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Optical-sectioning microscopes are powerful tools that can be used by biomedical scientists and 

clinicians to visualize and monitor subcellular features in thick tissues at relatively large depths 

(up to hundreds of microns). In clinical settings, such technologies could play a transformative 

role in detecting early-stage cancer and guiding the surgical resection of tumors. This dissertation 

focuses on optimizing optical-sectioning microscopes that utilize off-axis illumination and 

collection architectures to spatially filter out-of-focus and multiply-scattered photons.  In particular, 

we will focus on overcoming certain challenges with using dual-axis confocal (DAC) microscopy 

and light-sheet microscopy to image biological specimens, such as mitigating resolution 

degradation caused by refractive heterogeneities within tissues and achieving rapid microscopic 

pathology of large clinical specimens. In the case of DAC microscopy, tissue-imaging 

performance is highly sensitive to the effects of refractive-index heterogeneities within biological 



specimens, which cause beam steering and distortion artifacts that lead to misalignment of the off-

axis illumination and collection beam paths of a DAC microscope. Since the propagation-invariant 

and self-reconstructing features of Bessel beams have been shown to benefit microscopy of 

specimens with refractive heterogeneities, Bessel-beam illumination has been explored as a means 

to alleviate resolution degradation that occurs when performing tissue-imaging with DAC 

microscopy. Results indicate that DAC microscopy with Bessel illumination exhibits reduced 

resolution degradation from microscopic tissue heterogeneities compared to DAC microscopy 

with conventional Gaussian illumination. In the context of light-sheet microscopy, an open-top 

light-sheet (OTLS) microscope along with a novel fluorescent analog of hematoxylin and eosin 

(H&E) staining, has been developed and optimized for robust intraoperative pathology of 

lumpectomy margins. OTLS images of the surfaces of fresh breast samples were compared to 

gold-standard H&E histological images to showcase that the image quality of OTLS microscopy 

can approximate that of archival H&E histology of formalin-fixed paraffin-embedded tissues. In 

addition, preliminary results suggest that OTLS microscopy is compatible with downstream 

archival H&E histology and immunohistochemistry (IHC) analyses, which are currently relied 

upon for definitive clinical diagnoses. These results facilitate the clinical translation of OTLS 

microscopy for intraoperative guidance of breast conserving surgery as well as other surgical 

oncology procedures. 
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Chapter 1. INTRODUCTION: THE CHALLENGES FACING LIGHT 

MICROSCOPY OF BIOLOGICAL TISSUES 

When performing microscopy of biological tissues, there is a common trade-off between imaging 

depth and spatial resolution (Figure 1.1) [1]. In general, the ability to image deep within tissues 

necessitates the sacrifice of spatial resolution. Depending on a particular microscopy application, 

the designs of different optical imaging systems, such as confocal microscopy [2-8], nonlinear 

microscopy [9-11], selective plane illumination microscopy (SPIM) [12, 13], structured-

illumination microscopy (SIM) [14, 15], optical coherence tomography (OCT) [16, 17], strive to 

balance resolution, contrast, speed, cost as well as other performance features.   

 
Figure 1.1. The trade-off between imaging depth and spatial resolution in different optical imaging modalities, 

modified from Ntziachristos in Nature Methods 2010 [1]. The approximate ranges on imaging depth and resolution 

are plotted for stimulated emission depletion microscopy (STED), stochastic optical reconstruction microscopy 

(STORM), photo-activated localization microscopy (PALM), single-axis confocal microscopy (SAC), dual-axis 

confocal microscopy (DAC), open-top light-sheet microscopy (OTLS), selective plane illumination microscopy 

(SPIM), two- or multi-photon microscopy, optical coherence tomography (OCT),  photoacoustic microscopy (PAM), 

mesoscopic fluorescence tomography (MFT), fluorescence molecular tomography (FMT),  diffuse optical tomography 

(DOT). 
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Over the past decades, many different novel optical imaging techniques have been 

developed to push microscopy beyond conventional limits. In the case of resolution enhancement, 

super resolution microscopy techniques, such as stimulated emission depletion (STED) [18], 

photo-activated localization microscopy (PALM) [19] and stochastic optical reconstruction 

microscopy (STORM) [20], achieve highly localized signal by focusing efforts on the 

manipulation of excitation light pattern [18] or on the development of photoswitchable fluorescent 

probes [19, 20]. In addition, laser beam shaping techniques, such as sectioned-Bessel illumination 

[21], Airy beam illumination [22] or Lattice illumination [23] have been implemented with SPIM 

to accomplish high resolution microscopy while minimizing the background from out-of-focus 

excitation.   

On the other hand, various approaches have been developed to optimize image contrast in 

optical microscopy, which are beneficial for applications where the imaging depth is of primary 

concern. For example, two-or multi-photon microscopy exploits nonlinear excitation to generate a 

confined focal volume with minimal out-of-focus and multiply-scattered background signal [9-

11], which thereby enables a larger depth of imaging in thick specimens. Recently, there has been 

growing interest in exploring the use of tissue-clearing techniques [24-26] to enhance the optical 

transparency of biological samples. By homogenizing the refractive-index heterogeneities within 

tissues, optical clearing approaches have shown promise for performing deep-tissue imaging of 

large specimens.  

This dissertation focuses on optimizing optical-sectioning microscopes that utilize off-axis 

illumination and collection configurations to spatially reject out-of-focus and multiply-scattered 

photons, such as dual-axis confocal (DAC) microscopy and light-sheet microscopy (LSM).  In 

particular, we seek to overcome certain challenges facing laser-scanning microscopy of biological 
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samples. This chapter describes two of these challenges, which are 1) mitigating resolution 

degradation caused by refractive index variations within tissues and 2) achieving rapid 

microscopic pathology of lumpectomy specimens. The entire dissertation consists of three 

independent studies. First (Chapter 2), Monte-Carlo simulations have been utilized to evaluate the 

performance trade-offs of different confocal microscope configurations, providing a benchmark 

for designing miniature confocal microscopes for in vivo imaging applications, such as oral cancer 

detection and guiding brain tumor resection. Second (Chapter 3), Bessel-beam illumination, which 

shows better positional stability and beam quality than Gaussian-beam illumination when 

propagating through tissues, has been utilized in a point-scanned DAC microscope for high 

resolution imaging of biological samples. Third (Chapter 4), an open-top light-sheet (OTLS) 

microscope, along with a novel fluorescent analog of H&E staining, has been developed and 

optimized for comprehensive microscopic investigation of fresh, unfixed surgically excised breast 

tissues. In the end, Chapter 5 provides discussions of these studies and lists the opportunities for 

future improvements. 

1.1 TISSUE-HETEROGENEITY-INDUCED RESOLUTION DEGRADATION  

When performing laser-scanning microscopy of biological specimens, the image resolution and 

contrast are often hampered by refractive index variations within the whole sample. Biological 

tissues are mostly composed of water, proteins, lipids as well as other biomolecules [27]. These 

cellular and subcellular components have various refractive indices, which perturb the light-tissue 

interactions. Table 1.1 has listed the absolute refractive indices of various common organic and 

inorganic components within biological tissues [28]. For example, collagen has a considerably 

high refractive index of ~ 1.55 [28]; cytoplasm has a refractive index of ~ 1.35 [28], which is close 
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to the refractive index of water (~ 1.33); and lipids have a refractive index of ~ 1.48, which is 

higher than the surrounding cytoplasm [28]. As light travels through tissues, scattering is 

introduced by the discontinuities in refractive index [29]. In addition to scattering, when 

performing microscopy of large specimens or organs, the refractive-index variations existing 

among different tissue types, for example, epithelial tissue and smooth muscle tissue, or among 

different micro-architectural structures, such as glands and vasculature, can cause spatial changes 

of the beam foci in terms of position (beam steering) and shape (aberrations / distortions) [30]. 

These light beam artifacts and distortions are likely to deteriorate the image resolution of laser-

scanned microscopes designed to interrogate cellular and subcellular structures in thick tissues at 

a large depth [30]. Table 1.2 has shown the refractive indices of several commonly imaged 

biological tissues and organs [31]. Previous studies have observed a significant degradation in 

spatial resolution when performing light microscopy of human skin tissues with sub-cellular 

resolution [32, 33].  

Table 1.1. The refractive indices of various organic and inorganic components common to biological tissues [28]. 

 

 

Amongst different microscopy modalities, Chapter 2 in this dissertation describes dual-

axis confocal microscopy, in which tissue-imaging performance is highly sensitive to positional 

changes and distortions of the off-axis illumination and collection beams, making it susceptible to 
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the effects of refractive heterogeneities [34]. To overcome this limitation, we have explored the 

use of Bessel-beam illumination to mitigate tissue-heterogeneity-induced resolution degradation 

(Chapter 3) [30, 34]. The diffraction-free and self-reconstructing characteristics of Bessel beams 

have been shown to benefit optical microscopy of specimens with refractive heterogeneities in 

different studies [30, 35-39]. Results have indicated that Bessel beams maintain better pointing 

accuracy and beam quality than Gaussian beams when propagating within tissues [30]. Therefore, 

Bessel beams can be conducive to preserve resolution in DAC microscopy [34].  

Table 1.2. The refractive indices of commonly imaged organs and tissues [31].  

 
 

1.2 INTRAOPERATIVE GUIDANCE OF LUMPECTOMY 

Another challenge facing many optical imaging techniques is to provide intraoperative guidance 

of different surgical oncology procedures. For example, substantial amounts of efforts have 

focused on advancing optical imaging for guiding breast cancer lumpectomy [6, 16, 40-46].  

For the ~ 200,000 women who are diagnosed with early-stage invasive breast cancer or 

carcinoma in situ each year in the United States, breast-conserving surgery (BCS, a.k.a. partial 
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mastectomy or lumpectomy) has replaced whole-breast mastectomy as the preferred form of 

surgical intervention [47, 48]. Numerous clinical studies have shown that there is no difference in 

overall survival or disease-free survival between patients treated with mastectomy vs. BCS with 

postoperative radiation when complete tumor resection is achieved [49, 50]. However, a significant 

challenge for BCS is to ensure that tumors are completely resected, as this is highly correlated with 

the rate of local recurrence [51, 52]. Unfortunately, recent studies have reported that 20-40% of 

lumpectomy patients require additional surgery if post-operative pathology reveals that the 

resection margins are “positive” for tumor [53-55]. Re-excision surgeries are often uncomfortable 

and expensive for patients [53-55]. In addition, these surgeries may cause delayed initiation of 

adjuvant therapies with inferior patient outcomes [53-55].  

In the past, studies have generally defined the resection margins as “positive” when tumor 

has been found at the inked surface [51, 56-58], “close” when tumor has been found within 1 to 3 

mm of the inked surface of the specimen [51, 56-58], and “negative” when no tumor has been 

found within a “safe distance” (e.g. between 1 and 3 mm) from the inked surface [51, 56-58]. If 

tumor has been spotted within the 1- to 3-mm “safety margin”, patients were often subjected to re-

excision surgeries [53-55].  

 
 

Figure 1.2. The difference between positive and negative lumpectomy margins, adopted from 

www.breastcancercare.org.uk. In 2014, the Society of Surgical Oncology (SSO) and the American Society for 

Radiation Oncology (ASTRO) published consensus guideline on margins for breast-conserving surgery with whole-

breast irradiation, which defined negative margins as “no ink on tumor” [59]. 
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In 2014, the Society of Surgical Oncology (SSO) and the American Society for Radiation 

Oncology (ASTRO) published consensus guideline on margins for BCS with whole-breast 

irradiation, which defined negative margins as “no ink on tumor” (Figure 1.2) [59]. Recent studies 

have shown that using conservative criteria (e.g. the 1- to 3-mm “safety distance”) for margin 

evaluation does not significantly reduce local recurrence compared with “no ink on tumor” [59-

64]. This indicates a superficial imaging approach (such as the OTLS microscopy described in 

Chapter 4) may provide the same level of improvement in decreasing the re-excision rate for 

lumpectomy in comparison to a depth-resolved imaging approach.  

Chapter 4 in this dissertation discusses the current solutions for guiding lumpectomy, 

including slide-based histology [65-69], which has served as the “gold standard” for disease 

diagnosis over the past century, as well as other alternative technologies that have been in different 

stages of research development or clinical acceptance, such as frozen section histology [53, 70, 

71], touch preparation cytology [72, 73], ultrasound [74-76], specimen radiography [77, 78], 

radiofrequency spectroscopy [79, 80], and intraoperative microscopy [6, 16, 40-45, 81]. To address 

some of the technical limitations encountered by these current approaches (e.g. limited surface 

sampling, spatial resolution and contrast), an OTLS microscope along with a robust fluorescent 

analog of H&E staining, has been developed and optimized for rapid and comprehensive surface 

imaging of lumpectomy margins (Chapter 4) [81]. An image atlas comparison with conventional 

H&E histology has been presented to showcase that the OTLS technique provides surface images 

that surpass the quality of frozen sectioning and approximate the quality of gold-standard 

histopathology [81]. Further, preliminary results have suggested that the OTLS staining and 

imaging methods were reconcilable with downstream archival H&E histology and IHC data [81], 

which can catalyze the clinical adoption of OTLS microscopy for surgical guidance.    



 

 

8 

Chapter 2. CHARACTERING AND OPTIMIZING THE IMAGING 

PERFORMANCE OF CONFOCAL MICROSCOPES VIA MONTE-

CARLO SCATTERING SIMULATIONS                                                                                        

2.1 SINGLE-AXIS CONFOCAL (SAC) VS. DUAL-AXIS CONFOCAL (DAC) 

MICROSCOPES 

The basic principle of confocal microscopy is to selectively collect the photons originating from a 

localized focal volume while minimizing the collection of background signals from out-of-focus 

regions [82, 83]. A typical approach to obtain a confocal image is by scanning the focal volume in 

two dimensions over a sample and constructing an image point-by-point. Confocal microscopy 

utilizes point illumination and pinhole detection to efficiently reject out-of-focus and multiply-

scattered photons, providing superior tissue-imaging performance than conventional wide-field 

microscopy [82, 83]. As a non-destructive optical imaging technique, instead of physically 

sectioning the tissues, confocal microscopy obtains consecutive thin optical slices from thick 

specimens through spatially filtering undesirable background signals at each focal plane [82, 83]. 

These “optical biopsies” introduce minimal disruption of native tissue architecture and display 

similar structural information that can be obtained from traditional physical biopsies [82, 83].    

A conventional confocal microscope is generally designed to image cellular or subcellular 

features within tissues, which requires a spatial resolution of a few microns. Typically, a bulky 

objective lens with a high numerical aperture (NA) is necessary to obtain high image resolution. 

Unfortunately, high-NA optics often lead to limited working distances due to geometric 

constraints, which introduces several limitations for in vivo imaging applications, such as oral 

cancer detection & guiding brain tumor resection. For example, the scanning mechanism (e.g. 
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mirror) must be positioned prior to the objective lens [84, 85]. Pre-objective beam scanning can 

cause off-axis aberrations that must be alleviated using multiple corrective lenses, which increases 

the size of the objective as well as the complexity of the optics [84, 85]. Further, since the 

illumination and collection beams travel a common path in a conventional confocal microscope, 

the photons scattered along the illumination path outside of the focal volume, indicated by the blue 

region in Figure 2.1 (a), have a high probability to be fully collected as background signals by the 

same high-NA objective. These background signals decrease the imaging contrast (signal-to-

background ratio, SBR) and limit the maximum-achievable imaging depth.  

 

Figure 2.1. Schematic of single-axis vs. dual-axis microscope architectures. (a) The conventional single-axis 

configuration utilizes a single high-NA objective to illuminate and collect signals from a well-localized focal volume 

within scattering tissues. Some out-of-focus background is unavoidable due to this common-path arrangement. In 

addition, the short working distance of the high-NA objective necessitates pre-objective beam scanning, which 

introduces off-axis aberrations that must be compensated for. (b) The dual-axis configuration utilizes two low-NA 

beams for illumination and collection. Spatial separation of the beam paths enables high-contrast imaging with 

minimal out-of-focus background. The use of low-NA optics provides a long working distance, which allows for post-

objective beam scanning with minimal off-axis aberrations when performing laser-scanning microscopy over a large 

field of view. This figure was published in [86]. 

 

In a DAC architecture, as shown in Figure 2.1 (b), two low-NA beams are positioned such 

that they only intersect at their tiny foci with a crossing angle 2θ. The point spread function (PSF) 

of the low-NA illumination beam is represented by the dark blue oval, which has a narrow 
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transverse but long axial dimension [84, 85]. The PSF of the collection beam has a similar shape, 

as represented by the green oval in Figure 2.1 (b). The overall PSF of a DAC system (black oval) 

is equivalent to the product of the PSFs of the two off-axis beams [84, 85].   

 

Figure 2.2. Theoretical axial response (a) and transverse response (b) to a point reflector for a dual-axis and single-

axis confocal microscopes with equivalent axial resolutions. This figure was originally published in [85]. 

 

The DAC microscopy demonstrates several advantages over the conventional SAC 

microscopy for deep-tissue imaging: (i) the DAC configuration provides a spatial resolution that 

is relatively isotropic in all three dimensions, while the axial resolution of SAC microscopy is 

often significantly worse than its lateral resolution (due to the use of high-NA optics); (ii) the long 

working distance of low-NA optics allows for a scanning mirror to be placed on the beam-focusing 

side of the objective (post-objective side), which is advantageous for optical imaging over a large 

field of view; (iii) low-NA optics are easier to fabricate and are less sensitive to off-axis aberrations 

compared to high-NA optics; (iv) when the illumination and collection beams are separated, the 

out-of-focus and multiply-scattered photons existing in the illumination path (blue region in 

Figure 2.1 (b)) are less likely to be detected by the off-axis collection beam, providing a better 
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SBR and a longer depth of optical sectioning. Diffraction-theory calculations [84, 85] have been 

performed to show that the DAC configuration provides superior rejection of background signals 

compared to a conventional SAC architecture (Figure 2.2). 

2.2 POINT-SCANNED (PS) VS. LINE-SCANNED (LS) MICROSCOPES 

In a point-scanned (PS) confocal microscope, the focused point is scanned within tissues in two 

dimensions and an image is reconstructed pixel-by-pixel. Point-scanning provides high image 

contrast and resolution, but its imaging speed is typically slow (~ a few Hertz), which makes the 

microscope performance to be highly sensitive to motion artifacts, especially when performing in 

vivo optical imaging [32, 87-90].  

In a line-scanned (LS) confocal microscope, the focal line, which is generated by 

cylindrical focusing optics, is scanned through tissue only in one dimension and an image is 

reconstructed line-by-line. Instead of a point detector, a LS confocal microscope utilizes an array 

detector to image the entire line of pixels simultaneously [32, 87-90]. Although the line-scanning 

approach sacrifices a modest level of imaging resolution and contrast due to the loss of confocality 

along one axis [32, 87-90], it provides the following advantages compared to the point-scanning 

approach: (i) since a line of pixels is imaged simultaneously, line-scanning can theoretically gain 

an n times improvement in imaging speed, where n is the number of pixels per line; (ii) since only 

one dimension of scanning is required to generate a two-dimensional image, line-scanning 

simplifies the scanning mechanism and enables significant cost savings compared to the use of a 

bi-axial scanning mirror [32, 87-90]. 
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2.3 MONTE-CARLO SIMULATIONS  

To fully evaluate the performance tradeoffs of different confocal microscope configurations, we 

utilized FRED software (Photon Engineering, Tucson, AZ) to perform Monte-Carlo simulations. 

This study has been published in [91, 92]. Reprint permissions have been obtained from the 

publishers.  

 

Figure 2.3. a) DAC and (b) SAC microscope designs used for Monte Carlo simulations. The focal regions were shown 

in (c) and (d) for the DAC and SAC, respectively. This figure was originally published in [92]. 

 

The FRED software performed Monte-Carlo ray tracing based on a Henyey-Greenstein 

approximation of Mie scattering theory [93]. The tissue model used in these simulations had a 

scattering coefficient, µs, of 30 mm−1 and an anisotropy factor, g, of 0.81. These values were 

intended to model the scattering parameters measured with human skin at around 633 nm to 810 

nm [94]. To eliminate aberrations and reflections created at the air-tissue interfaces and to simplify 

the model, the index of refraction of the scattering media, n, was set as unity [91, 92]. These Monte-
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Carlo simulations were designed to assess tissue imaging performance for various confocal 

configurations (both point-scanned and line-scanned SAC and DAC microscopes) in reflectance 

mode but do not account for polarization, diffraction and absorption [92]. Furthermore, these 

simulations did not reflect other scattering events in real tissue, such as refractive beam steering 

and lensing effects introduced by heterogeneous tissue structures that have sizes larger than the 

operating wavelength of light (785 nm in this study) [91, 92]. Nevertheless, Monte-Carlo 

simulations have provided a good first order approximation of optical-sectioning performance in 

tissues and have been successfully validated via experiments with homogeneous scattering 

phantoms such as intralipid [84, 95].  

The geometric models used for simulation were presented in Figure 2.3 [92]. In the DAC 

setup, two off-axis Gaussian beams were aligned such that the illumination and collection beams 

intersect at their focus with a crossing half angle, θ, of 30 degrees. Each individual beam had a 

1/e2 focusing half angle, α, of 0.11 rad and the lens (L1) used in the DAC had a focal length of 

25.6 mm. Based on diffraction theory, the SAC was designed to have the same full width at half 

maximum (FWHM, -3 dB) axial resolution as the DAC. Thus, the 1/e2 focusing half angle, β, of 

the SAC was calculated as 0.42 rad. For the SAC microscope, a custom aspheric lens (L2) with a 

focal length of 16.8 mm was designed in ZEMAX to produce a diffraction-limited focus and was 

imported into FRED. To generate a focal line for LS configurations, a cylindrical lens was added 

into both the DAC and SAC models. The focal lengths of these cylindrical lenses were chosen to 

yield a focal line that was roughly 500 µm long at the imaging plane (focal length for C1 = 300 

mm and C2 = 1000 mm).  

In our simulations [92], the detector plane had a grid spacing of 0.5 µm. Since the DAC 

and SAC architectures utilized beams with different NAs, the diffraction-limited focal spot sizes 
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were different. Therefore, in each microscope setup, a detector pinhole of an appropriate focal spot 

size was created by binning the pixels at the center of the detector. For the DAC configuration, a 

7 x 7 bin of detector pixels, corresponding to a physical pinhole size of 3 x 3 µm, was utilized. 

This pinhole size was found to provide an optimal signal-to-background ratio (SBR) in our 

simulations and was slightly larger than the diffraction-limited spot size of a beam with a 1/e2 NA 

= 0.11.  For the SAC configuration, a 3 x 3 bin of detector pixels, corresponding to a physical 

pinhole size of 1 x 1 µm, was chosen. This also yielded an optimal SBR in our simulations and 

was slightly larger than the diffraction-limited spot size of a beam with a 1/e2 NA = 0.42.  Here, 

we defined the 1/e2 NA = n sin (γ), where n was the index of refraction of the medium and γ was 

the half angle of a focused Gaussian beam measured to the 1/e2 intensity point (γ = α for the DAC 

and γ = β for the SAC). 

 

Figure 2.4. (a) The simulated peak signal from a mirror at the focus, and the scattering background (no mirror), as a 

function of imaging depth (LP) for all confocal microscope architectures. A linear fit of the DAC-PS peak signal was 

also shown above. (b) The signal-to-background ratio (SBR) for all configurations. The axial responses of the DAC 

(c) and SAC (d) configurations with LP = 1.5, 4.5 and 7.5. This figure was originally published in [92]. 
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We first simulated the peak signal obtained by different confocal microscope architectures 

(point-scanned DAC, line-scanned DAC, point-canned SAC, and line-scanned SAC) with a 100% 

reflective mirror placed at the focal plane [92]. These peak signals were dominated by ballistic 

(non-scattered) photons while contained a small amount of background signals. Theoretically, 

according to the Beer-Lambert Law [84, 85], this peak signal should decay as an exponential 

function of imaging depth within tissue. Figure 2.4 (a) confirmed that the normalized peak signals, 

plotted logarithmically in dB, do obey the Beer-Lambert relation. In Figure 2.4 (a), imaging depth 

was expressed as a non-dimensional quantity, the “perpendicular optical length,” LP. This is the 

total number of mean free paths travelled by ballistic (non-scattered) photons in a perpendicular 

roundtrip path between the tissue surface and the mirror, 2μsd. The background signal was 

calculated by removing the mirror from the simulation. The maximum signal-to-background ratio, 

calculated from the data in Figure 2.4 (a), was plotted in Figure 2.4 (b). Next, axial scans were 

simulated at various depths within the homogenous scattering medium. In this case, a flat mirror 

was translated axially away from the microscope’s focal plane to determine the axial response of 

the microscope as a function of imaging depth. The axial responses for all architectures were 

presented in Figures 2.4 (c) and (d).  

For simulating transverse knife-edge scans, we exploited a reflective target consisting of a 

0.1% reflective surface adjacent to a 100% reflective surface (30 dB contrast). This knife edge was 

placed at the focal plane of the microscopes. For PS configurations, this knife edge was translated 

along the focal plane in the y direction (Figure 2.3). For LS configurations, this knife edge was 

kept stationary, and the focal line extended in the y direction across the knife edge. The transverse 

responses for all confocal microscope architectures were shown in Figure 2.5.  
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Simulations [92] suggested that the DAC configuration produced a higher SBR than the 

SAC configuration when comparing their respective point-scanning and line-scanning modes. 

Axial-response simulations (Figures 2.4 (c) and (d)) showed that the DAC microscope had a 

lower background floor than the SAC microscope through up to LP = 7.5 within a homogenous 

scattering medium. This agrees with previous experimental data on the ability of the DAC 

configuration to reject out-of-focus and multiply scattered light in tissues [84, 85]. However, this 

contrast improvement was not as pronounced at deep imaging depths. For instance, in Figure 2.4 

(b), the SBR at larger imaging depth (LP = 7.5) was not significantly better for the DAC compared 

with the SAC in both PS and LS modes.  

 

Figure 2.5. Transverse responses to a knife-edge reflective target at various imaging depths, Lp =1.5, 4.5, 7.5, for the 

DAC-PS (a), SAC-PS (b), DAC-LS (c) and SAC-LS (d) architectures. This figure was originally published in [92]. 

 

As described in Chapter 2.2, many investigators have been interested in line-scanned 

confocal microscopy because of its potential to achieve high-speed imaging with the reduced 

complexity of only requiring beam scanning in one direction [92]. However, a primary limitation 
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of line-scanning approaches was that the lack of confocality in one-dimension results in greater 

photon crosstalk and diminished rejection of out-of-focus and multiply scattered background light. 

We simulated the transverse response to evaluate this crosstalk [92]. In Figure 2.5, we observed 

that pixel crosstalk degrades image contrast in both the DAC-LS (Figure 2.5 (c)) and SAC-LS 

(Figure 2.5 (d)) configurations compared to their respective PS counterparts (Figures 2.5 (a) and 

(b)). This crosstalk also caused the transition length at the knife edge to increase for the LS 

microscopes.  For example, when comparing Figures 2.5 (b) and (d), it was apparent that the LS-

SAC showed a much slower transition in signal at the knife edge compared to the PS-SAC. 

However, Figures 2.5 (a) and (c) showed that this crosstalk-induced degradation at the knife edge 

was less obvious for the DAC. A direct comparison between Figures 2.5 (c) and (d) suggested 

that the DAC architecture was better than the SAC for line scanning, resulting in superior contrast 

as well as transverse spatial definition at perpendicular optical lengths of up to LP = 7.5. 

In summary, Monte-Carlo simulations [92] showed that spatial resolution was maintained 

in all microscope architectures at shallow depths. The axial resolution was defined by the FWHM 

(-3 dB) points and transverse resolution was defined by the 10% to 90% transition width. These 

simulations were performed with a homogenous scattering medium. Real biological tissues which 

contain heterogeneities could result in degraded spatial resolution as a function of depth. In both 

PS and LS modes, the DAC was superior to the SAC, especially at shallow imaging depths. In 

particular, we found that for line scanning, the DAC showed less degradation in contrast and spatial 

definition compared to the SAC. This suggests that the combination of a DAC architecture and 

line scanning could provide an optimal balance between imaging speed, depth, resolution, contrast, 

and cost for certain in vivo imaging applications, such as oral cancer detection and guiding brain 

tumor resection. 
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2.4 OPTIMIZATIONS OF DAC MICROSCOPES 

Contrast and spatial resolution are two crucial performance parameters to consider when 

developing and designing microscopes for different applications. Previous diffraction theory 

studies [84, 85] have indicated that spatial resolution of a DAC microscope depended on both the 

crossing half angle of the dual-axis beams, θ, and the focusing NA of the individual beams, α. It 

has been generally recognized that tissue-imaging contrast of a DAC microscope is a function of 

θ and α. However, this relationship has not yet been well studied. Since diffraction theory did not 

model any scattering events, Monte Carlo simulations were utilized here to describe the tissue-

imaging performance (contrast) of PS-DAC and LS-DAC configurations in reflectance mode as a 

function of θ and α [91]. As mentioned in Chapter 2.3, tissue-imaging contrast in this study was 

defined as the ratio between the in-focus signal in an image and the background signal due to out-

of-focus and multiply scattered light: the signal-to-background ratio (SBR). Furthermore, to 

provide a comprehensive guide for the design of these devices, we also included diffraction theory 

calculations of spatial resolution as a function of θ and α [91]. This study has been published in 

[91]. Reprint permission has been obtained from the publisher.   

 The FRED software inputs and geometric models were kept consistent with previous 

simulation setup [92]. We varied θ and α in the simulations to analyze their effects on contrast and 

resolution. Based on the experience in building DAC microscope systems, we limited our analysis 

to a range of practical values: 0.1 rad < α < 0.25 rad; and 15º < θ < 35º. To investigate the effect 

of each variable independently, α was fixed at 0.11 rad when θ was changed. Similarly, θ was kept 

at 30º when α was varied [91]. Varying α changed the diffraction-limited spot size at the detector. 

Therefore, the pinhole size at the detector must be adjusted as α is altered [91]. For instance, when 

α = 0.1 rad, we chose a pinhole size of 3 x 3 µm, which was slightly larger than the spot size 
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calculated by diffraction theory. Since the diffraction-limited spot size scaled with 1/α, if α 

increased to 0.2 rad, the pinhole changed to 1.5 x 1.5 µm. In all simulations, our detector plane 

was oriented perpendicularly to the collection beam and was consisted of pixels separated by 0.1 

µm. Thus, a 3 x 3 µm pinhole corresponded to a 31 x 31 bin of detector pixels, whereas a 1.5 x 1.5 

µm pinhole corresponded to a 16 x 16 bin of detector pixels [91].  

 

Figure 2.6. The signal-to-background ratio for the DAC-PS configuration as a function of imaging depth, Lp, when 

(a) varying θ with α fixed at 0.11 rad and (b) varying α with θ fixed at 30. This figure was published in [91].  

 

 

  
 

Figure 2.7. The signal-to-background ratio (SBR) for the DAC-LS configuration as a function of imaging depth, Lp, 

when (a) varying θ with α fixed at 0.11 rad and (b) varying α with θ fixed at 30. This figure was originally published 

in [91]. 
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Simulation results [91] indicated that the effects of θ and α on contrast and resolution were 

quite different for the PS-DAC vs. LS-DAC architectures. For PS-DAC configuration, a plot of 

SBR vs. imaging depth (LP) for the PS-DAC configuration was shown in Figure 2.6. In Figure 

2.6 (a), when α was fixed, increasing θ resulted in improved SBRs for all depths. However, Figure 

2.6 (b) showed that SBR was not sensitive to variations in α. These results indicated that 

maximizing θ was important for achieving high contrast (i.e., rejecting as much out-of-focus and 

multiply scattered light as possible) for the PS-DAC design while varying α was not as important 

[91]. For LS-DAC configuration, a plot of SBR vs. imaging depth (LP) for the DAC-LS 

configuration was shown in Figure 2.7. Figure 2.7 indicated that increasing θ was not as 

important, compared to the PS-DAC configuration, for improving SBR; but increased θ did make 

a slight difference in improving the contrast at shallow depths. Figure 2.7 (b) suggested that 

varying α played a minor role in improving contrast. Note that for the LS-DAC configuration, 

overall SBR performance was worse than for the PS-DAC. Therefore, the DAC-LS would likely 

be utilized only for imaging at shallow depths [91]. 

    

Figure 2.8. (a) The DAC model used for Monte-Carlo simulations (b) The focal region of a DAC microscope. In the 

DAC architecture, the illumination and collections beams intersected at a focal volume (black) with spatial resolution 

∆x and ∆z. This figure was originally published in [91]. 
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In previous study [84, 85, 96], the FWHM spatial resolution was calculated from 

diffraction theory:  
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For the DAC-PS configuration (Figure 2.8), ∆y only depended on the focusing NA of the 

individual beams, α, and was not a function of crossing angle, θ. For the LS-DAC configuration, 

since the focal line extended in the y direction, ∆y was determined by how fully the linear array 

sampled the line according to the Nyquist sampling criteria. Here, we focused our analysis on the 

spatial resolution in the x and z directions, which were functions of both θ and α, as seen in Eq. 

(1). In order to apply these calculations for all wavelengths, a non-dimensional resolution was 

reported by normalizing against wavelength, λ: ∆x/λ and ∆z/λ. These diffraction results applied for 

both the PS-DAC and LS-DAC designs [91]. 

 

Figure 2.9. Contour plots for non-dimensional spatial resolution: (a) ∆x /λ and (b) ∆z /λ. This figure applies to both 

the DAC-PS and DAC-LS configurations. This figure was originally published in [91]. 

 

 

The contour plots in Figure 2.9 were utilized to assess the effect of θ and α on spatial 

resolution (x and z direction). Figure 2.9 (a) implied that α contributes more than θ in determining 

(1) 
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∆x. In particular, for a fixed θ, high NA beams (large α) helped to ensure high resolution in the x 

direction. However, for a fixed α, increasing θ only slightly improved ∆x resolution. Figure 2.9 

(b) indicated that, in order to achieve good resolution in the z direction, maximizing both θ and α 

was necessary.  

Both Monte-Carlo simulations and diffraction theory calculations [91] suggested that the 

optimization of DAC configurations may require very different design parameters, depending 

upon the biomedical application of interest.  

First, the dependencies of contrast on θ and α were evaluated by Monte-Carlo simulations  

[91]. According to Figure 2.6, SBR for PS-DAC was more sensitive to θ rather than α. In 

particular, increased θ resulted in better SBR. An explanation for this result was that the 

illumination and collection paths moved closer to each other when their half crossing angle, θ, 

decreased. As the two beams moved closer to each other, the out-of-focus and multiply scattered 

photons generated by the illumination beam were more likely to scatter into the collection beam. 

Therefore, increasing θ improved the SBR (contrast). When the focusing NA of each individual 

beam, α, increased, the illumination and collection beams also moved closer to each other, which 

should worsen the SBR. However, since the diffraction-limited spot size at the detector was 

reduced when α is increased, the correspondingly smaller pinhole improved the rejection of out-

of-focus and multiply scattered background light. These two effects balanced each other; which 

ultimately caused the DAC-PS to be relatively insensitive to changes in α. Figure 2.7 displayed 

the effect of varying θ and α on the contrast of the LS-DAC configuration [91]. At shallow depths, 

maximizing θ resultd in a slight improvement in SBR, but this contrast improvement in the LS-

DAC architecture was much less than in the PS-DAC architecture. We hypothesized that this may 

be due to photon crosstalk serving as the dominant source of background in the LS-DAC 
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configuration. The lack of confocality in one dimension for the line-scanned approach created 

crosstalk between pixels along the focal line at the detector. This crosstalk diminished the LS-

DAC architecture’s ability to reject out-of-focus and multiply scattered background light, and 

thereby limited the achievable contrast (SBR) of the line-scanned DAC. 

Although diffraction theory [91] did not account for scattering events, it allowed us to 

express spatial resolution as a function of θ and α. Monte-Carlo simulations along with diffraction 

theory calculations provided a comprehensive guide to optimize the DAC-PS and DAC-LS 

microscopes for various imaging applications. For a DAC-PS microscope, optimization should 

seek to balance both contrast and spatial resolution. Since increasing θ was more important than α 

for obtaining highest contrast for a DAC-PS microscope, optimizing the DAC-PS design should 

prioritize the beam crossing half angle, θ. Moreover, according to diffraction theory, given a 

maximized θ, increasing α would be also preferred for maintaining good ∆x and ∆z resolution. 

Increasing α would only slightly reduce contrast for the DAC-PS design. For the DAC-LS design, 

since contrast was not overly sensitive to variations in either θ or α, its optimization should focus 

on obtaining high spatial resolution (x and z direction). In the x direction, good resolution required 

maximizing α. In the z direction, increasing both θ and α improved resolution. 

In practice, one’s choice of θ or α is often limited by pragmatic concerns such as working 

distance, device size, as well as the position and size of the scanning mechanism. Generally, large 

crossing angles, θ, imply larger device sizes and shorter working distances. Large crossing angles, 

θ, and beam numerical apertures, α, together may create additional challenges for aberration-

corrected optics and the index-matching of beams into tissues [97-99].   
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2.5 A TABLE-TOP LS-DAC MICROSCOPE OPTIMIZED FOR VIDEO-RATE IN VIVO 

IMAGING 

Although microscopy of ex vivo tissues provides valuable information for biological investigations 

and clinical diagnoses, key insights into dynamic processes, such as blood cells trafficking within 

capillary networks, can only be obtained under in vivo settings [100-103]. Video-rate microscopy 

(defined here as >15 frames-per-second, fps) at frame rates of up to 30 fps, has shown utility for 

monitoring these cellular-level dynamics [88]. In addition, high frame rates are useful for 

mitigating motion artifacts due to respiration or due to mechanical jitter when a human operator 

holds a handheld or endoscopic microscope [7, 104-107]. Previous feasibility studies, with a slow 

stage-scanned line-scanned LS-DAC microscope [108], have demonstrated that LS-DAC 

microscopy was capable of imaging tissues with subcellular resolution and high contrast at 

moderate depths of up to several hundred microns. However, the sensitivity and performance of a 

video-rate LS-DAC imaging system, with low-numerical aperture optics, have not yet been 

verified. Exploiting a state-of-the-art sCMOS camera and a galvanometric line-scanning mirror, 

we have demonstrated the ability to perform sensitive in vivo video-rate LS-DAC fluorescence 

microscopy of anesthetized mice and ex vivo tissues (mouse and human) at 12 fps (FOV ~ 500 x 

500 µm) or 30 fps (FOV ~ 150 x 500 µm). This study has been published in [88]. Reprint 

permission has been obtained from the publisher.   

Figure 2.10 [88] provided a schematic of the optical setup of the LS-DAC microscope, 

which was a modified version of a previous system [108]. A singlemode fiber-coupled diode laser 

(658-nm from Coherent Inc., 488-nm from Coherent Inc., or 405-nm from SFOLT Co., Ltd) was 

collimated and focused to a ~500-µm-long (FWHM) line in the sample without magnification 

(Gaussian NA ~ 0.12). A solid immersion lens (SIL) was used to index match the illumination and 
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collection beams into the sample, increasing the NA of the illumination beam from ~ 0.12 to ~ 

0.17 [84, 85]. The light from the sample was collected off-axis from the illumination path (with a 

half-crossing angle of 30 degrees), transmitted through a long-pass fluorescence filter (Semrock, 

FF01-496/LP-25) and imaged with 5x magnification (L2) onto a sCMOS camera (ORCA flash 4.0 

v2, Hamamatsu). A galvanometric scanning mirror (Cambridge Technologies), driven by a custom 

LabVIEW program (National Instruments), was used to scan the confocal line along the x axis. 

Individual confocal image frames were stitched together line-by-line using a custom MATLAB 

script (Mathworks) and the image stacks were rendered into videos using ImageJ (NIH).  

    

 

 

 

 

 

 

 

 

 

Figure 2.10. (a) Schematic of the video-rate LS-DAC microscope. The scan mirror rotated about the y axis and 

scanned the confocal line in the x direction. C1: cylindrical lens. (b) Zoomed-in view of the video-rate LS-DAC 

microscope near the sample. (c) Photograph of the LS-DAC tabletop implementation. SMF: single-mode fiber (d) 

Photograph of the LS-DAC microscope near the focus. This figure was originally published in [88]. 
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The sCMOS camera used as a detector in this study was able to acquire ~ 5000 to 6000 

raw acquisitions (confocal lines) per second (~ 167 to 200 µs exposure time) for a thin rectangular 

region of interest (ROI) of 32 by 2048 pixels [88]. The center 3-pixel width of this strip 

corresponded to an imaging dimension of ~ 2.7 µm in the tissue sample (slightly larger than the 

width of our diffraction-limited focal line) and was binned to create a digital confocal slit. For each 

2D image, the scanning mirror was programmed to scan the focal line in the x direction (Figure 

2.10). Serially acquired confocal lines were stitched together, enabling a confocal imaging rate of 

12 fps over a ~500 x 500 µm FOV, or a 30-fps video imaging rate over a small ~150 x 500 µm 

FOV. A consistent sampling pitch of 1.1 µm per pixel was utilized in the x direction. According 

to diffraction theory, the FWHM width of the focal line in tissues should be 1.4 µm. Therefore, we 

were slightly under-sampling the x direction (per Nyquist criteria). The sampling density in the y 

direction was determined by the pixel pitch in the sCMOS camera, which is 6.5 µm. Taking into 

account the magnification of the SIL sample holder (~1.45), as well as the magnification of the 

collection-side optics (5x), the sampling pitch within tissue was approximately 0.9 µm per pixel. 

The diffraction-limited FWHM resolution in the y direction was 1.2 µm. Therefore, we were 

slightly under-sampling the y direction per Nyquist. 

For in vivo imaging, fluorescein isothiocyanate (FITC)-conjugated dextran (Sigma 

Aldrich, FD2000S, 2000 kDa, 10 mg/mL) was injected retro-orbitally into anesthetized mice to 

highlight their brain vasculature [88]. The mice were anesthetized with a ketamine/xylaxine 

cocktail (10 mg/mL ketamine, 1 mg/mL xylaxine) via intraperitoneal injection at 10 mL/kg body 

mass. The animals were placed on a custom platform that allowed for the imaging of the 

vasculature in their ears. The animals remained under anesthesia during the imaging experiments 

and were immediately sacrificed upon the completion of the experiments. In order to image blood 
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cells trafficking within the capillaries of mouse at various depths beneath the ear skin surface, a 

computer-controlled actuator (Newport Corporation, CMA-12CCCL) was used to translate the 

sample stage along the z-axis in 25 µm/sec steps (Figure 2.10). Three-dimensional images of 

mouse-ear vasculature were constructed by acquiring a stack of horizontal image sections (Figures 

2.11 (a) and (b)). 

 

Figure 2.11. LS-DAC microscopy of mouse blood flow at a frame rate of (a) 30 fps over a FOV of 250 x 500 µm and 

(b) at 15 fps over a FOV of 500 x 500 µm. Panels (c) and (d) were single-vessel images cropped from (a) and (b). The 

red lines indicated the locations where line-profile data were analyzed in panels (e) and (f) to quantify the velocity of 

the erythrocytes. The arrows indicated the direction of flow. This figure was originally published in [88].  
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Figure 2.11 [88] displayed the z projection of all the images collected at 30 fps (FOV of 

250 x 500 µm) at depths of approximately 125 μm to 200 μm beneath the surface of the mouse ear 

skin. Blood flow within individual capillaries in the mouse ear can be visualized. Intravenously 

injected FITC-dextran illuminated the blood plasma while red blood cells can be observed as 

shadows trafficking through the capillaries. Serially acquired images obtained at a fixed depth 

were analyzed to determine the velocity of the erythrocytes within individual vessels (Figures 

2.11 (c) and (d)).  With a FOV of 500 x 500 µm, the imaging frame rate was decreased to 15 fps 

(Figure 2.11 (b)). However, red blood cells trafficking in the capillaries (0.1 to 2 mm/s [109]) 

were still visualized and quantified (Figures 2.11 (d) and (f)). From Figures 2.11 (e) and (f), the 

red blood cells velocities in single capillaries of a live mouse ear were estimated to be ~ 0.1 mm/s 

(Figure 2.11 (e)) and ~0.135 mm/s (Figure 2.11 (f)).  

To show that the camera exposure times utilized for the in vivo imaging experiments could 

also provide sufficient sensitivity to image tissues topically stained with an exogenous fluorescent 

contrast agent, excised mouse tongue tissues were topically stained with an FDA-approved agent, 

methylene blue and used for the ex vivo imaging experiment [88]. The ex vivo image shown in 

Figure 2.12 (captured at 167-m line-acquisition rate, or 12-fps imaging rate) displayed similar 

detail and contrast compared to previously published data where a 1-ms line-acquisition rate was 

utilized [108].  

To further validate the flexibility of video-rate LS-DAC microscopy for clinical 

applications [88], human brain tumor specimens (glioma) were obtained during surgery and 

imaged with our device. Prior to surgery, 5-aminolevulinic acid (5-ALA), a pro-drug currently in 

clinical trials (phase II) for image-guided resection of malignant brain tumor, was orally 

administered to glioma patients at the Barrow Neurological Institute in Phoenix, AZ under an IRB-
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approved protocol and IND approval for the use of 5-ALA. 5-ALA can be intracellularly 

metabolized by the mitochondria to form protoporphyrin IX (PpIX), which has been shown to 

preferentially accumulate in various tumor cells (including glioma cells). Low-grade gliomas 

typically do not generate enough PpIX to enable detection using wide-field low-resolution 

fluorescence imaging, but optical-sectioning confocal microscopy has the resolution and 

sensitivity to visualize the sparse and punctate PpIX expression in these low-grade tissues. We 

showed that LS-DAC fluorescence microscopy at 12 fps possessed adequate sensitivity to 

visualize sub-cellular PpIX expression in thick (un-sectioned) glioma tissues (405-nm excitation 

and 625-nm collection), as shown in Figure 2.13, with good correlation to fluorescence 

histopathology. Previous studies [110-112] have already indicated the potential benefit of 

intraoperative confocal microscopy for guiding glioma resections. However, the frame rates of 

previously developed devices have been insufficient to mitigate motion artifacts during handheld 

intraoperative use. Therefore, a miniature LS-DAC microscope, with a fast frame rate of 12 fps or 

higher, would be beneficial. 

 

Figure 2.12. (a) Excised mouse tongue stained with methylene blue and fluorescently imaged at 15 fps over a FOV 

of ~500 x 500 µm). (b) H&E stained histology cross section of a mouse tongue. Scale bar = 100 µm. This figure was 

initially published in [88]. 
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Figure 2.13. (a) Surgically resected glioma (brain tumor) specimen fluorescently imaged at 15 fps over a FOV of ~ 

500 x 500 µm. The patient was administered 5-ALA prior to surgery. (b) A histological section of a glioma specimen 

from a patient administered with 5-ALA prior to surgery. This image has showed DAPI-stained nuclei (blue), 5-ALA-

induced PpIX fluorescence (red), and the expression of glial fibrillary acidic protein (GFAP, green). Scale bar = 100 

µm. This figure was initially published in [88]. 

 

In this study [88], video-rate imaging at 30 fps was achieved with a LS-DAC microscope 

with sufficient speed, contrast, and sensitivity to visualize in vivo blood cell dynamics. In addition, 

high-speed LS-DAC microscopy at 15 fps has shown sufficient sensitivity and contrast to visualize 

cellular details in tissues topically stained with a fluorescent contrast agent, methylene blue, as 

well as the sub-cellular expression of fluorescent PpIX in glioma tissues from patients 

administered with 5-ALA prior to surgery. No significant photobleaching was noted during the in 

vivo and ex vivo experiments [88]. This was the first demonstration of in vivo video-rate imaging 

at 15 to 30 fps with a tabletop LS-DAC device [88], which has provided an important benchmark 

for a miniature handheld LS-DAC microscope under development in our lab [113, 114]. The 

results of this study [88] has indicated that LS-DAC microscopy has the potential to provide 

valuable functional and morphological information for point-of-care cancer diagnostics and 

intraoperative guidance of tumor-resection procedures [113, 114]. 
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Chapter 3. BESSEL-BEAM ILLUMINATION IN DUAL-AXIS 

CONFOCAL MICROSCOPY MITIGATES RESOLUTION 

DEGRADATION CAUSED BY REFRACTIVE HETEROGENEITIES   

3.1 FUNDAMENTALS OF BESSEL BEAMS 

In recent decades, there has been a renewed interest in exploiting Bessel beams as an illumination 

approach for deep-tissue laser-scanning microscopy [35-39]. The intensity profile of an ideal 

Bessel beam can be expressed by a zero-order Bessel function of the first kind where the narrow 

main lobe of a Bessel beam is encircled by a decaying set of “side-lobe” rings (Figure 3.1) [22]. 

The different approaches to generate a Bessel beam mainly include the use of an axicon lens [115], 

spatial light modulation [116], or a spiral phase plate [117].  

 

Figure 3.1. The axial and transverse profiles of a Bessel beam [22]. 

 

There are two well-known characteristics of a Bessel beam: its “non-diffracting” and “self-

reconstructing” properties [35-39]. These characteristics are beneficial for laser-scanning 

microscopy in large specimens with micro-architectural heterogeneities, such as cell clusters or 

embryos [35-39]. The “non-diffracting” property of a Bessel beam means the light beam can travel 

over a long distance along the optical axis without exhibiting any broadening or bending of its 

main lobe [22]. The “self-reconstructing” property means this main lobe of a Bessel beam can 
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propagate through highly heterogeneous media, even when there are obstacles blocking or 

distorting the main lobe temporarily [22]. This self-healing behavior has been supported by the 

fact that each side lobe of a Bessel beam carries approximately the same amount of energy as the 

main lobe and continuously serves to reconstruct the main lobe as it propagates [118-120]. 

Unfortunately, these side lobes have also contributed out-of-focus background that can decrease 

image contrast, which becomes a trade-off when implementing Bessel beams in various optical 

microscopy applications [30, 35-39]. 

In particular, many groups have explored implementing Bessel illumination in light-sheet-

based microscopy [21, 23, 36, 38, 39]. When performing light-sheet microscopy with Gaussian 

illumination in tissues, the field of view (FOV) where the thickness of the light sheet was fairly 

uniform, was limited and can be approximated by the confocal parameter, or twice the Rayleigh 

range of the Gaussian beam [22, 30]. Tissue-heterogeneity-induced light-sheet distortions have 

been demonstrated to decrease the contrast and resolution in Gaussian light-sheet-based 

microscopy [21, 22, 36]. The “non-diffracting” and “self-reconstructing” characteristics of a 

Bessel beam have shown promise in addressing these limitations. For example, some have 

explored utilizing the “non-diffracting” property of Bessel beams to achieve an extended FOV, 

which can be useful for imaging relatively large biological specimens such as whole embryos [23, 

38]. Others have exploited the “self-reconstructing” property of Bessel beams to enhance image 

contrast and resolution for deep-tissue optical imaging within highly heterogeneous samples [36, 

39]. Many of these groups have also explored different approaches, such as structured illumination 

[21, 121], confocal line detection [122, 123], as well as two-photon excitation [124, 125], to 

mitigate the background caused by the diffraction side lobes of Bessel beams, providing further 

improvements for deep-tissue imaging with Bessel light-sheet microscopy.  
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3.2 CHARACTERIZING THE MOTION AND DISTORTION OF LIGHT BEAMS FOCUSED 

IN TISSUES 

The basic physical principles of Bessel beams have previously been well studied (Chapter 3.1). 

However, there is a need to quantitatively evaluate the “self-reconstructing” property of Bessel 

beams compared to conventional Gaussian beams in tissues. We have developed an experimental 

strategy and a quantitative metric to assess the motion (heterogeneity-induced beam steering) of 

focused Gaussian and Bessel beams in water, heterogeneous phantoms, and mouse esophagus 

tissues [30]. In addition, we have developed a second quantitative metric to measure the distortion 

(heterogeneity-induced beam distortion) of focused Gaussian and Bessel beams in these same 

media [30]. While recognizing the presence of diffraction side lobes, which must be alleviated to 

achieve high image contrast, we have concentrated the characterization of Bessel beams on their 

main lobes alone. This study has been published in [30]. Reprint permission has been obtained 

from the publisher.   

 Figure 3.2 displayed the imaging system used in our study [30]. Both Gaussian and Bessel 

illumination utilized a diode-pumped solid-state laser (Coherent Laser, Inc.) at 550 nm as the light 

source. For Gaussian illumination, a low-NA Gaussian beam with a pre-SIL (solid immersion lens) 

NA = 0.12 was imaged without magnification into different samples (water, heterogeneous 

phantoms containing silica beads of various concentrations, and fresh mouse esophagus tissues) 

though a pair of matched aspheric lenses (L1 and L2) with a 25-mm focal length (NT49-660, 

Edmund Optics, Barrington, NJ). For Bessel illumination, an axicon with a 20-deg base angle 

(Thorlabs AX2520-A) was utilized instead of the second aspheric lens (L2) in the illumination 

path. The FWHM spot size at the sample was 1.2 µm for the Gaussian beam waist and 1.0 µm for 

the main lobe of the Bessel beam. The samples were placed on a SIL with a refractive index of n 
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= 1.45, which provided index matching to allow the focused beams to enter into tissue-like samples 

with minimal aberrations. A 100x microscope objective objective (Nikon, PN: 79235, NA=0.9, 

WD = 1 mm) was utilized to image the beam foci onto a CCD camera (PointGrey, GRAS-14S5M-

C with 6.45-µm pixel spacing). An alignment mirror was utilized to direct the beam foci to the 

same detector region for all measurements (i.e. the same group of CCD pixels), which confirmed 

a uniform detector response for the CCD. In order to fill the 8-bit dynamic range of the CCD for 

each experiment and to minimize the effects of detector background, we deliberately altered the 

laser power for each experimental condition. Experiments were performed in a dark room to 

eliminate the ambient background. In the absence of light, the dark background count from the 

CCD was less than 1 count out of 256. Therefore, no background subtraction was necessary [30].    

 

Figure 3.2. The imaging system for quantifying both beam steering and distortion of Gaussian and Bessel beams 

focused in heterogeneous media. The beam focus (and CCD imaging plane) was positioned at the coverslip interface 

at the top (far end) of each sample. The distance between the coverslip and the SIL (solid immersion lens), h, was 250 

µm. This figure was initially published in [30].    
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In order to gain an insight into the beam-steering phenomenon, and to explain certain 

aspects of our experimental setup, we performed basic simulations using FRED ray-tracing 

software (Photon Engineering, Tucson, AZ) [30]. These simulations utilized the same Gaussian 

illumination conditions that were applied in the imaging experiments and involved placing a single 

silica bead (10-µm radius) at different locations (xbead = 0, 2, 4… 50 µm; zbead = 10, 200 µm) near 

the focus (z = 0) of a diffraction-limited Gaussian beam (Figure 3.3) [30]. 

 
 

Figure 3.3. Normalized lateral irradiance profiles at the focus (z = 0) of a Gaussian beam (diffraction-based 

simulations) when a single silica bead with a 10-µm radius was placed at various locations (xbead = 0, 2, 4… 50 µm; 

zbead = 10, 200 µm) near the focus of the beam. Significant beam steering and distortion of the Gaussian beam focus 

was observed when the bead was positioned near the focus (zbead = 10 µm); however, negligible beam steering and 

distortion were observed when the bead was positioned further from the focus (zbead = 200 µm). The scale bar measures 

1 µm. This figure was initially published in [30].    
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As shown in Figure 3.3, the magnitude of beam steering and distortion was maximized 

when the beads were positioned near the focus of the beam: zbead = 10 instead of zbead = 200 µm. 

Therefore, we needed to image and quantify beam motions and distortions near the beam focus, 

which was achieved by positioning the focus (as well as CCD imaging plane) at the coverslip 

interface at the top (far end) of each sample, as shown in the inset of Figure 3.2. If the beam focus 

was located beyond the sample (within or above the coverslip), the measured motion and distortion 

of the focus was significantly reduced due to a lack of heterogeneities near the focus. If, on the 

other hand, the beam focus was located deep within the sample (well below the coverslip 

interface), then the CCD would not be able to accurately image the beam focus due to light 

scattering (in tissues) between the focus and the camera.   

       

 

Figure 3.4. The normalized irradiance of focused Gaussian and Bessel beams. From left to right, the columns 

represent: (a & e) simulations of diffraction-limited beam foci, (b & f) beam foci imaged in water, (c & g) beam foci 

imaged in bead phantoms (1 mg/ml concentration), and (d & h) beam foci imaged in fresh mouse esophagus tissues. 

The scale bar measures 1 µm. This figure was initially published in [30].    

 

 

Figure 3.4 displayed the images of Bessel or Gaussian beam foci in  different media (water, 

heterogeneous phantoms containing silica beads of various concentrations, and fresh mouse 
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esophagus tissues) [30]. The freshly isolated mouse esophagus tissues, which have a large number 

of micro-architectural heterogeneities, created more severe beam distortion than the silica-bead 

phantoms. However, the Bessel beams exhibited less heterogeneity-induced distortions compared 

to the Gaussian beams in all cases. 

 

Figure 3.5. Quantification of beam motion. (a) A depiction of how “di” is calculated, where di is the displacement 

between the position of individual snap-shot images of beam foci (A,B,C,…) and the average position (unperturbed 

beam position), M. (b) The standard deviation in the displacement of focused Gaussian and Bessel beams in water, 

bead phantoms and fresh mouse esophagus tissues. Each set of data contains 100 successive snap-shot images of a 

beam focus. Error bars represent the variability between five sets of data. Bead phantoms 1, 2, and 3 are at 

concentrations of 0.25 mg/mL, 0.50 mg/mL and 1.00 mg/mL, respectively. This figure was initially published in [30].    

 

The motion of these Gaussian and Bessel beam foci was quantified in MATLAB [30]. 

Figure 3.5 (a) illustrated the calculation of “beam motion”, which was the standard deviation in 

the random “displacement” of n snap-shot images of a focused beam taken at different times. The 

“displacement” referred to the distance between the centroid of each image snap shot and the 

centroid of an unperturbed beam. The centroids were determined in MATLAB with the 

“WeightedCentroid” measurement in the “regionprops” function. For example, A(x1, y1), B(x2, y2), 
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and C(x3, y3) were the centroid coordinates of a focused beam imaged at different times. ( , )M x y  

represented the average centroid position (the unperturbed beam location) from n images of the 

same focused beam, in which n images was sufficient to capture the fully randomized motion of 

the beam. The distance between point ( , )M x y  (the unperturbed beam location) and each 

individual centroid position (xi, yi) was calculated as [30]: 

                                                             ( ) ( )
2 2

i i id x x y y= − + −                                                (2) 

 

The standard deviation of the individual displacements for a set of n images was therefore 

calculated as [30]: 

                                                        2
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Figure 3.5 (b) displayed the average beam displacement of focused Gaussian and Bessel 

beams in water, heterogeneous silica-bead phantoms at 0.25 mg/mL, 0.50 mg/mL and 1.00 

mg/mL concentration, as well as fresh mouse esophagus tissues. When imaging beam foci within 

phantoms and fresh tissues, the motions of the Bessel beams were significantly reduced as 

compared to the Gaussian beams, indicating that Bessel beams were less sensitive to the 

heterogeneity-induced beam steering generated by these samples. The beam motions observed 

for water samples were due to mechanical vibrations from the environment. 
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Figure 3.6. Quantification of beam distortion. (a) Contour plots (irradiance isolines) of an unperturbed beam focus 

(black), and one individual image (red) that is centered with respect to the unperturbed beam. See Methods section for 

additional details. (b) The standard deviation in the “distortion residual,” ri, which quantifies the beam distortion of 

focused Gaussian and Bessel beams in water, bead phantoms and fresh mouse esophagus tissues. Each set of data 

contains 100 successive snap-shot images of a beam focus. Error bars represent the variability between five sets of 

data. This figure was initially published in [30].    

 

Similarly, we quantified the distortion of the main lobe of the focused Gaussian and Bessel 

beams in different media (water, heterogeneous phantoms containing silica beads of various 

concentrations, and fresh mouse esophagus tissues) [30]. Here, “beam distortion” was defined as 

the standard deviation of a “distortion residual” between each snap-shot image of a beam with 

respect to an unperturbed beam profile (Figure 3.6 (a)), as described below: 

1. For each individual image of a focused beam, a 2D Gaussian fit was performed utilizing a 

least-squares fitting algorithm. Here, we assumed an isotropic Gaussian beam since this 

fitting function was intended to model an ideal focused beam in the absence of 

heterogeneity-induced distortions. The fitting function was expressed as: 
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The three fitting parameters in this function were: the centroid location (x and y 

coordinates) of the focused beam, (µx, µy), and the isotropic beam width, σi. 

2. For each set of n images, an average “best-fit” Gaussian surface, ( ),f x y , was used to 

approximate an unperturbed beam based on the average beam width,  : 
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3. Each image (from a set of n individual images) was normalized by dividing the original 

pixel intensities by f0 (determined from step 1) to form a new normalized image, ( ),iI x y . 

Since each image, ( ),iI x y , had a unique position (center coordinate) due to beam 

steering, we aligned each image such that the center coordinate of each image snapshot, 

( ),iI x y , matched the center coordinate of the unperturbed beam, ( ),f x y , as depicted in 

Figure 3.6 (a). 

4. By subtracting ( ),f x y  from ( ),iI x y , a two-dimensional matrix (Ri) was created to 

represent the absolute value of the difference (“residual”) between ( ),iI x y  and ( ),f x y  

on a pixel-by-pixel basis.  

5. A region of interest (ROI), defined by the full-width-at-10%-maximum irradiance of    

( ),if x y , was applied for both Gaussian and Bessel beams in order to focus our analysis 

on the main lobe itself and to reject beam distortions due to system noise and side-lobe 

aberrations. The distortion quantification was not strongly dependent on our choice of the 

threshold.  

6. For each individual image, a “distortion residual” metric, ri, was calculated by averaging 

all elements in matrix Ri within the ROI. 
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7. The standard deviation of the distortion residuals was calculated as: 

2

1

1
( )

n

iresiduals

i

SD r
n =

=                                                    (6) 

 

As shown in Figure 3.6 (b), focused Gaussian beams exhibited more distortion than 

focused Bessel beams. The beam distortions observed for water samples were due to aberrations 

and mechanical vibrations [30]. 

In summary, this study focused on characterizing the “self-reconstructing” property of 

Bessel beams in heterogeneous media in comparison with conventional Gaussian beams [30]. We 

designed several experiments to characterize two parameters that were of particular importance 

for certain imaging applications: the positional stability and distortion of a focused Bessel beam, 

in comparison to a focused Gaussian beam, when propagating through heterogeneous media. In 

addition to imaging the foci of low-NA beams in heterogeneous tissues, we defined two metrics 

to quantify beam steering and beam distortion, respectively. By analyzing the beam steering and 

distortion of low-NA focused Gaussian and Bessel beams in different media, results suggested that 

Bessel illumination was superior for maintaining the position and shape of a focused beam, which 

could have implications for laser-scanning microscopy within highly scattering and 

inhomogeneous samples.  

3.3 A DAC MICROSCOPE WITH GAUSSIAN- VS. BESSEL-BEAM ILLUMINATION 

As mentioned in Chapter 1.1, one of the challenges facing laser-scanning microscopy of biological 

specimens is that refractive heterogeneities due to micro-architectural structures - such as nuclei, 

organelles, glands, and vasculature - can cause spatial variations of optical beam foci in terms of 

shape (aberrations / distortions) and position (beam steering) [23, 35-39, 126]. In particular, the 
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tissue-imaging performance of a DAC microscope (Chapter 2.1) is highly sensitive to the effects 

of refractive heterogeneities because of its reliance on two beam paths (illumination and collection) 

that must intersect at their foci. For example, it has been shown that the in-focus signal collected 

by a DAC microscope was significantly decreased when the alignment of the illumination and 

collection beams was spatially modulated at the micron scale [127, 128]. In addition, as shown in 

previous studies with tissue phantoms and through in vivo imaging experiments of human 

epidermis [32, 95], refractive heterogeneities in tissues led to a degradation in spatial resolution 

for DAC microscopy, with a concomitant loss in sensitivity (signal-to-noise ratio, SNR) and 

contrast (signal-to-background ratio, SBR) [30].   

The preliminary studies (Chapter 3.2) have shown that in media with refractive 

heterogeneities, the irradiance profile of a focused Bessel beam exhibited superior positional 

stability and beam quality (in the main lobe of the Bessel beam) compared with a focused Gaussian 

beam, which suggested that Bessel beams could be conducive to maintain resolution in DAC 

microscopy of tissues [30]. In order to validate this hypothesis, this study utilized both Gaussian 

and Bessel illumination in a point-scanned DAC microscope in order to quantify the resultant 

degradation of resolution when imaging in phantoms with tissue-like heterogeneities, as well as 

when imaging fresh biological tissues. Experimental results were compared with realistic 

simulations exploiting a novel fractal propagation method (FPM) [129] that we have recently 

developed. Results indicated that the use of Bessel beam illumination in DAC microscopy of 

tissues resulted in less degradation in resolution compared to conventional Gaussian beam 

illumination. This study has been published in [34]. Reprint permission has been obtained from 

the publisher.   
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Figure 3.7. (a) The schematic of a point-scanned DAC microscope. The focusing element along the illumination path, 

L2, was either a standard aspheric focusing lens, or an axicon, which generated a Bessel beam. (b) Zoomed-in view 

of the DAC microscope near the sample. A galvanometric scanning mirror was used to scan the dual-axis beams along 

the y axis (1-kHz fast axis) while the sample holder was scanned along the z dimension for vertical imaging at 2 

frames/sec. The sample holder was also scanned in the x dimension for 3D imaging. This figure was initially published 

in [34].  

 

 

Figure 3.7 provided the schematic of a point-scanned fluorescence DAC microscope, 

which has previously been published in [84, 85]. The light source was a single-mode fiber-coupled 

diode laser at a wavelength of 660 nm (OBIS FP 660LX, Coherent, CA, USA). For illumination, 

the Gaussian point source of light emanating from the tip of a single-mode fiber (1/e2 focusing NA 

(α) of 0.12) was collimated and focused into the sample without magnification at an angle, 𝜃 = 30 

deg, with respect to the tissue’s normal direction, through a pair of matched aspheric lenses, L1 

and L2 (18.4-mm focal lengths, KGA280-B-MT, Newport Corporation, CA, USA). An axicon 

(AX2520-A, Thorlabs, NJ, USA) with a 20-degree base angle, as shown in the dash box in Figure 

3.7 (a), was utilized instead of the second aspheric lens (L2) in the illumination path to create a 

Bessel beam with nearly identical spatial resolutions as the Gaussian beam. Specimens were 

positioned on top of a hemispherical solid immersion lens (SIL, QU-HS-6, ISP Optics, NY, USA), 
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which provided index matching to allow the focused beams to enter the samples with minimal 

aberration and increases the NA of the beams by a factor of ~1.4 (index of fused silica) [84, 85]. 

Fluorescence signal from the specimen was collected off-axis (𝜃 = 30 deg with respect to the 

tissue’s normal direction), transmitted through a 664-nm long-pass fluorescence filter (LP02-

664RU, Semrock, NY, USA) and coupled into a single-mode fiber, which served as the pinhole 

for spatially filtering (rejecting) the out-of-focus and multiply scattered light. The collection beam 

path utilized the same pair of aspheric lenses (L1 = L3 = L4) as the Gaussian illumination optics. 

A PMT detector (H7422-40, Hamamatsu, NJ, USA) in conjunction with a transimpedence 

amplifier (DHPCA-100, FEMTO, Berlin, Germany) converted the detected photons into a voltage 

signal. This voltage single was digitized and assembled into an image by a custom framegrabber 

written in LabVIEW (National Instruments, TX, USA) [84, 85].   

This benchtop DAC microscope [34, 84, 85] performed vertical sectioning by utilizing a 

galvanometric mirror to scan both the illumination and collection beams in the y-direction at a rate 

of 1 kHz while a linear piezoelectric actuator was used to scan the specimens in the vertical 

direction (z) at a rate of 2 Hz, which defined the frame rate of the microscope (2 frames/second in 

the y-z plane). For volumetric microscopy, a motorized actuator was utilized to translate the sample 

holder in the third dimension (x direction). With the focusing angle (α = 0.12) and half beam-

crossing angle (𝜃 = 30 deg) utilized for this DAC microscope, the theoretical FWHM spatial 

resolutions were: Δx = 1.42 µm; Δy = 1.23 µm; Δz = 2.45 µm [34, 84, 85].  
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Figure 3.8. Panels (a)-(c) illustrated three different types of optical phantoms (homogenous fluorescent-bead phantom, 

heterogeneous silica-bead phantom, and fresh-tissue phantom) utilized for experimental PSF measurements. Panels 

(d)-(f) were self-normalized y-z cross sections of the average PSFs for a DAC microscope when imaging within these 

three phantoms using Gaussian illumination. Panels (g)-(i) were the corresponding average PSFs when using Bessel 

illumination. Panel (j) showed a plot of the degradation in the size of the focal volume for a DAC microscope when 

imaging within the heterogeneous silica-bead phantom and tissue phantom (compared to the unperturbed focal volume 

in the homogeneous phantom). * P-value < 0.001. This figure was originally published in [34]. 

 

 

Sub-resolution (0.25-µm diameter) fluorescent beads (λEx/Em = 660/680) were evenly 

distributed into a 2% w/v agarose solution to create a homogenous optical phantom (Figure 3.8 

(a)) for the measurement of an unperturbed point-spread function (PSF) [34]. To quantify the effect 

of refractive heterogeneities on resolution, we developed silica-bead phantoms with a 

heterogeneous refractive-index distribution. These silica-bead phantoms (Figure 3.8 (b)) were 

prepared by mixing both the sub-micron fluorescent beads (targets for PSF measurements) at a 

concentration of 0.50% v/v, and monodisperse silica microspheres (7.75-µm diameter, 
92.28×10  

spheres per gram) at various concentrations within the agarose gel. The silica-bead concentration 

depicted in Figure 3.8 (b) (~ 64.56×10  spheres/ml) was the optimal concentration for mimicking 

the aberrating properties of fresh tissues. Finally, a tissue phantom was also fabricated (Figure 3.8 

(c)) by placing a thin layer of fresh biological tissue (mouse esophageal mucosa, ~100 µm-thick) 



 

 

46 

before the homogeneous agarose phantom that contained sub-micron fluorescent beads for PSF 

measurements [34]. 

All phantoms (Figures 3.8 (a) to (c)) were imaged volumetrically, using a DAC 

microscope with Gaussian or Bessel illumination [34]. Vertical sections (y-z) were acquired and 

stored at 2 frames/second, while the specimen was translated in the third dimension (x direction) 

at a constant velocity to obtain serial sections separated by 0.7 µm. We sampled 25 discrete sub-

resolution fluorescence beads in each volumetric imaging dataset to determine an average 3D PSF 

of the microscope. Figure 3.8 (d) to (i) displayed the vertical (y-z) cross-sections of the average 

3D PSF of a DAC microscope when imaging within the fluorescent-bead phantom, silica-bead 

phantom, and fresh-tissue phantom, respectively. The overall resolution degradation was 

quantified as the percentage change in the volume (
4

3
v x y z=    ) of the measured PSFs 

when imaging within heterogeneous phantoms (Figures 3.8 (b) and (c)) compared to an 

unperturbed PSF when imaging within a homogenous phantom (Figure 3.8 (a)), where x , y  

and z  are the FWHM spatial dimensions of each average 3D PSF.  

In addition to the phantom study, we performed ex vivo fluorescence DAC microscopy of 

mouse liver vasculature to compare the image resolution when using Gaussian vs. Bessel 

illumination. Figure 3.9 displayed the average-intensity projections of a small z-stack of images 

(thickness = 5 µm) vs. a large z-stack of images (thickness = 50 µm) of mouse liver vasculature, 

acquired at a moderate depth of ~100 µm [34]. The average-intensity projection (Figure 3.9) 

showed the mean intensity from each vertical column of pixels in a 3D dataset and projected it as 

a 2D (x-y) image (the projection is in the z-direction). Even though the diffraction side lobes of a 

Bessel beam contributed out-of-focus background that deteriorates image contrast (signal-to-
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background ratio), the image projections obtained with Bessel illumination (Figures 3.9 (b) and 

(d)) exhibited better resolution than the images obtained with Gaussian illumination (Figures 3.9 

(a) and (c)), especially for the 50-µm thick image stack. 

 

Figure 3.9. Panels (a) and (b) displayed average-intensity projections of a stack of DAC microscopy images of mouse 

liver vasculature, collected over a small range of depths: z = 100 ± 2.5 µm. Panels (c) and (d) displayed the average-

intensity projections of a stack of images collected over a moderate range of depths: z = 100 ± 25.0 µm. Panels (a) 

and (c) were obtained with Gaussian illumination whereas panels (b) and (d) were obtained with Bessel illumination. 

The zoomed-in views of the regions outlined in (a)–(d) were presented in panels (e)–(h), respectively. Average line 

profiles from the highlighted region in (e)–(h) were shown at the bottom of each panel. This figure was originally 

published in [34]. 

 

 

 Our hypothesis was that due to the superior propagation stability of a Bessel illumination 

beam, there was less random motion and uncertainty in the position of the focal volume as it is 

raster scanned in 3D within a thick tissue (to collect a volumetric image) [34]. As a result, the 

average-intensity depth projections were less blurred when using Bessel illumination compared to 

Gaussian illumination, in which the position of each image voxel is less stable (with respect to the 

position of other voxels) due to refractive beam steering. This hypothesis was validated through 
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optical simulations using a novel fractal propagation method (FPM) that was recently developed 

by us [129]. It has been shown that the FPM could accurately and efficiently model scattering, 

diffraction and refractive aberrations in three dimensions, as was relevant for optical microscopy 

of tissues [129]. The FPM was used to simulate a focused Gaussian or Bessel beam propagating 

in a realistic tissue with refractive heterogeneities.  

These simulations were performed using the same parameters as the ex vivo imaging 

experiments, where λ = 661 nm, and the diffraction-limited FWHM resolution of the focused 

Gaussian and Bessel beams was 1.42 µm (Figures 3.10 (a) and (d)). Individual irradiance profiles 

of focused Gaussian and Bessel beams were simulated over a range of focal depths within a fractal 

medium (a realistic model of mouse liver tissue). We then calculated the average Gaussian and 

Bessel beam irradiance profiles over a range of focal depths, either from approximately 100 ± 2.5 

µm (Figures 3.10 (b) and (e)), or from approximately 100 ± 25 µm (Figures 3.10 (c) and (f)). 

Figure 3.10 showed the self-normalized irradiance profile of a diffraction-limited beam focus (in 

a homogeneous medium), as well as the average-intensity projections for a single focused 

Gaussian or Bessel beam propagating through simulated mouse liver tissue. The focus of a 

Gaussian beam in tissue demonstrated more severe resolution degradation (Figure 3.10 (b)) and 

beam steering (Figure 3.10 (c)) than the main lobe of a focused Bessel beam (Figures 3.10 (e) 

and (f)). These simulations were similar to the experimental DAC images (Figure 3.9) in showing 

that averaging the irradiance profiles of a Gaussian beam focus over a large range of focal depths 

(50 µm) caused significant broadening of the profile due to distortion as well as the accumulated 

beam steering effects. However, the main lobe of a Bessel beam was less sensitive to such effects. 
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Figure 3.10. The self-normalized irradiance profiles of simulated Gaussian and Bessel beam foci. Panels (a) and (d) 

were the profiles of diffraction-limited beam foci (Gaussian and Bessel, respectively). Panels (b) and (e) were average-

intensity projections, over a limited range of depths (z = 100 ± 2.5-µm deep), of the irradiance profiles of a focused 

Gaussian and Bessel beam, respectively.  Panels (c) and (f) were average-intensity projections, over a larger range of 

depths (z = 100 ± 25.0-µm deep), of the irradiance profiles of a focused Gaussian and Bessel beam, respectively. Due 

to greater beam steering and distortion of the Gaussian beam as it propagates in tissue, the Gaussian beam focus was 

significantly enlarged when viewing a 50-µm thick average-intensity projection vs. a 5-µm thick average-intensity 

projection of the irradiance profiles. This figure was originally published in [34]. 

 

 

Previous studies (Chapter 2) have shown that the DAC microscope configuration provides 

superior optical-sectioning contrast (SBR) compared to conventional single-axis confocal 

microscopes when imaging within homogeneous scattering media [91, 92]. However, biological 

tissues often contain refractive heterogeneities at sub-micron to mesoscopic scales, which cause 

beam steering and aberrations that can reduce the resolution and sensitivity of all laser-scanning 

microscopes, and DAC microscopes in particular [95, 127, 128]. This study [34] focused on 

quantifying the degradation in resolution that occurred when performing DAC microscopy within 

realistic phantoms and fresh tissues using either Gaussian or Bessel beam illumination. Preliminary 

experiments (Chapter 3.2) have demonstrated that Bessel illumination was superior for 
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maintaining pointing accuracy and beam quality in realistic tissues [30]. This study further 

demonstrated that these characteristics of Bessel beams make them particularly beneficial for DAC 

microscopy, where the positional stability and high beam quality were critical for its unique off-

axis illumination and collection architecture that required two beams to intersect precisely at their 

foci [34]. A trade-off that must be noted, as shown in the ex vivo images, was that the diffraction 

side lobes of a Bessel beam contribute out-of-focus background that reduced image contrast 

(signal-to-background ratio). Future study will have to focus on balancing this trade-off and 

achieving an optimal balance between image contrast and resolution for various biomedical 

applications of DAC microscopy [34]. 
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Chapter 4. RAPID PATHOLOGY OF LUMPECTOMY MARGINS 

WITH AN OPEN-TOP LIGHT-SHEET (OTLS) MICROSCOPE     

4.1 MOTIVATION 

As mentioned in Chapter 1.2, according to a recent report, approximately 268,600 new cases of 

invasive breast cancer are expected to be diagnosed within the United States in 2019, along with 

62,930 new cases of non-invasive (in situ) breast cancer [130]. For these patients who are 

diagnosed with early-stage invasive breast cancer or carcinoma in situ every year, breast-

conserving surgery (BCS), also called lumpectomy or partial (segmental) mastectomy, is a 

standard intervention [47, 48]. It has been demonstrated that the overall or disease-free survival 

rates between patients treated with whole-breast mastectomy vs. BCS with postoperative radiation 

are comparable [49, 50]. However, about 20% to 60% of the patients still undergo additional 

surgery when post-operative histopathology confirms that the resection margins are positive for 

tumor [53-55]. Re-excision surgeries are costly, inconvenient for patients, may lead to poor 

aesthetic results, as well as result in delayed adjuvant therapies with inferior patient outcomes [53-

55, 81].  

After surgery, excised specimens submitted for post-operative histopathological 

examination are first grossly prepared as 3- to 5-mm thick serial slices, from which suspicious 

regions are further processed into FFPE blocks [81, 131]. In current practice, a 4-µm-thick 

histology section is obtained from each tissue block and mounted on a glass slide, where each slide 

displays a cross-section of the specimen from the inked margin surface down towards the core of 

the sample (Figures 4.1 and 4.2)  [81, 131].  
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Figure 4.1. The orientation of a lumpectomy specimen can be identified through the use of two sutures and five 

different painting colors (anterior, yellow; posterior (deep), black; superior, blue; inferior, green; medial and lateral, 

red) [131]. 

 

 

Figure 4.2. The sampling criterion of a lumpectomy specimen. If the specimen is too large to be placed into a cassette 

in its entirety, the largest cross section of the tumor should be submitted for further processing. In addition, according 

to this study[131], tissues adjacent to the tumor and at least one cross section of each margin should be submitted for 

microscopic examination. For close margins, multiple cross sections can be submitted. For the medial and lateral 

slices, cross sections should be cut perpendicularly to the inked surfaces for the assessment of the surgical margins. 

Here, the rectangular boxes present the sections. L indicates lateral; M, medial; S, superior; I, inferior; A, anterior; P, 

posterior (deep) [131]. 
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Figure 4.3. Conventional histology protocol. This figures was published in [46].  

 

Over the past century, histopathology has remained as the “gold standard” for the diagnosis 

of diseases [65-69]. Microscopic observation of micron-scale features from thin-sectioned tissues 

mounting on glass slides has been widely accepted by the medical community as the most reliable 

method for examining tissue biopsies and surgically excised specimens [65-69, 81]. Unfortunately, 

specimen preparation for conventional histopathology has been time-consuming and labor-

intensive (Figure 4.3), which requires: 1) fixing specimens, 2) embedding specimens in paraffin, 

3) sectioning tissues with a microtome or cryotome, 4) elaborating protocols for dehydrating, 

blocking, or staining the tissues [46]. Artifacts that are being introduced during these heavy tissue 

processing procedures may include specimen degradation, shrinkage, or destructiveness of 
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molecular and genomic components [46]. These artifacts may impair morphological or molecular 

interpretation, and thereby compromise the precision and accuracy of histopathologic diagnosis 

[46]. Another major limitation facing conventional histopathology is the sampling error caused by 

selective imaging of thin sections within a large tissue specimen. For example, it has been 

estimated that < 1% of the margin surface is being examined by conventional pathology [65, 66]. 

Wide-area en face (horizontal) imaging of the surgical margin surface may eliminate these 

sampling errors and improve the sensitivity of tumor detection at the margin surfaces of a 

specimen. 

4.2 ALTERNATIVE APPROACHES FOR INTRAOPERATIVE LUMPECTOMY GUIDANCE 

As discussed in our recent publication [81], frozen section histology, which becomes a rapid 

intraoperative alternative to slow post-operative histology, may be performed to guide certain 

tumor-removal procedures [53, 70, 71]. However, frozen section histology is not ideal for breast 

tissues due to their high lipid content, which causes significant artifacts [62, 70, 71, 132-134]. In 

addition, because of the technical challenges of preparing adequate numbers of frozen sections 

within an acceptable intraoperative time frame (< 30 minutes [135]), frozen section histology 

suffers from more-severe sampling limitations than post-operative slide-based histology. Finally, 

frozen sectioning leads to tissue destruction that can negatively affect the accuracy of post-

operative archival pathology [46, 81]. Alternative technologies (Table 4.1) for nondestructive 

intraoperative lumpectomy guidance include touch preparation cytology [72, 73], ultrasound [74-

76], specimen radiography [77, 78], radiofrequency spectroscopy [79, 80], optical coherence 

tomography [16], photoacoustics [136], confocal/nonlinear microscopy [6, 40, 41], SIM [44, 45, 

137], microscopy with UV surface excitation (MUSE) [42, 43, 138-140], and molecular imaging 
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with topically applied agents [141-144]. Although many of these methods are in various stages of 

research development or clinical adoption (such as ultrasound and specimen X-ray), the reliability 

of these tools typically falls short of gold-standard histology due to various factors such as limited 

spatial resolution, surface sampling, and contrast [81]. 

Table 4.1. Some of current solutions for intraoperative guidance of lumpectomy. 

 
Advantages  Disadvantages References 

 

Frozen section 

histology  

 

Provides 

rapid pathology  

 

Sampling error;  

tissue destruction (especially 

for lipid content) 

 

 

[53, 70, 71] 

 

Touch 

preparation 

cytology  

 

Provides reliable 

cellular details 

 

Limited utility with  

fibrous lesions; 

loss of tissue that may limit 

ancillary testing 

 

 

[72, 73] 

 

Specimen 

radiography  

 

Provides large 

penetration depth 

 

2D interpretation;  

very limited information 

about soft tissues 

 

 

[77, 78] 

 

Radiofrequency 

spectroscopy 

 

Ease-of-use 

 

Limited resolution & 

sensitivity 

 

[79, 80] 
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4.3 ADVANTAGES OF OTLS MICROSCOPY 

We have discussed the advantages of exploiting OTLS microscopy to image fresh clinical 

specimens in our recent publications [46, 81].  

Amongst the alternative methods described in Chapter 4.2, optical-sectioning microscopy 

offers the potential for robust and rapid microscopic inspection of lumpectomy margins that 

approaches the image quality of gold-standard histology without requiring destructive physical 

sectioning [80]. While early systems and studies suffered from limited fields of view (< 1 x 1 mm) 

[145-148], in recent decades, wide-area imaging of large surgically excised specimens has been 

achieved with a variety of optical-sectioning techniques such as confocal microscopy [6, 7, 110, 

149], nonlinear microscopy [10, 40, 150], SIM [15, 44, 151-153], and MUSE [42, 43, 138-140]. 

Confocal and nonlinear microscopy systems have limited imaging speed since they often require 

a tightly focused laser beam to be raster scanned in two-dimensions over a large tissue surface 

[81]. SIM and MUSE can rapidly obtain 2D images of tissue surfaces with a detector array and are 

relatively cost-effective technologies compared with confocal and nonlinear microscopy [81]. 

However, image contrast is dependent upon the axial optical-sectioning thickness of these 

technologies (SIM and MUSE), which is tunable with SIM but tissue-dependent with MUSE (~10 

to 25 μm according to previous reports [42]).   

Besides, a major limitation for these 2D optical imaging techniques is the use of a single-

axis configuration for both illumination and collection. For such a configuration, high-NA optics 

are necessary to achieve sub-nuclear resolution (1-2 μm), but this results in a narrow depth of focus 

(<5 μm) [81]. The narrow depth of focus can be an impediment for rapid imaging of freshly cut 

tissue specimens, where surface irregularities cause defocusing throughout the imaging field 

(Figure 4.4) [46, 81]. Although specimens can be flattened, another technical challenge is to align 
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the tissue surface to be perfectly parallel to the focal plane of the microscope [46, 81, 152, 154]. 

Elaborate flattening and alignment techniques are possible to mitigate the effects of these surface 

irregularities and sample-tilt issues [152, 154]. However, they are logistically difficult and time-

consuming for pathologists to implement in routine practice [152, 154]. In reality, it is also difficult 

to completely clean up tissue debris that can obscure the margin surface [42, 46, 81]. These 

challenges may ultimately hamper the clinical translation of these optical imaging techniques 

based on single-axis illumination and collection [46, 81]. To overcome these limitations, the 

illumination and collection paths may be separated to form a confocal-theta or a light-sheet 

microscope (LSM) with an extended depth of focus based on a low-NA illumination [155]. 

When image freshly excised tissues, this extended depth of focus (due to low-NA 

illumination) of a scanning LSM system allows for in-focus imaging of the irregular tissue surface 

over large field of view. As a result, it is possible to continuously obtain depth-resolved en face 

images of the whole tissue surface [46, 81]. While there have been limited investigations into the 

feasibility of using LSM to image thick and highly-scattered samples, previous simulation study 

[155] has shown that LSM can provide high-contrast images up to an imaging depth of about 50 

micron, which is equivalent to about 12 physical histology sections (4-micron thick per tissue 

section). This volumetric information obtained at superficial depths may be useful for certain 

biomedical applications, such as pathologic assessment of surgical margins or rapid cancer triaging 

[46].  
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Figure 4.4. The depth of focus of a conventional confocal microscope vs. a light-sheet microscope. With LSM, a 3D 

volume was imaged by scanning the tissue in one 1 dimension. One advantage of this was that an irregular tissue 

surface may be digitally flattened or “segmented out” without elaborate mechanical tissue-flattening and alignment 

mechanisms [46]. 

 

4.4 AN OTLS MICROSCOPE OPTIMIZED FOR RAPID DUAL-CHANNEL 

FLUORESCENCE IMAGING 

In an attempt to overcome some of the technical challenges encountered by previous microscopy 

systems (Chapter 4.3), we have developed an OTLS microscopy system for rapid, wide-area, 

microscopic imaging of large clinical specimens [46, 81].  

In general, light-sheet microscopy achieves optical sectioning by employing thin 

“selective” illumination of tissues and orthogonal collection of fluorescence signal [12, 13, 125, 

156-158]. However, previous light-sheet microscopy systems were designed to image small model 

organisms rather than to accommodate large specimens of arbitrary geometry [12, 13, 125, 156-
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161]. While conventional LSM systems utilize a “horizontal-orthogonal” illumination and 

collection arrangement for imaging relatively transparent samples sitting in a cylindrical sample 

holder, we have exploited a 45 degree “tilted” or “oblique” arrangement [162-164] that achieves 

light-sheet imaging of turbid samples sitting on a flat glass sample holder [46, 81]. Such an 

arrangement is similar to the inverted selective plane illumination microscope (iSPIM [162]) but 

differs in that the illumination and collection optics are located underneath of the sample holder 

[46, 81]. This "open-top" architecture can be useful for imaging large clinical samples [46, 81, 

160]. However, as described by McGorty et al., the open-top geometry still introduced several 

challenges, as the illumination and collection optics were no longer directly index-matched into 

the tissue sample through air or water-immersion [160].  

Based on our experience in designing DAC microscopy (Chapter 2), we have developed a 

wavefront- and index-matching unit for the OTLS microscope. In brief, this unit consisted of a 

hemispherical lens (i.e. solid immersion lens, SIL [84, 85]) and an index-matched oil layer to allow 

for aberration-free imaging. The SIL provided wavefront matching of an illumination and 

collection beam as they transitioned from air into the higher-index material of the SIL (fused silica, 

n ~ 1.46). The two beams were then index matched into the tissue sample through a thin oil film 

(n ~ 1.46), followed by a fused silica plate (n ~ 1.46) on which the sample was placed. Altogether, 

this unique open-top configuration can be convenient for clinical use with essentially no 

constraints on specimen geometry [46, 81]. 
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Figure 4.5. Schematic of an open-top light-sheet (OTLS) microscope. The OTLS microscope utilized a solid 

immersion lens (SIL) and thin oil film to provide wavefront- and index-matching of the illumination and collection 

beam paths into tissue at a 45-deg angle of incidence. This unique open-top configuration (inset) was versatile for 

imaging diverse clinical specimens with minimal constraints on size and geometry. The 0.03 illumination NA provided 

an extended depth of focus (~ 400 µm) to accommodate for tissue-surface irregularities, specimen tilt, and tissue 

debris. This image was published in [81]. 

 

The optical schematic of an OTLS microscope were shown in Figure 4.5 [81]. The 

microscope design has been published in [46, 81]. Reprint permission has been obtained from the 

publisher. Illumination was provided by two fiber-coupled diode lasers (Coherent, OBISTM Laser 

System) at 488 nm and 660 nm, which were combined into one single-mode optical fiber (1/e2 

focusing NA = 0.12, Core Diameter = 2.5 μm) and collimated using lens, L1 (f = 25 mm). The 

collimated beam transmitted through a cylindrical lens, C1 (NA = 0.03), creating a 2-mm-wide 

light-sheet (1/e2) with a FWHM thickness of ~7 μm at the beam waist. This was the diffraction-

limited FWHM resolution in the worst dimension (along the collection axis) of the OTLS 
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microscope at 660 nm. The 0.03 illumination NA has provided the OTLS system with a depth-of-

focus (confocal parameter, 2ZR) of ~ 400 µm. This depth-of-focus (~ 400 µm) has provided our 

OTLS microscope with the versatility to image diverse clinical specimens that have various 

degrees of pliability and surface irregularity. 

As mentioned at the beginning, the OTLS system was equipped with a novel specimen 

interface (Fig. 1 inset) [46, 81], which was comprised of a 7.5-mm-radius fused-silica solid 

immersion lens (SIL, BMW Optics, n =1.46), a 0.5-mm thick oil layer (Cargille Labs, 

Cat.No:19571), and a 1-mm-thick fused-silica glass plate, which served as the sample holder 

(ESCO Optics, 10×10 cm2). When performing scanned imaging of the specimen, the thin oil layer 

at the top surface of the SIL, which did not evaporate, provided an index-matched interface 

between the stationary SIL and the horizontally translated glass-plate sample holder. Both of the 

illumination and collection beams were positioned below the glass-plate sample holder, allowing 

the OTLS microscope to accommodate human tissues of arbitrary size and thickness without 

physically interfering with the illumination and collection optics. The custom SIL (with a radius 

of 7.5 mm) was truncated with a reduced center thickness of 6 mm such that the beam waist 

(optimal focus) of both light beams was located right above the glass plate. Tissue specimens were 

placed on the glass-plate sample holder along with a thin layer of index-matching oil to prevent 

the specimens from drying out and also to improve the index matching between the glass plate and 

the tissue surface [46, 81]. 

Fluorescence emission was collected using a 4× objective lens, L2 (fL2 = 43.47 mm, NA = 

0.28), filtered through an emission filter, F1 (Semrock, FF01-496/LP-25), and focused using a 

tube lens, FL (fFL = 150 mm). A dual-channel image-splitting module (Hamamatsu, W-VIEW 

GEMINI) was used to focus the two fluorescent channels onto two halves of a high-speed scientific 
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complementary metal-oxide–semiconductor (sCMOS) camera chip (PCO, pco.edge 4.2). To avoid 

spectral cross-talk between the two image channels (SYBR Gold and ATTO 655 NHS ester), the 

image-splitting module contained a dichroic mirror, DM (Semrock, Di03-R594-t1-25×36), and 

two separate emission filters, F2 and F3 (Semrock, FF01-685/LP-25 and SP01-561RU-25). A low-

power cylindrical lens, C2 (f = 2000 mm) was placed before the camera to provide final correction 

for astigmatism induced by a slight refractive-index mismatch at the oil-tissue interface. There was 

a total of 5× magnification between the specimen and the camera (1.46 × fFL/fL2 = 5), in which the 

SIL provided an additional magnification factor that was equivalent to its refractive index of ~1.46 

[84, 85]. 

The collection objective (Olympus, XLFLUOR 4×, NA = 0.28) provided a practical field 

of view of ~ 1.25 mm and a measured lateral resolution (within the plane of the illumination light-

sheet) of ~ 2.0 μm. As the illumination light sheet was scanned through the sample, a series of 

dual-channel light-sheet images were captured at an oblique 45-degree angle with an image width, 

w, and adjustable image height, h (Figures 4.6 (a) and (b)). The image width was limited by the 

1.25-mm field of view of the detection objective (Figure 4.6 (b)). The combined dual-channel 

image height (Figure 4.6 (a)) recorded by the camera was 128 vertical camera pixels tall (64 pixels 

per channel, which is ~ 80 µm in tissues). This reduced crop size was chosen to maximize the 

imaging speed while still accommodating for any tissue irregularities/tilt/debris at the surfaces of 

the lumpectomy specimens. As shown in Figure 4.6 (b), the distance between images along the 

scan dimension, x, was set as 1.25 μm, which matched the sampling density of the sCMOS camera 

in the y and h directions (1.25 µm per pixel).  

The optimized image acquisition and processing pipeline of an OTLS microscope has been 

published in [81]. Adjacent volumetric OTLS image strips (1.25-mm wide), as shown in Figure 
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4.6 (b), were acquired in succession (with 1-mm spacing) using a serpentine scanning pattern to 

cover the entire surface of each specimen up to a maximum size of ~10×10 cm2 with a high-speed 

motorized stage (Thorlabs, MLS-203-1). For a raw image size of 1000 pixels (width) by 128 pixels 

(height), along with a 500-μs camera exposure time, the highest imaging speed of the system was 

about 1.5 cm2/minute. In this study, the dual-channel raw image frames (1000 pixels by 128 pixels 

in 16-bit TIFF formats) were acquired at a streaming rate of 1000 pixels × 128 pixels × 2.0 Byte 

× 2000 fps = 0.51 GB/s to a dedicated workstation containing a high-speed Redundant Array of 

Independent Disks (RAID) 0 controller with a PCI CameraLink interface. To synchronize the 

stage-scanning mechanism with the image acquisition, a custom LABVIEW program was 

developed.  

In an initial LABVIEW design, raw image frames (1000 pixels by 128 pixels) were first 

buffered to the computer memory as a 1D array (with a total of 128,000 pixels). This 1D array was 

then reshaped into a 2D array for real-time image display. However, when using the NI Vision 

Development Module (NI-IMAQ Write File) to write each 2D array to disk as a TIFF file, the 

write speed was limited to ~ 0.25 GB/s due to the overhead involved in creating, opening, and 

closing each TIFF file. This slow process was not suitable for time-limited applications, such as 

intraoperative guidance. To overcome this limitation, the Technical Data Management Streaming 

(TDMS) file format (National Instruments) was utilized for high-speed data streaming in 

LABVIEW. In summary, after buffering each raw light-sheet image to the computer memory as a 

1D array and reshaping this buffer into a 2D array for real-time image display, consecutive 2D 

arrays were concatenated into a pre-initialized TDMS 3D data cube. At the end of each volumetric 

image strip (x- direction scan of the sample with respect to the light sheet, as shown in Figure 4.6 
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(b)), this TDMS file (3D data cube) was saved to disk all at once, which allowed us to maintain 

the full data streaming speed of 0.51 GB/s. 

Our light-sheet images were obtained at an oblique 45-deg angle of incidence with respect 

to the specimen surface. However, when stored digitally, these images were arranged as a 

rectangular data cube. Therefore, to restore the correct tissue geometry, the data cubes must be 

sheared by 45 deg in the x-z plane to create a trapezoidal data volume (Figure 4.6 (c)). A custom 

Python code was written to convert the TDMS file into TIFF images as well as to perform the 

image shearing.  

After shearing, an extended-depth of field (EDF) algorithm [165]  was applied in ImageJ 

to the cytoplasmic channel, which exhibited more-complete surface staining compared with the 

nuclear channel, to extract the “best-focus" surface (i.e. tissue surface) from each 3D image strip. 

Once the “best-focus" surface was defined, both of nuclear and cytoplasmic channels at this surface 

were then used in a false-coloring algorithm to mimic H&E histology. This custom false-coloring 

code was a modified version of an algorithm described in a recent publication [166] (Figure 4.6 

(d)). Adjacent pseudo-colored image strips were then registered and stitched to adjacent image 

strips using the ImageJ grid-stitching algorithm [167] (Figure 4.6 (e)).  

The total image processing time (from image-shearing to false-coloring) for a 1-cm by 1-

cm sample (~20.4 GB of data) was ~15 min. Since this was not ideal for time-limited clinical 

applications, we have been working on optimizing our image processing code, including the use 

of GPUs. It should also be noted that if the “best-focus" surface of the tissue has been defined prior 

to image processing, only a few minutes was required to fully process the OTLS images at one 

imaging depth.  
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Figure 4.6. The image acquisition and processing pipeline of OTLS microscopy published in [81]. (a) The dual-

channel (nuclear and cytoplasmic channel) OTLS images occupied a combined height (h) of 128 vertical camera pixels 

(64 pixels per channel, or ~ 80 µm in tissues). The image height, h = 128 pixels, was adjustable and selected in this 

case to optimize the image speed while accommodating for surface irregularities, specimen tilt, and tissue debris. (b) 

Oblique (45-deg) light-sheet images were captured in succession at a sampling pitch of 1.25 μm along the primary 

tissue-scanning direction, x. The horizontal dimension of each image strip was w = 1.25 mm. (c) The raw light-sheet 

images were initially stored in a rectangular data cube. During post-processing, this data cube was sheared by 45 deg 

in the x-z plane to transform the data cube into a trapezoidal data volume, which accurately represented the geometry 

of the imaged tissue volume. (d) An extended-depth-of-field (EDF) algorithm [165] was applied to extract the 

irregular surface of the specimen. The two-channel surface-extracted image was then false-colored to resemble H&E 

histology using an algorithm modified from a recent publication [166]. (e) After false-color processing, adjacent 

image strips were registered and stitched using an ImageJ grid-stitching algorithm [167]. 
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4.5 AN INNOVATIVE TWO-COLOR FLUORESCENT ANALOG OF H&E STAINING 

In our preliminary study, an initial publication demonstrated the basic feasibility of achieving rapid 

intraoperative pathology of the surfaces of freshly excised specimens with OTLS microscopy, 

using a single-channel acridine orange stain [46]. In the same study, we have exploited a 

fluorescent analog of H&E staining for fixed biopsy samples, consisting of DRAQ5 as a 

fluorescent analog of hematoxylin (excited at 660 nm) and eosin, which naturally fluoresces under 

488-nm excitation [46].  While this “D&E” staining method allowed for dual-channel fluorescence 

imaging that could be false-colored to mimic gold-standard H&E-stained tissue sections, it only 

performed well for staining fixed, dehydrated samples [46]. Our group and others [10, 46, 150, 

168] have found that when staining fresh, hydrated specimens, eosin leaked out of the tissue during 

imaging due to poor binding to tissue structures, which created an unwanted background signal 

that limits image contrast. 

Our study of developing an innovative two-color fluorescent analog of H&E staining has 

been published in [81]. Reprint permission has been obtained from the publisher. SYBR Gold 

(λEx/Em = 495/537, Thermo Fisher, Cat. No: S11494) was utilized as the nuclear stain while ATTO 

655 NHS ester (λEx/Em = 655/680, Sigma-Aldrich, Cat. No: 76245) was utilized as an eosin-

mimicking cytoplasmic/stromal stain. SYBR Gold labels dsDNA, ssDNA and RNA in both fresh 

and fixed tissues [169]. NHS esters have been widely-used amine-reactive functional groups for 

covalent labeling of primary amines [170] and have been commonly used to conjugate antibodies 

to fluorophores and nanoparticles [171-174]. We hypothesized that an NHS-ester-functionalized 

fluorophore could be used as a more robust fluorescent analog to eosin, which also stained 

cytoplasmic proteins indiscriminately, but tended to leach out due to weak noncovalent binding. 

An additional benefit of this approach has been that since many commercially available 
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fluorophores have been available as NHS esters, it has been straightforward to select fluorophores 

that can avoid spectral cross-talk for dual-channel fluorescence imaging, such as SYBR Gold and 

ATTO 655. 

The following parameters have been optimized to achieve high-contrast OTLS images of 

lumpectomy margins with the SYBR Gold and ATTO 655 NHS ester stain (Figures 4.7, 4.8 and 

4.9): (1) pH of the staining solution (from pH = 6.5 to pH = 9.5), which has been known to affect 

the reactivity of NHS ester [170]; (2) staining concentration (from 100 nM to 10 µM), which can 

affect imaging sensitivity/speed; and (3) rinsing duration (from 30 sec to 120 sec), which can affect 

image contrast (signal-to-background ratio). As a control experiment (Figures 4.10), hydrolyzed 

(inactivated) ATTO 655 NHS ester was applied to tissue surfaces to verify that the image contrast 

provided by reactive (non-hydrolyzed) ATTO 655 NHS ester was due to covalent labeling rather 

than non-covalent binding of the dye to the specimen. In this study, our optimized 2.5-minute 

tissue-staining and rinsing protocol utilized a cocktail containing a 1:15,000 v/v dilution of SYBR 

Gold and 1 μM ATTO 655 NHS ester in 1× Phosphate-Buffered Saline (PBS, Gibco, Cat. No: 

10010023) at pH 8.0 to stain fresh tissue surfaces for 1 minute, followed by three 30-sec rinse 

steps in 1× PBS at pH 7.4. 

Figure 4.11 showed a comparison of the image quality between OTLS microscopy of 

eosin-stained vs. ATTO 655 NHS-ester-stained fresh breast tissues. The purple arrowhead in 

Figures 4.11 (a) indicated that eosin was weakly bound within fresh, unfixed breast tissues, which 

caused the eosin to leak out even after multiple rinse steps. This phenomenon has been seen in 

other reports in the past [10, 46, 150, 168]. Various tissue structures selected from Figures 4.10 

(a) and (b) were compared to similar tissue structures from both frozen-section and FFPE histology 

with eosin staining (Figures 4.10 (c) and (d)). Inspection of selected micro-architectural features 
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indicated that the ATTO 655 NHS ester stain provided higher-contrast visualization of specific 

structures, such as collagen fibers, than eosin does in fresh, hydrated specimens. Finally, it has 

been apparent that nondestructive OTLS microscopy preserved the architecture of the fibro-

adipose tissue, in a manner comparable to archival FFPE histology, whereas underlying 

architecture of the breast tissue was heavily distorted in frozen-section histology (yellow 

arrowhead). 

 

Figure 4.7. (a), (b) and (c) showed NHS ester staining results at different pH conditions (from pH = 6.5 to pH = 9.5). 

Arrows indicated the collagen fibers within the breast tissues. These results have indicated that a slightly alkaline 

NHS-ester staining condition (pH = 8) yielded the optimal image contrast. 
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Figure 4.8. (a), (b) and (c) showed NHS ester staining results at different staining concentrations (from 100 nM to 10 

M). When performing OTLS microscopy at high imaging speed (40 sec/cm2), the 100-nM NHS-ester staining 

concentration did not provide adequate sensitivity to visualize tissue structures (arrow in (a)). However, increasing 

the NHS-ester staining concentration to 10 M caused saturation (arrow in (c)), which deteriorated the image quality. 

The 1 M NHS-ester concentration provided the optimal image sensitivity. 
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Figure 4.9. (a), (b), (c) and (d) were OTLS microscopy images of NHS-ester stained breast tissues after applying 

various rinsing steps. Rinsing 1X in saline for 30 second was insufficient to remove all of the unbound NHS ester 

(arrow in (a)). The image contrast (signal-to-background ratio) was improved when rinsing the specimens in saline 

for a longer duration. In this study, we chose 3 rinse steps in saline for a total of 90 second (30 sec. per rinse) to achieve 

the optimal image signal-to-background ratio with a sufficiently rapid staining protocol. 
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Figure 4.10. Hydrolyzed (de-activated) NHS ester was applied to a tissue surface (a) to confirm that the image contrast 

provided by reactive (non-hydrolyzed) NHS ester (b) was due to specific chemical binding rather than nonspecific 

accumulation. For each specimen, the corresponding SYBR Gold channel was shown to outline the tissue structure. 

 

 

          
 

Figure 4.11. A comparison of the image quality between OTLS microscopy of eosin-stained (a) and ATTO 655 NHS-

ester-stained (b) fresh breast tissue surfaces. When staining fresh specimens, eosin was not stably bound within the 

tissue and leaks out of the tissue during imaging (purple arrow), which generated a high background that can 

deteriorate the image contrast. The image panels in (c) and (d) provided image quality comparisons between frozen-

section histology with eosin staining, archival FFPE histology with eosin staining, OTLS microscopy with eosin 

staining, and OTLS microscopy with ATTO 655 NHS-ester staining. Results showed that the ATTO 655 NHS ester 

provided improved contrast for visualizing tissue structures, such as collagen fibers, in comparison to eosin in fresh 

unfixed tissues. Adipocytes and strands of fibrous tissue with stromal cells remained intact after OTLS microscopy 

and slide-based “H&E” histology. However, the same tissue structures were heavily distorted in frozen-section “H&E” 

histology ((d), yellow arrow). This figure was published in [81]. 
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4.6 OTLS SURFACE IMAGES FOR FRESH, UNFIXED, SURGICALLY-EXCISED BREAST 

SPECIMENS 

To demonstrate rapid pathology of human breast tissues with an OTLS microscope, discarded 

surgically excised breast specimens were obtained fresh from patients undergoing lumpectomies 

and mastectomies at the University of Washington medical center, under informed consent. All 

human tissues were collected and de-identified by the NorthWest BioTrust (NWBT), a tissue 

banking resource at the UW, with approval by the UW Human Subjects Division. This study has 

been described in our recent publication [81]. Reprint permission has been obtained from the 

publisher.   

Fresh surgically excised breast specimens were obtained for our imaging experiments 

immediately after surgery. After inking all exterior surfaces, each specimen was bisected such that 

the two adjacent cut-surfaces were mirror images of each other. One half of the specimen (control 

specimen) underwent routine histological evaluation (H&E histology and IHC), including 

formalin fixation and paraffin embedding (FFPE). The other half (experimental specimen) was 

stained with SYBR Gold and ATTO 655 N-hydroxysuccinimide ester (NHS ester) followed by 

OTLS microscopy (for < 30 minutes). After OTLS microscopy, the specimen was submitted for 

the same histological evaluation performed on its counterpart. As shown in Figure 4.12, these 

experiments enabled two comparisons: 1) the OTLS surface images were compared to gold-

standard H&E histological images to demonstrate that the image quality of our technique can 

approximate that of archival H&E histology of FFPE tissues; 2) the histology results (H&E and 

IHC) from experimental specimens (used for OTLS microscopy) were compared to the histology 

results from corresponding control specimens (untouched by OTLS microscopy methods) to show 
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that our staining and imaging methods do not interfere with routine post-operative H&E histology 

and IHC analysis.  

 

Figure 4.12. Study design. Freshly excised human breast tissues were inked and bisected immediately after 

lumpectomy procedures. The bisected surface from one half of the specimen (control specimen) was processed for 

routine histology (H&E and IHC). The bisected surface from the other half (experimental specimen) was stained and 

imaged with OTLS microscopy (< 30 minutes), before being processed for routine histology. OTLS surface images 

were compared to archival H&E histology. In addition, histology images from the experimental and control specimens 

were compared to show that our tissue-staining and imaging techniques would not interfere with downstream H&E 

histology and IHC. This figure was published in [81]. 

 

 

Figure 4.13. Open-top light-sheet microscopy of N = 10 human lumpectomy samples. The surface-extracted OTLS 

images were on the left and slide-scanned H&E images of the same tissue surface were on the right. The highlighted 

box denoted the benign breast specimen shown in Figure 4.14.  
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First of all, we have imaged 10 surgically-excised breast specimens, including benign and 

cancer samples (Figure 4.13). The OTLS surface image of a fresh benign breast specimen (1 cm 

by 1 cm by 0.5 cm) (Figure 4.14) has demonstrated that OTLS microscopy can achieve rapid 

histologic imaging (1.5 cm2/minute) of the surface of a large surgical specimen. Important breast 

structures, such as the breast lobules (Figure 4.14 (d)), a duct (Figure 4.14 (e)) and a blood vessel 

within the adipose tissue (Figure 4.14 (f)), were identified in the OTLS surface image. The OTLS 

images in Figure 4.14 were compared to corresponding slide-based H&E images of the same 

specimen after formalin fixation and paraffin embedding.  

 

Figure 4.14. A fresh breast specimen (1 cm by 1cm by 0.5 cm, (a)) was first stained with SYBR Gold and ATTO 655 

NHS ester followed by surface imaging with an OTLS microscope, (b).  After OTLS microscopy, the same piece of 

tissue was submitted for archival FFPE histology (H&E), (c). Panels (d), (e) and (f) showed benign breast lobules (red 

arrow), a duct (purple arrow) and a blood vessel within the adipose tissue (green arrow) that were identified from the 

OTLS surface image, respectively. The corresponding gold-standard H&E images displaying the same tissue features 

demonstrated that OTLS microscopy with the SYBR Gold and ATTO 655 NHS ester tissue-staining method can 

enable rapid and high-quality pathology (1.5 cm2/minute) of a large surgical specimen surface. This figure was 

published in [81]. 
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Figure 4.15 displayed various microarchitectural features (selected from the 10 specimens 

listed in Figure 4.13) imaged with both OTLS microscopy and conventional slide-based histology. 

Figure 4.15 (a) showed a benign breast lobule with insets showing individual acini with 

identifiable lumens. Invasive ductal carcinoma (IDC) with Nottingham grade I (Figure 4.15 (b)) 

and Nottingham grade II (Figure 4.15 (c)) were characterized by tumor cells penetrating the 

basement membrane of the duct and infiltrating the surrounding connective tissues. Figure 4.15 

(d) was an example of ductal carcinoma in situ with comedonecrosis. Overall, the quality of our 

OTLS surface images is similar to that of conventional slide-based H&E images of FFPE tissues, 

but with slight differences. 

 
 

Figure 4.15. Various microarchitectural features were identified from the OTLS images, including (a) a benign breast 

lobule where the inset showed individual acini with identifiable lumens, (b) invasive ductal carcinoma (IDC) with 

Nottingham grade I and (c) IDC with Nottingham grade II, d) ductal carcinoma in situ with comedonecrosis. This 

figure was published in [81]. 
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Some of these differences may be attributed to the use of a fluorescent analog of H&E in 

which the staining characteristics were not chemically identical to conventional H&E. In addition, 

the topology and cellular contents at the surfaces of grossly cut tissues were likely to be different 

when compared to microtome-sectioned breast tissues that were formalin fixed and embedded in 

paraffin (Figure 4.14). For example, grossly cut tissue surfaces were likely to contain few, if any, 

cells that were physically cut open, and may also show slightly different glandular components, 

such as the acini shown in Figures 4.14 (d) and 4.15 (a). In addition, grossly cut specimens may 

contain tissue debris, irregular or soft surfaces that can deform when being flattened and placed on 

the microscope sample holder, while FFPE tissues were rigidly embedded in wax and sectioned 

without deformation. For example, the OTLS images of a duct and a blood vessel shown in Figures 

4.14 (e) and (f) appeared to be flattened and sheared such that some of the luminal surfaces are 

exposed. Further, the adipose tissue (Figures 4.14 (f)) showed stronger staining with our ATTO 

655 NHS staining protocol compared to routine H&E staining of tissue sections. We hypothesized 

that this may be due to: (1) ATTO 655 NHS ester covalently binding to cytoplasmic proteins in 

the fat cells while eosin being weakly bound to the tissue; (2) the 4-µm-thick FFPE tissue sections 

being thinner than the optical-sectioning thickness (~ 7 µm) of the OTLS microscope system 

utilized in this particular study, which made the FFPE tissue sections appeared lighter in color. 

Future OTLS systems with higher resolution have been under development and may help to 

mitigate some of these issues. 

Finally, routine H&E histology and IHC analysis (ER, PR, and HER2 expression) were 

performed on both control specimens (without OTLS microscopy) and OTLS-microscopy-

processed specimens. Figure 4.16 showed that the H&E and IHC results from the control 

specimens were qualitatively indistinguishable from the OTLS-microscopy-processed specimens, 
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suggesting that our OTLS methods would not interfere with downstream post-operative H&E 

histology and IHC analyses. It is worth mentioning that fluorescent histological assays, such as 

fluorescence in situ hybridization (FISH), have become powerful tools for diagnosing breast 

cancer [175, 176]. It is possible that the use of fluorescent dyes (ATTO 655 and SYBR Gold) in 

our proposed tissue-staining protocol may interfere with downstream FISH assays. However, these 

fluorescent dyes may most likely be bleached and/or washed away by various harsh chemicals 

(e.g. xylenes and alcohols) during the histology process for FISH. 

 
 

Figure 4.16. (a) H&E histology and (b) IHC results (ER, PR, and HER2 expression) from different control specimens 

(untouched by OTLS microscopy methods) as compared to those from OTLS microscopy-processed counterparts, 

showing that the OTLS methods did not interfere with downstream post-operative H&E histology and IHC analysis. 

This figure was published in [81]. 
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Chapter 5. CONCLUSIONS AND DISCUSSIONS  

5.1 MONTE-CARLO SIMULATIONS OF CONFOCAL MICROSCOPES  

As described in Chapter 2, we first performed Monte-Carlo simulations to assess the tissue-

imaging performance of various confocal microscopes, including dual-axis confocal (DAC) and 

single-axis confocal (SAC) architectures operating in both point-scanning (PS) and line-scanning 

(LS) modes [92]. These simulations enabled a direct quantitative comparison between different 

microscope configurations and are of value for evaluating the relative strengths and weaknesses 

of each imaging approach [92]. Further, we applied the same models to characterize the optical-

sectioning performance (contrast) of DAC-PS and DAC-LS configurations in reflectance mode as 

a function of θ and α. These results can be exploited for guiding the optimal designs of DAC-PS 

and DAC-LS microscopes [91]. 

 In both studies, Monte-Carlo simulations were performed via a commercially available 

optical simulation software (FRED). While this method provided simulation results that were 

consistent with experimental validations [87, 95], the FRED software was not well-equipped to 

simulate fluorescence microscopy in an efficient way. Therefore, only reflectance-based tissue-

imaging was modeled in previous studies [91, 92]. An alternative Monte-Carlo method would be 

needed to simulate the performance of fluorescence-based imaging systems. For example, a recent 

study in our group focused on utilizing an adjoint Monte-Carlo simulation method to more-

accurately and efficiently model the fluorescence illumination and detection of light-sheet 

microscopy in highly scattering tissues [155].   

 As mentioned in Chapter 2.3, traditional Monte-Carlo simulations do not account for 

polarization, diffraction and absorption, nor do they model other scattering events in real tissue, 
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such as refractive beam steering and lensing effects introduced by micro-architectural tissue 

structures. While these issues are not as important for low-resolution imaging applications, they 

limit the accuracy of this traditional method for investigating the realistic light-tissue interactions 

when imaging biological specimens at high resolution. Other simulation methods that have been 

frequently used for accurately modeling light-tissue interactions at finer scales include finite-

difference time-domain (FDTD) [177], pseudo-spectral time-domain (PSTD) [178] or beam 

propagation methods (BPM)[36]. However, these methods are often computationally intensive and 

time consuming (such as FDTD or PSTD), or still not truly representative of light scattering in real 

heterogeneous tissues (such as BPM) [129]. Therefore, we have recently developed a novel fractal 

propagation method (FPM) [129], for realistic microscopy simulations in tissues. The FPM has 

incorporated (1) a beam propagation model, which is a simplified numerical technique for 

modeling light transport in media with weak variations in refractive index, along with (2) a fractal 

model of the refractive-index turbulence seen in real biological tissues [129]. Compared to 

standard simulation methods (e.g., Monte Carlo or FDTD), we have shown that this novel FPM 

can accurately simulate the diffraction effects of weakly (low-NA) focused beams in 3D, as well 

as the effects of multi-scale refractive heterogeneities in biological tissues that are known to cause 

scattering, beam steering, and the distortion/aberration of beam foci [30]. Details about the FPM 

have been described in Glaser et al. [129]. 

5.2 DAC MICROSCOPY WITH BESSEL ILLUMINATION 

Bessel beams have recently been investigated as a means of improving deep-tissue microscopy in 

highly scattering and heterogeneous media [35-39]. It has been suggested that the extended depth-

of-field and self-reconstructing properties of a Bessel beam can provide an increased penetration 

depth of the focused beam in tissues compared to a conventional Gaussian beam [22, 35-39]. 
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However, a study is needed to better quantify the magnitude of the beam steering as well as the 

distortion of focused Gaussian and Bessel beams in tissues with microscopic heterogeneities. 

At first, we developed an imaging method and quantitative metrics to evaluate the motion 

and distortion of low- NA Gaussian and Bessel beams focused in water, heterogeneous phantoms, 

and fresh mouse esophagus tissues [30]. This study showed that low-NA Bessel beams exhibited 

reduced beam-steering artifacts and distortions compared to Gaussian beams, and were therefore 

potentially useful for microscopy applications in which pointing accuracy and beam quality are 

critical, such as DAC microscopy [30]. As a result, we implemented both Gaussian and Bessel 

illumination in a point-scanned DAC microscope and quantified the resultant degradation in 

resolution when imaging heterogeneous optical phantoms and fresh tissues. Results suggested that 

DAC microscopy with Bessel illumination exhibited reduced resolution degradation from 

microscopic tissue heterogeneities compared to DAC microscopy with conventional Gaussian 

illumination [34].  

Our motivation for performing these studies was the observation that DAC microscopy 

imaging performance is sensitive to positional changes and distortions at the foci of the two low-

NA beams utilized in an off-axis arrangement [127, 128]. For example, in previous studies with 

tissue-like phantoms, our group and others have observed that heterogeneity-induced beam 

steering has caused a degradation in spatial resolution in DAC microscope [32, 95]. However, a 

single-axis illumination and collection architecture (e.g. optical coherence tomography [179] and 

conventional confocal microscopy [84, 85] ) may be less sensitive to tissue heterogeneities due to 

the common path traversed by the incoming and outgoing ballistic photons.  

In the ex vivo imaging experiments [34], we noticed that the diffraction side lobes of a 

Bessel beam contribute out-of-focus background that decreases image contrast. In addition, since 
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each of these diffraction side lobes carry approximately the same amount of energy as the Bessel 

main lobe [118-120], Bessel illumination usually requires higher laser power than Gaussian 

illumination [34]. Intense laser irradiation can cause photodamage and photobleaching throughout 

the specimen [180, 181], which may limit the use of Bessel-illumination for certain biomedical 

applications [34]. Different approaches have been investigated by others to alleviate these trade-

offs (e.g. two-photon excitation, structured illumination, deconvolution, sectioned Bessel beams, 

energy-efficient low-Fresnel-number Bessel beams, etc.) [21, 35, 38, 123, 125, 182]. Similar 

approaches will need to be explored in the future to obtain an optimal balance among image 

contrast, resolution and photon budget for various imaging applications of DAC microscopy. For 

example, for in vivo and ex vivo clinical applications of DAC microscopy, the ability to image with 

high resolution and contrast at depths of hundreds of microns within tissues could be valuable for 

early disease detection, surgical guidance, post-operative pathology, and biopsy guidance [6, 40, 

41, 183-186].    

5.3 OTLS MICROSCOPY FOR RAPID PATHOLOGY OF LUMPECTOMY MARGINS 

In Chapter 4.6, we have showcased preliminary results to evaluate the feasibility of translating 

OTLS microscopy into clinical practice. As discussed in [81], upcoming versions of the OTLS 

microscope should realistically be able to fit within the size of a laser printer. Future clinical 

systems should also contain an enclosure to protect the optical hardware as well as to reduce 

ambient light such that the OTLS microscope may be used in a standard pathology lab or surgical 

facility. In terms of clinical translation, the OTLS microscope presented in our recent study [81] 

could benefit from the following improvements: 
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 First, the current two-channel OTLS imaging speed (1.5 cm2/ minute) has been limited by 

the highest frame rate of a state-of-the-art sCMOS camera. As higher-speed detectors become 

available, imaging speeds may be further improved. In the current system, there has been a tradeoff 

between the height of the imaging volume acquired by the sCMOS camera and imaging speed. For 

imaging breast tissues, which are pliable and therefore can sit relatively flat on the glass-plate 

sample holder, a relatively shallow image size of 1000-pixels wide by 128-pixels high has been 

used (64 pixels per channel, which corresponds to ~80 µm in spatial dimension), which was 

sufficient to account for most surface irregularities, specimen tilt, and tissue debris [46, 81]. 

However, when imaging stiff tissues with highly irregular surfaces, such as fresh radical 

prostatectomy specimens, it may be necessary to increase the image height to accommodate for 

surface irregularities. Yet, our study [46] has shown that changing the image height directly 

affected the OTLS imaging speed. Second, data storage will present another challenge for clinical 

translation. For example, a two-channel OTLS dataset of a 2 cm by 2 cm specimen requires ~81.6 

GB of hard drive space. We have been exploring the use of methods [187] to compress the OTLS 

datasets without significant image degradation. Finally, our current multi-step data acquisition and 

processing pipeline has not been well-suited for routine clinical practice. A simpler consolidated 

software package with improved efficiency is needed. Meanwhile, larger-scale clinical studies are 

also needed to fully examine these and other clinical-workflow challenges. 

On the other hand, the spatial resolution of the OTLS system can be further increased to 

provide better imaging of subcellular features, such as nucleoli. However, there will be trade-offs 

between imaging speed and resolution that may not be desired for certain applications, such as 

intraoperative guidance, where imaging speed would be of primary concern. In particular, since 

post-operative slide-based histopathology can still be utilized after nondestructive OTLS 
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microscopy, the sensitivity and specificity requirements of OTLS microscopy may not be as 

stringent as what is desired for primary diagnosis and grading.  

In summary, we have improved and optimized an OTLS system, along with a reliable and 

fast two-color staining method (2.5 minutes), to generate H&E false-colored images of fresh breast 

tissue surfaces within time frames that can be conducive to intraoperative use (1.5 cm2/minute). 

Our results have provided the first comparison between a pseudo-H&E OTLS microscopy strategy 

and both frozen-section and archival FFPE histology. In addition, preliminary results have 

suggested that our nondestructive imaging method is compatible with downstream archival H&E 

histology and IHC analyses, which are currently relied upon for definitive clinical diagnoses. 

While we have described important technical advances in OTLS microscopy and have assessed 

the basic feasibility of our system for rapid pathology of lumpectomy margins in [46, 81], rigorous 

clinical validation is still required to assess the ability to accurately identify various breast 

pathologies, such as in situ carcinoma, within intraoperative time frames.  

In recent years, multidisciplinary efforts in artificial intelligence, genomics and 

immunology have been leveraged and combined to address unmet needs in biology and medicine. 

In the future, OTLS microscopy may be synergistic with these fast-growing disciplines, to 

accelerate scientific or medical breakthroughs.  
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