noise and shadow artifacts. 

2. Methods 

The LED-based sLSM setup is shown in Fig.1a. Light from a high-power LED (center wavelength = 640 nm; 

bandwidth = 25 nm) was filtered by a slit (width = 5 μm; length = 3 mm). The illumination light sheet was generated 

by imaging the slit onto the sample by two objective lenses: 5x objective (f1 = 40 mm; NA = 0.15; dry) and 10x 

objective (f2 = 20 mm; NA = 0.3; water immersion), resulting in a magnification of 0.5. A 3D-printed aperture 

(length×width = 10 mm × 2.6 mm) was placed in front of the second objective lens to generate the desired light 

sheet thickness of ~5 μm. The LED had low spatial and temporal coherence, which produced low speckle noise. 

With this illumination method, each point of the tissue was illuminated with multiple angles in the xy-plane. 

Therefore, even when a bright particle is present in the tissue, it does not completely block the illumination light 

below the particle, which reduces the shadow artifacts. In the detection path (Fig. 1b), a second objective lens (f2 = 

20 mm; NA = 0.3; water immersion) collected the light scattered from the tissue. A camera lens (f = 85 mm; F/2) 

focused light onto a monochromatic CMOS sensor (acA4024-29um, Basler; 4,024×3,036 pixels; pixel size = 1.85 

μm). The resulting pixel size in the tissue space was 0.44 μm, and the field of view was 1.5 mm. 

 

Fig. 1. Schematic diagram of (A) the illumination optics and (B) the sLSM setup. 

We imaged formalin-fixed human anal tissues with the LED-based sLSM setup and the previous laser-based 

sLSM setup (center wavelength = 600 nm; bandwidth = 40 nm). [1]. A fluorinated ethylene propylene (FEP; 

DTu2A.3
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refractive index = 1.34) film was placed on top of the tissue to flatten the tissue surface. Index-matching gel 

(refractive index = 1.34) was used to fill the gaps between the objectives, the FEP film, and the tissue.  

3. Results  

Fig. 2 shows representative sLSM images of human anal tissue acquired with the previous laser-based sLSM 

setup [1] and the present LED-based sLSM setup. The speckle noise was significantly reduced in the image obtained 

with the LED-based sLSM setup (insets, Figs. 2a,b). Shadow artifacts were readily visible as dark, vertical stripes 

below the tissue surface in the image obtained with the laser-based sLSM setup (Fig. 2a) but were not noticeable in 

the image obtained with the LED-based sLSM system (Fig. 2b). As a result, the squamous epithelial cells were more 

clearly visualized with the characteristic honeycomb pattern in the image obtained with the LED-based sLSM setup. 

 

  
Fig. 2 Representative sLSM images of formalin-fixed human anal tissue acquired with (A) laser-based sLSM and (B) LED-based sLSM.  

4. Conclusion 

We developed an LED-based sLSM setup that reduces speckle noise and shadow artifacts. Preliminary images of 

formalin fixed human anal tissues showed that the LED-based sLSM setup significantly reduced speckle noise and 

shadow artifacts, making cellular features much easier to appreciate. In the future, we will build a low-cost, 

handheld sLSM device based on the LED-based sLSM approach. 

5. Acknowledgement 

Research reported in this publication was supported by the National Institute Of Biomedical Imaging And 

Bioengineering of the National Institutes of Health under Award Number R21EB030079. The content is solely the 

responsibility of the authors and does not necessarily represent the official views of the National Institutes of Health. 

The University of Arizona has a technology-licensing agreement with ArgosMD on the portable confocal 

microscopy technology. DK has the rights to receive royalties as a result of this licensing agreement. DK serves as a 

scientific advisor to ArgosMD. 

6. References 
 
[1] Jingwei Zhao, Nachiket Kulkarni, Erika Dobo, Michelle J. Khan, Eric Yang, and Dongkyun Kang, "Investigation of different wavelengths for 

scattering-based light sheet microscopy," Biomed. Opt. Express 13, 3882-3892 (2022) 

[2] J. W. Goodman, "Speckle Phenomena in Optics: Theory and Applications," in (2020). 
[3] P. Ricci, V. Gavryusev, C. Müllenbroich, L. Turrini, G. de Vito, L. Silvestri, G. Sancataldo, and F. S. Pavone, "Removing striping artifacts in 

light-sheet fluorescence microscopy: a review," Prog. Biophys. Mol. Biol. 168, 52–65 (2022). 

DTu2A.3
Optica Biophotonics Congress: Optics in the Life Sciences 

2023  (BODA, BRAIN, NTM, OMA, OMP) © Optica Publishing Group 
2023



Appendix C

Custom sLSM Probe

Details of the custom objective lens are presented in this section, including the lens

prescription, tolerance analysis data, and other performance metrics. The result of human

finger tissue imaging in vivo with the sLSM probe is also presented to demonstrate the in

vivo imaging capability.

The MTF plot of the custom objective lens is shown in Fig. C.1 (a). The through-focus

spot diagram of the custom objective lens within the light sheet thickness range is shown in

Fig. C.1(b).

The tolerance analysis was conducted based on the lens manufacturing capability of

Diverse Optics (as shown in C.3) and the 3D-printed holder error (0.05mm). Two 3D-

printed holders, designed for aligning the custom objective lens, were tightly fitted with the

lens and had a smooth fit with each other. Two compensators are the lens-to-lens distance

and the working distance.

The in vivo imaging capability of the probe was tested on the fingerprint area of the

fifth metacarpal of a human subject. The finger was directly put under the sLSM probe with

immersion medium filling the gap between the finger and the sLSM. As shown in Fig. C.3,
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keratinized epidermal cells are shown on the left half of the image, and the helical patterns

of sweat glands are clearly visible indicated by the yellow dotted regions.

Table C.1: Custom objective lens prescription (part 1)

Surf Type Radius Thickness
Glass Clear Semi-Diam Mech Semi-Diam

OBJ STANDARD Inf Inf
Inf Inf

STOP STANDARD INF 0
3.68 3.68

2 EVEN ASPHERE 5.10 5.00
PMMA 4.0 4.0

3 STANDARD 86.8 3.00
3.10 4.0

4 EVEN ASPHERE -11.5 2.86
PMMA 2.3 2.3

5 STANDARD 4.67 5.17
WATER 1.54 2.3

IMG STANDARD Inf
WATER 1.02 2.3
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Table C.2: Custom objective lens prescription (part 2)

Surf Type Conic 4th Order
6th Order 8th Orderm

2 EVEN ASPHERE -2.62 2.17e-3
-3.13e-5 1.03e-6

4 EVEN ASPHERE -3.53 -4.65e-3
7.55e-5 -2.15e-5

Figure C.1: Custom objective lens performance: (a) MTF vs. spatial frequency. The cutoff
frequency is set at the Nyquist frequency determined by the CMOS sensor, 588 cycles/mm; (b)
Spot diagram for each field. Black circle: Airy disk.

.
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Table C.3: Diverse Optics tolerance table

Parameter Error (Precision)

Polymer quality (Nd) > ± 0.001

Radius > ± 0.1%

Diameter (mm) > + 0.000 / - 0.025

Irregularities for 25 mm diameter max (fringes) > 0.5

Centering (arc min) > 1

Table C.4: Custom objective lens tolerance yield

Yield RMS wavefront error

98% > 0.120

90% > 0.093

80% > 0.073

50% > 0.042

20% > 0.021

10% > 0.016

2% > 0.012
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Figure C.2: Custom objective lens tolerance analysis setting

.

Figure C.3: sLSM images of human finger tissues. Circles: sweat glands with helical pattern.

.



Appendix D

Other Projects

This section includes the published manuscripts for two other projects I involved in

during my PhD program: 1) Deep learning-based denoising in high-speed portable reflectance

confocal microscopy, and 2) Handheld cross-polarised microscope for imaging individual

pigmented cells in human skin in vivo. The abstract of each manuscript is presented below:

(1) Deep learning-based denoising in high-speed portable reflectance confocal microscopy

Portable confocal microscopy (PCM) is a low-cost RCM technique that can visualize

cellular details of human skin in vivo. When PCM images are acquired with a short exposure

time to reduce motion blur and enable real-time 3D imaging, the signal-to-noise ratio (SNR)

is decreased significantly, which poses challenges in reliably analyzing cellular features. In

this paper, we evaluated deep learning (DL)-based approach for reducing noise in PCM

images acquired with a short exposure time. Results from the quantitative and qualitative

evaluations showed that the DL-based approach significantly reduced noise presented in

input images. The DL-based approach provided better denoising performance than non-DL

filtering methods.
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(2) Handheld cross-polarised microscope for imaging individual pigmented cells in hu-

man skin in vivo

We present the development of a simple, handheld cross-polarised microscope(CPM) and

demonstration of imaging individual pigmented cells in human skin in vivo. In the CPM

device, the cross-polarised detection approach is used to reduce the specular reflection from

the skin surface and preferentially detect multiply-scattered light. The multiply-scattered

light works as back illumination from within the tissue towards the skin surface, and super-

ficial pigment such as intraepidermal melanin absorbs some spectral bands of the multiply-

scattered light and cast coloured shadows. Since the light that interacted with the superficial

pigment only needs to travel a short distance before it exits the skin surface, microscopic

details of the pigment can be preserved. The CPM device uses a water-immersion objective

lens with a high numerical aperture to image the microscopic details with minimal spherical

aberrations and a small depth of focus. Preliminary results from a pilot study of imaging

skin lesions in vivo showed that the CPM device could reveal three-dimensional distribu-

tion of pigmented cells and intracellular distribution of pigment. Co-registered CPM and

reflectance confocal microscopy images showed good correspondence between dark, brown

cells in CPM images and bright, melanin-containing cells in reflectance confocal microscopy

images.
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Deep Learning‐Based Denoising in High‐Speed Portable
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Background and Objective: Portable confocal micro-
scopy (PCM) is a low‐cost reflectance confocal microscopy
technique that can visualize cellular details of human
skin in vivo. When PCM images are acquired with a short
exposure time to reduce motion blur and enable real‐time
3D imaging, the signal‐to‐noise ratio (SNR) is decreased
significantly, which poses challenges in reliably analyzing
cellular features. In this paper, we evaluated deep
learning (DL)‐based approach for reducing noise in PCM
images acquired with a short exposure time.
Study Design/Materials and Methods: Content‐aware
image restoration (CARE) network was trained with pairs
of low‐SNR input and high‐SNR ground truth PCM im-
ages obtained from 309 distinctive regions of interest
(ROIs). Low‐SNR input images were acquired from
human skin in vivo at the imaging speed of 180 frames/
second. The high‐SNR ground truth images were gen-
erated by registering 30 low‐SNR input images obtained
from the same ROI and summing them. The CARE net-
work was trained using the Google Colaboratory Pro
platform. The denoising performance of the trained CARE
network was quantitatively and qualitatively evaluated
by using image pairs from 45 unseen ROIs.
Results: CARE denoising improved the image quality
significantly, increasing similarity with the ground truth
image by 1.9 times, reducing noise by 2.35 times, and
increasing SNR by 7.4 dB. Banding noise, prominent in
input images, was significantly reduced in CARE
denoised images. CARE denoising provided quantitatively
and qualitatively better noise reduction than non‐DL fil-
tering methods. Qualitative image assessment by three
confocal readers showed that CARE denoised images ex-
hibited negligible noise more often than input images and
non‐DL filtered images.
Conclusions: Results showed the potential of using a
DL‐based method for denoising PCM images obtained at a
high imaging speed. The DL‐based denoising method
needs to be further trained and tested for PCM images
obtained from disease‐suspicious skin lesions. Lasers
Surg. Med. © 2021 Wiley Periodicals LLC

Key words: reflectance confocal microscopy (RCM);

portable confocal microscopy (PCM); deep learning (DL);
content‐aware image restoration (CARE); image
denoising

INTRODUCTION

Reflectance confocal microscopy (RCM) is an optical mi-
croscopy method that can non‐invasively examine cellular
details of human skin [1,2]. Through numerous clinical
studies, RCM was shown to provide high diagnostic accu-
racy for the most common skin cancers. Recently, RCM was
granted common procedural technology (CPT) reimburse-
ment codes [3]. RCM has also been shown promising in
imaging cellular details of other organs, such as oral cavity
and esophagus [4,5]. Widespread clinical adoption of RCM,
however, has been hampered partly by the high cost of the
commercial RCM devices (~$100,000).

Recently, we have developed low‐cost (material cost=
~$5,000), portable confocal microscopy (PCM) devices
[6,7], and demonstrated confocal imaging of human skin
in vivo [8]. PCM employs a broadband LED source and
diffraction gratings to acquire two‐dimensional confocal
images without laser beam scanning [6]. PCM obviates
the need for expensive optoelectrical components used in
conventional RCM devices (e.g., high‐speed beam scan-
ners, fast data acquisition unit) but uses a consumer‐
grade CMOS sensor to acquire confocal images.
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The imaging speed of PCM can be made high since it is
primarily determined by the speed of the CMOS sensor
rather than by the mechanical bandwidth of beam scanners
as in conventional RCM. High imaging speed is desirable for
PCM to reduce motion blur and enable real‐time 3D imaging.
However, PCM images obtained at a high imaging speed are
prone to a low signal‐to‐noise ratio (SNR) since the corre-
sponding short exposure time reduces the signal level.
One possible approach to enable high‐speed, high‐SNR

PCM imaging is to first acquire images with low SNR and
then improve SNR computationally. Recently, deep
learning (DL)‐based methods have been developed to im-
prove SNR in microscopy images. One such DL‐based
method is content‐aware image restoration (CARE) [9].
CARE was previously used for denoising fluorescence
microscopy images acquired with a short exposure
time and outperformed several commonly used, non‐DL
filtering methods [10–12]. CARE, however, is a supervised
learning method and requires pairs of low‐SNR input and
high‐SNR ground truth images obtained from the same
region of interest (ROI). Noise2noise is another DL‐based
method that does not require high‐SNR ground truth
images but uses pairs of two different low‐SNR images
obtained from the same ROI [13]. Noise2void takes this
approach one step further to just use a single low‐SNR
image for each ROI [14]. However, when pairs of low‐ and
high‐SNR images are obtainable, supervised learning
methods, such as CARE, provide better denoising per-
formance than noise2noise or noise2void [14].
In this paper, we evaluated the feasibility of using the

CARE denoising approach on PCM images obtained with
a short exposure time. We developed a method for gen-
erating pairs of a low‐SNR input image and a high‐SNR
ground truth image of human skin in vivo. The CARE
network was trained and evaluated quantitatively and
qualitatively. Denoising performance of CARE was com-
pared with that of non‐DL filtering methods. CARE
denoised images were qualitatively evaluated by confocal
readers.

MATERIALS AND METHODS

High‐Speed PCM Image Data Collection

Details of the PCM device were previously presented [7].
Briefly, the PCM device used an LED (central wavelength

of 820 nm; bandwidth= 40 nm) and a water‐immersion
objective lens (×40; numerical aperture= 0.8). Two‐
dimensional confocal images were captured by a high‐
speed CMOS sensor (1280× 1024 pixels; pixel size=
4.8 µm). Image data were transferred to a laptop (Surface
Book; Microsoft) via a USB 3.0 cable. Illumination power
on the tissue was 0.16mW, and the measured resolution
was 1.6 and 6.0 µm along the lateral and axial directions,
respectively.

Confocal images were collected from normal human
skin in vivo (Fig. 1). A custom 3D‐printed cap was placed
on the objective lens and filled with an index‐matching
gel. A transparent plastic disk (thickness= 250 µm) was
attached to the distal end of the 3D‐printed cap. A drop of
water was placed on the skin, and the PCM device was
gently placed on the skin. Dimensions of the 3D‐printed
cap were designed in such a way that the PCM imaging
plane was located around the dermal‐epidermal junction
(DEJ) when the PCM device was gently placed on the
skin. The imaging depth was adjusted by changing the
pressure on the skin.

The exposure time of the CMOS sensor was set as 5.4
milliseconds. Corresponding imaging speed was 180
frames/second, which was the maximum speed of the
CMOS sensor when10‐bit digitization was used. One out
of every six acquired images was displayed at the rate of
30 frames/second using a custom LabVIEW code. A set of
30 PCM images was acquired from each ROI while the
PCM device was held stationary on the skin. Each image
set was saved as an AVI file in the Y800 uncompressed
grayscale format. A total of 354 image sets were acquired
from distinctive ROIs from a single subject with lightly
pigmented skin (Fitzpatrick's phototype III). A similar
number of image sets were acquired from the three su-
perficial skin layers, 123 sets from the epidermis, 133
from the DEJ, and 98 from the dermis.

Ground Truth Image Generation

Training of the CARE network required numerous
pairs of a low‐SNR input image and a high‐SNR ground
truth image. The high‐SNR, ground truth image for
each ROI was generated by summing 30 low‐SNR PCM
images obtained from the same ROI. While efforts were
made to hold the PCM device stationary on the skin,

Fig. 1. Schematic of PCM imaging of human skin in vivo. PCM, portable confocal microscopy
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there still was a microscopic drift of the PCM device.
The 30 PCM images were spatially registered by using
an intensity‐based registration method (imregister
function, Matlab). The first image was used as the
reference image, and translation was used as the
transformation method. The root‐mean‐square (RMS)
value of spatial drifts between 30 low‐SNR images was
calculated. The spatial drift RMS value ranged from
0.05 to 4.45 µm with an average of 1.22 µm and a
standard deviation of 0.73 µm.
Figure 2 shows representative low‐SNR PCM images

and corresponding high‐SNR ground truth images. The
low‐SNR PCM images exhibited noticeable banding noise

(arrows, top right). Banding noise had a random magni-
tude and spatial distribution in each low‐SNR image,
which made it challenging to remove banding noise using
a traditional filtering method. In the ground truth image
(left bottom), banding noise was significantly reduced.
We compared the ground truth image to a summation
image without the image registration step (right bottom).
While the no‐registration, summation image also sig-
nificantly reduced banding noise, cellular details were not
as sharp as those shown in the ground truth image
(insets). The low‐SNR images after the spatial registra-
tion and high‐SNR ground truth images were cropped to
an image size of 896 × 600 pixels (430 × 288 µm), where
cellular features were readily observable in ground truth
images. All images were saved in the TIFF format without
any image compression.

CARE Network Training

We have selected the CARE network for denoising PCM
images based on its successful demonstration of denoising
fluorescence microscopy images [9] and images obtained
by other microscopy modalities [15,16]. The CARE archi-
tecture is based on u‐Net [17], where symmetric encoding
and decoding layers are used in conjunction with skip
connections. In CARE, the network predicts intensity
probability function for each pixel as a Laplace dis-
tribution, and the location parameter of the Laplace dis-
tribution is used as the pixel intensity value in the
denoised image [9]. Particular CARE network structure
used for PCM denoising is shown in Figure 3. The initial
number of features was set as 32, encoding depth 3, and
convolution kernel size 5 × 5. We utilized the Google Co-
laboratory implementation of the CARE network,
ZeroCostDL4Mic [18]. Python 3.6 was used for the net-
work training along with the Tensorflow 1.15.2 platform
and Keras 2.1.2 library. Pairs of low‐SNR input images

Fig. 2. Schematic of generating the high‐SNR, ground truth image.
Arrows—banding noise present on the raw image. SNR, signal‐to‐
noise ratio

Fig. 3. CARE network structure trained for PCM denoising. CARE, content‐aware image
restoration; PCM, portable confocal microscopy.
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and high‐SNR ground truth images from 309 ROIs were
used to train the network. Among the 309 ROIs, 108 were
from the epidermis, 118 from the DEJ, and 83 from the
dermis.
The training condition was set as follows: patch size

=80× 80 pixels, number of patches= 77 per image, batch
size=8, number of steps per epoch= 400, number of ep-
ochs=150, and initial learning rate=0.0004. The learning
rate was adjusted with a multiplication factor of 0.5 and
patience of 10 epochs. 90% of the training set was used for
training, and the remaining 10% was excluded from training
and used to calculate the validation loss. The validation set
was generated based on random sampling at the beginning of
the training. For an exemplary training condition of using
one low‐SNR image per each of the 309 ROIs, a total of
23,793 image patch pairs were generated, and 21,414 patch
pairs were used for training, and 2,379 for validation. Each
patch was generated by random cropping of the image and
normalized based on the intensity histogram. During nor-
malization, reference percentiles for low and high intensities
were randomly selected from uniform distributions of 1 to 3%
and 99.5 to 99.9%, respectively. We initially trained the net-
work with a large number of steps per epoch to expose the
CARE network to the entire training set during each epoch.
However, this approach frequently resulted in overfitting,
where the validation loss became significantly larger than
the training loss. We iteratively adjusted the number of steps
per epoch and found that 400 provided similarly low loss
values for the training and validation sets.
In the first set of network training, we trained the

network with only one low‐SNR image for each ROI,
which resulted in 309 image pairs. As mentioned pre-
viously, 30 low‐SNR images were acquired for each ROI.
These 30 images exhibited different noise patterns but
shared the same ground truth image. Using all 30 low‐
SNR images from each ROI might provide better training
results than using just one low‐SNR image. However, due
to the limit on the available memory of the Google Cola-
boratory Pro platform, 25 GB, up to 10 low‐SNR images
for each of the 309 ROIs were reliably mountable. In the
second set of network training, we used 10 image pairs for
each ROI, resulting in 3090 image pairs. The 10 low‐SNR
images were composed of the first low‐SNR image that

was used as the reference image during the image regis-
tration and 9 subsequent low‐SNR images that were
spatially registered to the first low‐SNR image. The 10
image pairs shared the same ground truth image. For
each of the two training conditions (1 image pair/ROI and
10 image pairs/ROI), we trained 5 models with different
random starting weights to evaluate the performance
variation between the trained models.

Denoising Performance Evaluation

Denoising performance was evaluated by using image
pairs obtained from 45 ROIs that were not used during
training or validation. Among the 45 ROIs in the test set,
15 ROIs were from the epidermis, 15 from the DEJ, and
15 from the dermis. Each ROI contained 30 low‐SNR
input images, among which the first image was used as
the reference image, and the remaining 29 images were
spatially registered to the first image. One ground truth
image was generated by summing the 30 spatially regis-
tered images and was used in pair with all 30 spatially
registered, low‐SNR images. This resulted in a total of
1350 image pairs for the test set. A CARE denoised image
was generated for each low‐SNR input image. Standard
image quality metrics were calculated for the input versus
ground truth images and for the CARE denoised vs.
ground truth images. Before calculating the image quality
metrics, the ground truth image was normalized based on
the 0.1% and 99.9% values of the intensity histogram. The
input and CARE denoised images were then normalized
respectively to produce the least amount of mean squared
error (MSE) with the ground truth image. Structural
similarity (SSIM) maps were generated [19], and the
mean value of each SSIM map (mSSIM) was calculated.
Normalized root mean squared error (NRMSE) and peak
signal‐to‐noise ratio (PSNR) were also calculated. For
each CARE network model, the three image quality met-
rics (mSSIM, NRMSE, and PSNR) were evaluated for the
1350 image pairs, and the average value of each quality
metric was calculated.

Once the network model with the best denoising per-
formance was determined, the network was also eval-
uated for denoising images obtained from a subject with
darkly pigmented skin (phototype V) and images from the

Fig. 4. Training and validation loss curves for 10 different models.
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lower lip, which exhibited different cellular features from
the skin. Thirty distinctive ROIs were imaged for the
darkly pigmented skin, and 8 distinctive ROIs for the
lower lip. Each ROI contained 30 image pairs, and im-
provements in the three image quality metrics (mSSIM,
NRMSE, and PSNR) were calculated for each image pair.

Comparison With Non‐DL Filtering Methods

We compared the CARE denoising performance to some
of the widely used, non‐DL filtering methods, such as
median filter [12], Kuan filter [20], Lee filter [21], Fourier‐
domain filter, non‐local‐mean filter [11], and BM3D [10].
The non‐DL methods were implemented and evaluated on
the Matlab platform with Intel i7‐6560u CPU. For each
non‐DL method, we iteratively adjusted the filtering pa-
rameters, and the parameters that provided good
denoising results (i.e., large mSSIM, small NRMSE, large
PSNR) were determined. In the Fourier‐domain filter,
frequency components within two narrow rectangular
regions were blocked. Blocking regions were centered on
the vertical axis with zero horizontal spatial frequency,
and were mirror‐symmetric to each other around the zero
spatial frequency point. Blocked spatial frequency band-
width along the vertical axis was iteratively optimized to
reduce banding noise while minimizing image feature
distortion. Low‐SNR input images after the spatial reg-
istration were used to generate filtered images and cal-
culate the image quality metrics. Denoising performance
was quantitatively and qualitatively compared among
non‐DL methods, and the non‐DL method that provided
the best denoising performance was identified. Time
taken for CARE denoising was measured using the
Python platform on a consumer‐grade laptop with
the GeForce RTX 2070 GPU.

Qualitative Evaluation by Confocal Readers

Finally, denoising performance was qualitatively eval-
uated by three confocal readers. Two readers had over
5 years of experience of reading confocal images, and one
reader less than 1 year of experience. Four categories of
images (low‐SNR input, CARE denoised, non‐DL filtered,
high‐SNR ground truth) from the 45 ROIs in the test set
were evaluated, resulting in a total of 180 images. One
image was presented at a time without any information
about the image category. The order of image presentation
was randomized for both the ROI and image category. The
reader was asked to evaluate the cellular features ob-
served and the perceived noise level. For evaluation of
cellular features, presence of (i) honeycomb pattern of
keratinocytes, (ii) cobblestone pattern of melanocytes or
melanin‐containing basal cells, (iii) dermal papillae, and/
or (iv) collagen was recorded. The features identified in
each of the input, CARE denoised, and non‐DL filtered
images were compared to the features identified in the
ground truth image. For evaluation of perceived noise
level, three categories were used: (i) severe noise is
present, making it challenging to appreciate cellular fea-
tures, (ii) moderate noise is noticed, but cellular features
are still observable, and (iii) negligible noise.T
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RESULTS

Training Results

The training and validation loss results are summar-
ized in Figure 4 and Table 1. For all models, the training
loss (dotted line) and validation loss (solid line) converged
to a similar value. The models that were trained with 10
image pairs/ROI (Models 2.1–2.5, blue lines in Fig. 4)
generated smaller validation loss values than those by the
models trained with 1 image pair/ROI (Models 1.1–1.5,

red lines in Fig. 4). Even though both training conditions
used the same number of ROIs, Models 2.1–2.5 were
trained with 10 times greater number of noise patterns
than Models 1.1–1.5. The increased number of noise pat-
terns used during training might have helped Models
2.1–2.5 perform better on removing previously unseen
noise patterns in the validation set. Training time varied
greatly, from 35minutes to 2 hours, depending on the
GPU resource available in the Google Colaboratory plat-
form at the time of training.

Fig. 5. Representative low‐SNR input (A, D, G), CARE denoised (B, E, H), and high‐SNR ground
truth images (C, F, I). Arrows—keratinocytes; arrowheads—melanocytes or melanin‐containing
basal cells; asterisks—dermal papillae. CARE, content‐aware image restoration; SNR, signal‐to‐
noise ratio

Fig. 6. Comparison of the image quality metrics between the input vs. ground truth pair and
CARE denoised versus ground truth pair. (A) mean structural similarity (mSSIM).
(B) normalized root mean squared error (NRMSE). (C) peak signal‐to‐noise ratio (PSNR).
CARE, content‐aware image restoration
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Denoising Performance

Results for evaluating denoising performance are also
summarized in Table 1. In addition to the quantitative
comparison between models, we qualitatively examined
perceived noise in CARE denoised images. In general,
models with higher PSNR values provided more reduction
of banding noise. Model 2.4 achieved the highest PSNR
value, and also generated CARE denoised images with the
least amount of perceived banding noise. Therefore,
Model 2.4 was chosen for further analysis.
Representative low‐SNR input, CARE denoised, and

high‐SNR ground truth images are shown in Figure 5.
The input images (Fig. 5A, D, and G) showed noticeable
banding noise. In the CARE denoised images (Fig. 5B, E,
and H), banding noise was significantly reduced and was
not readily visible. In the epidermis images (Fig. 5A, B,
and C), keratinocytes were well visualized with the
characteristic honeycomb pattern (arrows). In the CARE
denoised image (Fig. 5B), a reduction of salt‐and‐pepper
noise was noticed when compared to the input image
(Fig. 5A). In the DEJ images (Fig. 5D, E, and F), mela-
nocytes or melanin‐containing basal cells were vi-
sualized as bright dots (arrowheads), and dermal pap-
illae were shown as dark openings (asterisks). In dermis
images (Fig. 5G, H, and I), the linear structure of the
collagen or elastin fiber was well observed in all three
images.

Limitations in CARE denoised were also noticed. Cell
borders in the CARE denoised image (Fig. 5B) appeared
smoother than those shown in the input image (Fig. 5A)
and ground truth image (Fig. 5C). When the signal from
the melanin was weak in the input image (yellow arrow-
head, Fig. 5D), the CARE denoised image (Fig. 5E) had a
difficulty in visualizing melanin with as high contrast as
the ground truth image (Fig. 5F).

Image quality metrics were compared between the
input vs. ground truth pair (horizontal axes in Fig. 6)
and the CARE denoised vs. ground truth pair (vertical
axes). For all three image quality metrics, the CARE
denoised images achieved better performance: higher
similarities (Fig. 6A), smaller errors (Fig. 6B), and
higher SNR (Fig. 6C). In Figure 6A, CARE denoised
mSSIM was increased by 1.9 times when compared to
input mSSIM. The mSSIM improvement was higher
for the dermis (blue), 2.10 times than for the epidermis
(red) and DEJ (green), 1.85 and 1.87, respectively.
Input mSSIM was determined in large part by noise in
the input image, while CARE denoised mSSIM was
affected primarily by residual errors in restoring cel-
lular details. In dermis images, collagen or elastin fi-
bers exhibited less fine details than the cellular
structures in the DEJ and epidermis images. There-
fore, similarity might have been degraded less in
CARE denoised images of the dermis.

Fig. 7. Intra‐ROI variations of the image quality metrics (A, B, C) and representative input and
CARE denoised images (D). CARE, content‐aware image restoration; ROI, region of interest.
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In Figure 6B, CARE denoised NRMSE was reduced
proportionally to input NRMSE regardless of the skin
layer category. The slope of the fitted line in Figure 6B
was 0.425, indicating that noise was reduced by 2.35
times in CARE denoised images. In Figure 6C, CARE
denoised PSNR was increased from input PSNR by a
constant amount, 7.398 dB.
We also examined variations of image quality metrics

among 30 low‐SNR input images from the same ROI and
their corresponding CARE denoised images. Figure 7 shows
the input and CARE denoised image quality metrics for a
single representative ROI from each of the epidermis, DEJ,
and dermis. Each ROI is plotted as 30 dots, showing 30 pairs
of the input and CARE denoised metrics. The scattered plot
of each color was elongated more along the horizontal axis,
indicating that a wide range of the input image quality
metric was mapped to a narrower range after CARE
denoising. This implies that CARE generates similar

denoising results regardless of the input noise pattern. This
trend is also shown in Figure 7D: input images (top row) had
different banding noise patterns, but CARE denoised im-
ages (bottom row) appeared similar to each other.

Representative input, CARE denoised, and ground truth
images of the darkly pigmented skin are shown in
Figure 8A–C. Input images of the darkly pigmented skin DEJ
(Fig. 8A) had approximately 1.5 times higher signal intensity
than DEJ images from the lightly pigmented skin used for
the network training, a trend observed in a previous RCM
study [22]. Higher‐magnification views (insets, Fig. 8A–C)
showed that sub‐cellular details of the pigmented cell [22],
low signal by nucleus at the cell center, and surrounding high
signal by cytoplasmic melanin (arrows, Fig. 8A–C) were
easier to appreciate in the CARE denoised and ground truth
images (Fig. 8B and C) than the input image (Fig. 8A). For
900 image pairs obtained from 30 distinctive ROIs of the
darkly pigmented skin, CARE denoising increased mSSIM

Fig. 8. Representative input, CARE denoised, and ground truth images obtained from the darkly
pigmented skin (A–C) and lower lip (D–F). Arrows—high signal regions that correspond to
cytoplasmic melanin in pigmented cells. CARE, content‐aware image restoration.

TABLE 2. Comparison of the Denoising Performance Between Non‐DL Methods

Input Median Kuan Lee Fourier‐domain NLM BM3D CARE

mSSIM 0.377 0.608 0.607 0.472 0.373 0.472 0.591 0.705
NRMSE 0.079 0.041 0.045 0.063 0.081 0.063 0.0403 0.034
PSNR (dB) 22.464 28.137 27.369 24.735 22.271 24.735 28.337 29.862
Prediction time (seconds) – 0.026 11.525 0.083 0.096 0.900 30.463 0.121

Following settings were used: Median filter—filter size= 5 × 5; Kuan filter—number of iteration= 1; Lee filter—number of iter-
ation= 1; number of pixels for linear averaging in neighborhood= 5; Fourier‐domain filter—blocked frequency bandwidth= 0.02 to 0.2
of the maximum vertical spatial frequency; BM3D—white gaussian with a sigma of 25.
CARE, content‐aware image restoration; DL, deep learning.
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by 1.83 times, reduced NRMSE by 2.28 times, and increased
PSNR by 7.04 dB. These image quality improvements were
similar to those demonstrated for lightly pigmented skin
images.
Figure 8D–F shows input, CARE denoised, and ground

truth images of the lower lip. Images from the lower lip
epithelium had approximately three times lower overall
signal intensity than images of the lightly pigmented skin
DEJ used for the network training. Reduction of noise is
readily noticeable in the CARE denoised and ground truth
images (Fig. 8E and F). Epithelial cell nuclei are clearly
visualized as numerous bright dots in all three images.
For 240 image pairs obtained from 8 distinctive ROIs of

the lower lip, CARE denoising increased mSSIM by 1.82
times, reduced NRMSE by 1.47 times, and increased
PSNR by 6.73 dB. While CARE was shown useful in im-
proving images of the lower lip qualitatively and quanti-
tatively, the amount of noise reduction was less than that
demonstrated for the skin.

Comparison With Non‐DL Filtering Methods

Image quality metrics for the non‐DL filtering methods
are summarized in Table 2. Among the non‐DL methods,
BM3D produced the highest PSNR value. However, the
BM3D‐filtered image (Fig. 9G) showed significant blurring
of cellular details. Among the two methods that provided

Fig. 9. Comparison of filtered images generated from non‐DL denoising methods. (A) Input;
(B) median filter; (C) Kuan filter; (D) Lee filter; (E) Fourier‐domain filter; (F) non‐local‐mean
filter; (G) BM3D; and (H) CARE. CARE, content‐aware image restoration.

Fig. 10. Results of image quality assessment by human readers. (A) Feature identification
results and (B) perceived noise level evaluation results. CARE, content‐aware image restoration.
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the next highest PSNR values, Kuan filter produced
slightly worse PSNR than the median filter, but the image
sharpness was better maintained with the Kuan filter
(inset, Fig. 9C) than the median filter (inset, Fig. 9B).
Therefore, we used the Kuan filter‐generated images
during the qualitative assessment by confocal readers.
Fourier‐domain filter significantly reduced banding noise
(Fig. 9E) but did not reduce salt‐and‐pepper noise notice-
ably, which resulted in similar image quality metrics as the
input images (Table 2). Overall, non‐DL methods fell short
to simultaneously reduce banding noise and salt‐and‐
pepper noise when compared to CARE (Fig. 9H).

Image Assessment by Confocal Readers

Results from the image quality assessment by confocal
readers are summarized in Figure 10. The feature iden-
tification results (Fig. 10A) showed no significant differ-
ence in correctly identifying all of the cellular features
found in the ground truth image: input –84% of the im-
ages (95% confidence interval =76‐91%); CARE –85% (78‐
91%); Kuan –83% (76‐89%). The perceived noise evalua-
tion results (Fig. 10B) showed that CARE denoised im-
ages produced negligible noise more often, 73% (65‐81%)
of all evaluations, than input and Kuan images, 10% (5‐
16%) and 16% (11‐24%), respectively. The readers also
found that the vast majority of the CARE images showed
moderate or negligible noise, 91% (85‐95%) of the cases.
This proportion of moderate or negligible noise images
was significantly higher than the proportions for input
and Kuan images, 51% (42‐60%) and 72% (64‐79%),
respectively.

CARE Denoising of PCM Video

We tested CARE for denoising PCM videos obtained while
changing the imaging depth, mimicking real‐time 3D PCM
imaging. Two hundred PCM images were obtained at the
imaging speed of 180 frames/second (corresponding imaging
time =1.1 seconds). Supplemental Video 1 shows the input
(left) and CARE denoised (right) images side by side. The
CARE denoised images exhibited significantly reduced noise.
Even though the device was continuously translated during
the video acquisition, each PCM image still visualized cel-
lular details without noticeable image blurring, showing the
benefit of using a short exposure time. Certain cellular fea-
tures, such as small keratinocytes (arrows in Fig. 11B and E)
were easier to appreciate in the CARE denoised image. While
each CARE denoised image (Fig. 11D–F) did not exhibit no-
ticeable banding noise, variations of the residual banding
noise in the CARE denoised images were noticeable in Sup-
plemental Video 1.

CONCLUSIONS

In this paper, we have evaluated the feasibility of using a
DL‐based method, CARE, for denoising PCM images ob-
tained with a short exposure time. Results from the quanti-
tative and qualitative evaluations showed that CARE
denoised significantly reduced noise presented in input im-
ages. CARE also reduced noise in images obtained from the
darkly pigmented skin and lower lip. The CARE approach
provided better denoising performance than non‐DL filtering
methods. High‐speed, high‐SNR PCM imaging enabled by
CARE is expected to reduce motion blur and increase the
image sharpness, especially when images are acquired with a

Fig. 11. PCM images obtained while manually changing the imaging depth through the
epidermis (A, D), DEJ (B, E), and dermis (C, F). (A, B, C) Raw images and (D, E, F) CARE
denoised images. Arrows—keratinocytes. CARE, content‐aware image restoration; PCM, portable
confocal microscopy.
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handheld PCM device. The fast imaging speed can also allow
for real‐time 3D PCM imaging and imaging of dynamic
events, such as blood flow.
Several limitations in CARE denoising were also ob-

served. Time taken for denoising each PCM image with the
CARE network and a consumer‐grade laptop was
0.12 seconds (Table 2), resulting in a processing rate of 8.3
frames/second. While the current processing rate is sig-
nificantly lower than the image acquisition rate, 180
frames/second, this rate still allows for the display of
CARE‐denoised images in near real‐time (Supplemental
Video 1). Therefore, in situ CARE‐denoised images can be
used to (i) guide image acquisition toward diagnostically
important areas and (ii) ensure that raw image data does
not have excessive image degradation that is difficult to
mitigate with CARE postoperatively. The PCM image data
can be stored in real‐time without any processing during
the imaging session and can later be batch‐processed with
the CARE network. The data flow rate can be increased by
feeding the image data from the system memory to GPU
directly, which can subsequently increase the CARE proc-
essing rate. We will investigate if modifying the CARE
network structure could reduce the processing time while
providing sufficient denoising performance, including the
use of a smaller number of feature layers.
Cellular features in CARE denoised images appeared

smoother than those shown in the input and ground truth
images. A similar trend was noticeable from previous CARE
work for denoising fluorescence microscopy images [9]. The
use of convolution layers during the upsampling process
(right half of the CARE network) might have reduced the
image sharpness, and the loss function used in CARE might
not have been optimal for achieving high image sharpness
[23]. Even with the smoother appearance, CARE denoised
images did not degrade human readers' capability to identify
cellular features compared to the input images (Fig. 10A).
However, if future studies find that reduction of sharpness
negatively affects the diagnostic capability, we will inves-
tigate different approaches for improving the image sharp-
ness, including reducing the convolution kernel size or im-
plementing deconvolutional layers during the upsampling
process, and using a different loss function that promotes
sparsity.
Another limitation of this work is that the training and

test sets were collected from healthy skin and did not
include images obtained from disease‐suspicious skin le-
sions. In the future, we will acquire a large dataset of
PCM images from various skin lesions using the data
acquisition method described in this paper. We will then
train the CARE network and evaluate its utility for aiding
diagnosis with PCM images. Various metrics will be
evaluated for unprocessed PCM images and CARE
denoised images, including diagnostic accuracy, the time
needed to render a diagnosis, and diagnostic confidence.
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Abstract
We present the development of a simple, handheld cross-polarised microscope
(CPM) and demonstration of imaging individual pigmented cells in human skin
in vivo. In the CPM device, the cross-polarised detection approach is used to
reduce the specular reflection from the skin surface and preferentially detect
multiply-scattered light. The multiply-scattered light works as back illumina-
tion from within the tissue towards the skin surface, and superficial pigment
such as intraepidermal melanin absorbs some spectral bands of the multiply-
scattered light and cast coloured shadows. Since the light that interacted with
the superficial pigment only needs to travel a short distance before it exits the
skin surface, microscopic details of the pigment can be preserved. The CPM
device uses a water-immersion objective lens with a high numerical aperture
to image the microscopic details with minimal spherical aberrations and a small
depth of focus. Preliminary results from a pilot study of imaging skin lesions
in vivo showed that the CPM device could reveal three-dimensional distribu-
tion of pigmented cells and intracellular distribution of pigment. Co-registered
CPM and reflectance confocal microscopy images showed good correspondence
between dark, brown cells in CPM images and bright, melanin-containing cells
in reflectance confocal microscopy images.

KEYWORDS
capillary imaging, cross-polarised microscopy, in vivo microscopy, melanin imaging, skin
imaging, three-dimensional microscopy

1 INTRODUCTION

Dermatoscopy is the standard imaging method that
allows for the examination of human skin lesions in vivo.1
Dermatoscopes providemagnified images of the skin, visu-
alising patterns and structures that cannot be readily seen

Rafael Romero, Jingwei Zhao and Delaney Stratton contributed equally
to this work and share first authorship.

with the naked eye.2 However, dermatoscopy does not pro-
vide sufficient resolution to examine individual pigmented
cells due to the relatively low magnification and numer-
ical aperture (NA) of the objective lens.3 If individual
pigmented cells could be visualised, it could enhance diag-
nostic accuracy, indication for skin biopsy, aid monitoring
of disease progression, and guide treatment. For example,
examination of pigmented cells can show early signs of
cytological or architectural changes when monitoring

J. Microsc. 2023;292:47–55. © 2023 Royal Microscopical Society. 47wileyonlinelibrary.com/journal/jmi
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pigmented lesions, which can provide either reassurance
to the patient or the need to perform a skin biopsy.
There are severalmicroscopy techniques that can nonin-

vasively visualise individual pigmented cells. For example,
reflectance confocal microscopy (RCM) uses the scattering
contrast to visualise certain cellular structures (e.g., cell
membrane of keratinocytes, melanin in melanocytes and
melanin-containing basal cells).4 However, the scattering
contrast used in RCM is not specific to melanocytic cells.
Nonmelanocytic cells such as Langerhans cells can exhibit
similar shape and brightness to melanocytic cells, which
can pose challenges in diagnosing certain pigmented
lesions.5,6,7 High-resolution confocal optical coherence
tomography (HR-OCT) is another imaging method capa-
ble of imaging cellular structures noninvasively. HR-OCT
provides a larger imaging depth than RCM while main-
taining high resolution.8,9 However, HR-OCT also relies
on the scattering contrast, and is likely to have chal-
lenges in distinguishing nonmelanocytic, highly scatter-
ing cells from melanocytic cells. Two-photon microscopy
(TPM) is another method capable of imaging cellular
structures noninvasively. In TPM, light from a short-
pulse laser is incident onto the skin and excites intrinsic
fluorophores (e.g., NADH, melanin) and visualise ker-
atinocytes and melanin-containing cells.10,11 Two-photon
microscopy, however, may cause thermal damage when
imaging melanin-containing cells.12
While the aforementioned in vivo microscopy tech-

nologies have shown promise for aiding diagnosis and
treatment of skin diseases, the cost to acquire the devices
and overall operability limitations of the equipmentmakes
it challenging to adopt these microscopy technologies in
routine dermatology practices. In addition, the scattering
contrast provided by RCM and LC-OCT is not specific to
pigmented cells. In this paper, we report the development
of a simple, handheld cross-polarised microscopy (CPM)
device and the demonstration of three-dimensional imag-
ing of individual pigmented cells in vivo. The working
principle and schematic of the CPM device are described,
and results from imaging skin lesions in vivo are presented.

2 MATERIAL ANDMETHODS

2.1 Cross-polarised microscopy of
individual pigmented cells in vivo

The working principle of noninvasively imaging individ-
ual pigmented cells using CPM is shown in Figure 1.
When light illuminates the skin, some of the illumina-
tion photons are multiply-scattered by the tissue and exit
the skin surface (Figure 1A). The multiply-scattered pho-
tons lose spatial information of the cellular structures they

were scattered by, and therefore cannot be used to visualise
cells based on the scattering contrast. However, some of
the multiply-scattered photons are spectrally absorbed by
superficial pigment such as melanin right before they exit
the skin surface (Figure 1A). Since these photons only need
to travel a short distance before exiting the skin surface,
the microscopic details of the pigment can be preserved.
For example, human skin has a scattering coefficient of
11–14 mm−1 at 550 nm.13 This range of scattering coeffi-
cient corresponds to a mean free path of 71–91 μm. Given
that the typical thickness of epidermis is 50–100μm,micro-
scopic details of intraepidermal pigment can be preserved
with minimal scattering. In summary, multiply-scattered
photons provide illumination from within the skin tissue,
and intraepidermal pigment generates microscopic distri-
bution of spectral absorption, casting coloured shadows in
the image. Cross-polarised detection is used to reduce the
specular reflection from the skin surface while detecting
multiply-scattered, de-polarised photons. This approach of
imaging shadows cast by superficial absorbers in skin has
been already used in other in vivo microscopy approaches
such as side dark fieldmicroscopy.However, side dark field
microscopy has beenmainly used for imaging capillaries in
oralmucosa and nailfold,14 and high-resolution imaging of
individual pigmented cells in skin has not been reported to
our knowledge.
In addition to the absorption contrast generated by the

superficial pigment, the imaging system needs to provide
a sufficient resolution to visualise cellular details. This
requires the use of a high-NA objective lens with a small
depth of focus. When the focal plane is located at the same
depth as the pigment (depth 1 in Figure 1B), the intensity
reduction due to the pigment in the image is confined to a
small region (Microscopy image 1 in Figure 1B). When the
focal plane is moved deeper into the tissue (depth 2 then to
3 in Figure 1B), the intensity reduction appears in a larger
area of the microscopy image but with significantly less
strength (Microscopy images 1 and 2 in Figure 1B). There-
fore, the effect of the pigment’s light absorption is mostly
noticeable within a small volume of the tissue.
In high-NA microscopy imaging, the use of an index-

matching medium, instead of air, is critical in reducing
spherical aberrations when imaging sub-surface cellu-
lar details. We simulated wavefront errors when imaging
below stratum corneum with 0.8 NA objective lenses with
various index media (Figure 2). The thickness of stratum
corneum was assumed 20 μm, and the refractive index of
1.51 was used for stratum corneum and 1.34 for the rest
of epidermis.15 The simulation results show that the dry
objective lens will experience significant resolution degra-
dation even when imaging an epidermal depth of 35 μm,
which is likely to pose challenges in imaging pigmented
cells near the base of the epidermis. The simulation results
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F IGURE 1 Working principle of imaging individual pigmented cells using cross-polarised microscopy. (A) Light path through the skin
tissue when a pigment is absent (left) and present (right) and (B) change of the appearance of the pigment on microscopy images as a function
of imaging depth.

F IGURE 2 Change of imaging performance when imaging
inside epidermis with three different immersion conditions (dry,
water, oil).

also show that both water-immersion and oil-immersion
objective lenses would provide adequate performance
throughout the entire epidermis (typical thickness = 50–
100 μm). In the handheld CPM device, a water-immersion
objective lens was used rather than an oil-immersion
objective lens due to the relatively long working distance
of the water-immersion objective lens (3.5 mm) and ease
of lens cleaning after imaging.

2.2 Handheld CPM device

In order to evaluate the feasibility of CPM imaging of
individual pigmented cells in vivo, we have developed a
handheld CPM prototype. Figure 3 shows the schematic
of the handheld CPM prototype. Light from a white LED
(XPGDWT-H1-0000-00HE8-S01, Cree LED; working cur-

F IGURE 3 Schematic of the handheld CPM prototype.

rent = 1 A; forward voltage = 2.73 V) is incident on a
polarising beam splitter, and linearly polarised light (p-
polarisation) passes through the polarising beam splitter
and illuminates the skin through a high-NA objective lens
(N40X-NIR, Nikon; NA = 0.80; water immersion). Light
returning from the tissue is captured by the same objective
lens. Detection light with a s-polarisation state is reflected
by the polarising beam splitter onto the camera lens (f= 50 mm) and the colour CMOS sensor (acA4024-29uc,
Basler; 4024× 3036 pixels; pixel size= 1.85 μm). The objec-
tive lens is attached to a motorised stage (T-LA13A, Zaber;
travel range = 13 mm; maximum speed = 4 mm/s), which
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changes the imaging depth to acquire CPM images at
multiple depth levels.

2.3 Image acquisition and processing

Imaging performance of CPM was evaluated by imag-
ing the United State Air Force (USAF) resolution target
and measuring the full-width-half-maximum (FWHM) of
the line-spread function. The pilot study of imaging skin
lesions in vivo with the CPM device was reviewed and
approved by the University of Arizona Internal Review
Board. For each skin lesion, wide-field colour images and
dermatoscopy images were acquired using a standard der-
matoscope (VEOS, Canfield). Next, index-matching gel
(GenTeal, Alcon) was applied on the CPM objective lens,
and the CPM device was placed on the skin lesion. The
skin surface was identified by observing the skin surface
folds in CPM images while translating the focal plane of
the objective lens. From the skin surface, 50 CPM images
were continuously acquired while the imaging depth was
translated deeper into the tissue with a step size of 5–6 μm
between images. This resulted in the total imaging depth
range of 250–300 μm. The image acquisition rate was set
as 30 frames/s, and the exposure time was 2–2.5 ms. The
time for acquiring a three-dimensional image stack was
1.7 s. One of the CPM-imaged lesions was also imaged by
a portable RCM device16 to compare the cellular features
between CPM and RCM.
The CPM images were post-processed by blind decon-

volution. The deconvblind function of MATLAB (Math-
Works, version = R2020b) was applied on the three-
dimensional CPM image stack. A theoretical, three-
dimensional point-spread function generated by the
ImageJ PSF Generator plugin17,18 was used as the initial
point-spread function. Various numbers of deconvolution
iterations were evaluated for CPM images. For most of the
CPM datasets, five to seven iterations of blind deconvo-
lution provided enhanced contrast of pigment while not
generating noticeable artefacts.

3 RESULTS

A photo of the handheld CPM device is shown in Figure 4.
The device dimensions were 20.7 cm (W) × 11.1 cm (D)× 23.9 cm (H), and the weight was 1.6 kg. Light power
on the skin was 2.15 mW. The material cost of the device
was ∼$4600. It is noted that the objective lens was the
most expensive component, >$2500. Lateral resolution,
the FWHM of the line-spread function, was 0.7 (±0.1) μm
for the red channel, 0.7 (±0.1) μm for the green channel
and 0.7 (±0.2) μm blue channel. The Bayer filter used in

F IGURE 4 Photo of the handheld CPM device.

the colour CMOS sensor led to limitations in the resolu-
tion measurements. Based on the magnification between
the tissue and CMOS sensor, 10, the pixel size on the tissue
was 0.185 μm. In the Bayer filter, the sampling period of
each colour channel is twice the pixel size. Therefore, the
sampling period on the tissue for each colour channel was
0.37 μm. The minimum resolution measurable with this
sampling period is 0.74 μm based on the Nyquist sampling
criteria. As a result, the measured resolution was 0.7 μm
for all three-colour channels even though the optical reso-
lution was supposed to be better for the blue channel than
the red channel.
Figure 5 shows representative dermatoscopy and CPM

images of human forearm (sun-exposed side, Fitzpatrick
skin phototype III). In the magnified dermatoscopy image
(Figure 5B), fluctuation of image brightness is noticeable,
but individual pigmented objects are not distinguishable.
The CPM images obtained from epidermis (Figure 5C–E)
visualise distinctive brown objects (arrows). The distribu-
tion of the brown objects changes as the imaging depth
changes (Figure 5C–E), indicating that the CPMdevice has
the capability to visualise three-dimensional distribution
of these objects. The distribution (present in epidermis but
absent in dermis) and colour (brown) of these objects indi-
cate that these objects might be melanin-containing basal
cells. Pink tubular structures are also visualised in CPM
images (arrowheads in Figure 5), which appear to repre-
sent the top of a capillary (Figure 5D) branching into the
ascending and descending blood vessels (Figure 5F) and
eventually connecting to a larger blood vessel (Figure 5H).
The CPM-imaged region shown in Figure 5 was also

imaged by portable RCM. The brown objects in the CPM
image (arrows in Figure 6A) appear bright in the spatially
registered RCM image (arrows in Figure 6B). Previous
studies showed that RCM visualises melanin-containing
cells at the dermal-epidermal junction as distinctive bright
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F IGURE 5 Dermatoscopy (A, B) and CPM (C–H) images of human forearm. arrows – melanin-containing cells; arrowheads –
capillaries.

F IGURE 6 Spatially registered CPM (A) and RCM (B) images.
arrows – melanin-containing cells; arrowhead – capillary; asterisk –
dermal papillae.

objects because of the higher refractive index of melanin
than surroundings.4 Therefore, these spatially registered
CPM and RCM images further support that the brown
objects in CPM images are melanin-containing cells. The
dermal papillae often appear as a dark opening in RCM
images (asterisk in Figure 6B) if no blood cells are present
within the imaging plane at the time of image acquisition,

while the capillary inside the dermal papillae is shown
pink in the CPM image (arrowhead in Figure 6A).
Representative dermatoscopy and CPM images of a

junctional nevus are shown in Figure 7. The magnified
view of the dermatoscopy image (Figure 7B) shows the
contrast between pigmented and nonpigmented regions,
but individual pigmented cells are not clearly distin-
guished. In CPM images (Figure 7C–E), numerous pig-
mented cells are readily observed. The change of the cell
distribution is also noticed as the imaging depth changes
from 20 to 70 μm. In a magnified CPM image (Figure 7F),
the cytoplasmic distribution of melanin is well observed:
melanin is distributed in cytoplasmic space that resembles
a letter c (arrow in Figure 7F), while cell nucleus shows the
lack of melanin (arrowhead in Figure 7F).
Dermatoscopy and CPM images of cherry angioma are

shown in Figure 8. In the CPM image obtained from the
imaging depth of 40 μm (Figure 8D) shows a scattered
distribution of melanin-containing cells at the basal
layer of epidermis (Fitzpatrick skin phototype III). At a
deeper imaging depth of 125 μm (Figure 8E), a network of
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F IGURE 7 Dermatoscopy (A, B) and CPM (C–F) images of a junctional nevus. arrow – cytoplasmic distribution of melanin; arrowhead
– cell nucleus devoid of melanin.

capillaries is well visualised. The cross-sectional view
of the CPM image data obtained from a dotted line in
Figure 8C–E is shown in Figure 8F. In the cross-sectional
CPM image, the depth of melanin and capillary is readily
measurable.

4 DISCUSSION

In this paper, we have demonstrated imaging of indi-
vidual pigmented cells in vivo using a handheld CPM
device. There were two key factors that made it pos-
sible to image individual pigmented cells in skin with
standardmicroscopy rather than sophisticatedmicroscopy
techniques such as RCM or TPM. First, the superficial
distribution of melanin in human skin generates the
absorption contrast with microscopic details that can be
detected from above the skin surface. Second, the high-
NA, water-immersion objective used in the handheld CPM
device provided a small effective detection volume with

minimal spherical aberrations, whichmade the pigmented
cells appear clear. The capability of examining individual
pigmented cells with CPM could aid monitoring, guid-
ing, and research of various treatment approaches. Other
microscopy techniques with a cellular imaging capability,
such as RCM, have been shown to provide a higher speci-
ficity than dermatoscopy in diagnosing skin cancers.19,20
While we envision that the cellular imaging capability
provided by CPM could also help improve the diagnos-
tic specificity, further studies will be needed to establish
the sensitivity and specificity of CPM. Additionally, CPM
allows for easy measurement of the depth of melanin and
capillaries from the cross-sectional view, which could be
beneficial in guiding laser therapy of pigmented lesions.
Specifically, the information on melanin depth and cap-
illary depth could be used to determine the type of laser
(e.g., wavelength, pulse width) and output parameters
(e.g., power, treatment duration) that are adequate for
treating the pigmented skin layers but do not damage
capillaries.21
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F IGURE 8 Dermatoscopy (A, B) and CPM (C–F) images of cherry angioma. C–E: en face CPM images. F: cross-sectional CPM image.

The CPM device only requires three optical elements,
an objective lens, polarising beam splitter and tube lens.
The simple optics could make the device cost significantly
lower and the device structure simpler than those of more
sophisticated in vivo microscopy approaches. While an
off-the-shelf objective lens was used in the current CPM
device, a custom, miniature objective lens using freeform
lens surfaces can be developed to reduce the lens size and
cost.22 The custom miniature objective lens can be used
in conjunction with a smartphone camera to collect CPM
images. The voice coil motor of the smartphone camera
can conduct axial scanning of the focal plane, which opens
the possibility of building a compact, smartphone-based
CPM device.
Developing a dual-functional device that utilises a polar-

ising and nonpolarising beam splitter may also be another
area of interest. Current dermatoscopy techniques have
adapted to using both nonpolarised and polarised der-
matoscopes. Nonpolarised dermatoscopes are beneficial
in visualising superficial features of the skin. Polarised
dermatoscopes are better suited for examining deeper
structures.23
One critical limitation of this pilot study was the lack of

wide-field imaging capability registered with CPM imag-
ing. TheCPM field of viewwas small, 740μm 𝗑 560 μm, and

could not visualise the entire lesion. The large diameter of
the objective lens (25 mm)made it challenging to place the
CPM device at exact target locations identified by naked
eye or dermatoscopy. In the future, we will integrate an
additionalminiature camera that images through the same
objective lens as CPM but with a significantly smaller NA
and larger field to acquire wide-field dermatoscopy images
spatially registered with CPM images, similarly to previ-
ous work on integrating dermatoscopy as part of an RCM
device.24
Additional microscopic objects were observable other

than melanocytic cells and capillaries. For example, a
white object was noticed at the centre of Figure 7C, D and
F. This could be due to light scattering froma small air bub-
ble trapped between the skin fold and indexing matching
gel. Dark blueish objects were noticed in the left-top quad-
rant of Figure 7E. These could be cells with highermelanin
density, but further investigation is needed. A future study
of imaging skin lesions to be biopsied and comparing CPM
images with corresponding histopathologic images would
shed more light on which cellular structure these objects
represent.
The CPM device uses the absorption contrast and there-

fore cannot image nonpigmented cells. Other imaging
modalities such as RCM can be combined with CPM
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to visualise both pigmented and nonpigmented cells.
Recently, low-cost RCM devices have been developed.16,25
Both CPM and low-cost RCM devices use consumer-grade
CMOS sensors, which can facilitate the integration of the
two imagingmodalities into a single device. The combined
CPM-RCMdevice could be used to image large areas of the
skin lesion either via video mosaicking methods26 or step-
and-image methods as conducted in the standard RCM
device (Vivascope 1500).27 The CPM-RCM device could
be used to image skin lesions with Langerhans cells to
evaluate its utility for distinguishing between Langerhans
cells and melanocytic cells. In the future, we will develop
improved CPM devices with the wide-field imaging capa-
bility and/or RCMmodality, and evaluate the CPMdevices
for various clinical and research applications.
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