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ABSTRACT 

Image-based single cell analysis is essential to study gene expression levels and subcellular 

functions with preserving the native spatial locations of biomolecules. However, its low 

throughput has prevented its wide use to fundamental biology and biomedical applications which 

require large cellular populations in a rapid and efficient fashion. Here, we report a 2.5D microcopy 

(2.5DM) that significantly improves the image acquisition rate while maintaining high-resolution 

and single molecule sensitivity. Unlike serial z-scanning in conventional approaches, volumetric 

information is simultaneously projected onto a 2D image plane in a single shot by engineering the 

fluorescence light using a novel phase pattern. The imaging depth can be flexibly adjusted and 

multiple fluorescent markers can be readily visualized. We further enhance the transmission 

efficiency of 2.5DM by ~2-fold via configuring the spatial light modulator used for the phase 

modulation in a polarization-insensitive manner. Our approach provides a uniform focal response 

within a specific imaging depth, allowing to perform quantitative high-throughput single-molecule 

RNA measurements for mammalian cells over a 2×2 mm2 region within an imaging depth of ~5 

µm in less than 10 min and immunofluorescence imaging at a volumetric imaging rate of >30 Hz 

with significantly reduced light exposure. With implementation of an adaptive element, our 

microscope provides an extra degree of freedom in correcting aberrations induced by specimens 

and optical components, showing its capability of imaging thick specimens with high-fidelity of 

preserving volumetric information with fast imaging speed. We also demonstrate multimodal 

imaging that can be switched from 2.5DM to a 3D single-molecule localization imaging platform 

by encoding the depth information of each emitter into the shape of point spread function, which 
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enables us to obtain a resolution of <50 nm. Our microscope offers multi-functional capability 

from fast volumetric high-throughput imaging, multi-color imaging to super-resolution imaging. 

Key words: fluorescence microscopy; high-throughput; extended depth of field; adaptive optics; 

super-resolution 
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CHAPTER 1 INTRODUCTION 

High-throughput and high-content imaging is a powerful tool in cell biology for studying 

cellular disease mechanism1 and addressing many biological questions of interest in single cell 

levels2. High-throughput microscopy has played an important role for the screening and profiling 

of cellular features by conducting a large number of experiments in a large cellular population with 

automated image acquisition. Biological information is then quantitatively extracted using 

automated image analysis at the level of molecules, single cell or even whole organism. High-

content screening has been used for many applications including the identification of genes 

involved in a particular biological process1 or required for cell differentiation2, the exploration of 

cellular disease mechanisms3, the examination of proteome-wide changes induced by the genetic 

perturbation4, to name a few. High-throughput fluorescent microscopy has long been highly 

demanded attributed to its high spatial/temporal resolution5, allowing time-lapse studies6 and 

versatile to examine biological phenomena and cellular functions7-10 in cells as well as tissues.  

In particular, single-cell transcriptomics, powered by the development of high-throughput 

technologies, such as quantitative polymerase chain reaction (qPCR)11, next generation RNA 

sequencing (RNA-seq)12,13, and single-molecule RNA fluorescence in situ hybridization 

(smFISH)14, allows hundreds to thousands of transcripts to be measured simultaneously in 

individual cells. Compared to bulk transcriptome, in which information from individual cells are 

generally averaged out, single-cell transcriptomics allows one to examine biological phenomena 

and study complex disease in sub-cellular vision. Although single-cell qPCR and mRNA-seq, as 

sensitive tools, have shown their capability to measure multiple gene expression in an accurate and 

high-speed manner with recent advances in the development of automated handling systems15-17, 
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subcellular localization of mRNA molecules is excluded due to the extraction of genes from 

individual cells. However, the spatial information plays an important role in understanding many 

biological activities. For example, in different gene expression levels, distinct cell types have been 

shown within the tissues and the spatial localization of those cell types provides a critical insight 

to reveal how tissue function and dysfunction arising from the responses of individual cells to the 

microenvironment. In addition, a recent study has shown a strong correlation between mRNA 

localization and the spatial organization of cellular architecture and function18. Therefore, it’s 

essential to measure not only transcript abundance but also the spatial localization within the cell7,8.  

To this end, imaging-based single-cell transcriptomics using smFISH has become an 

invaluable method to reveal the spatial localization and quantify the abundance of specific 

transcripts in single cells by using fluorescent-labeled FISH probes to target transcripts that have 

complementary sequence with the designed probes. Thus, single-molecule mRNAs can be directly 

visualized as bright diffraction-limited spots under a microscope. Owing to numerous 

developments in different types of FISH probes and continuously improved smFISH techniques, 

such as increased sensitivity of single-molecule detection by using either few FISH probes heavily 

labeled with fluorophores19,20 or a large number of singly labeled probes14 and increased capability 

of imaging different RNA species simultaneously by using combinatorial labeling with multi-

color-based barcodes or sequential hybridization21-23, smFISH has been widely used for studying 

subcellular gene expression in biological science24. Remarkably, a recent achievement done by 

Zhuang et al. has shown a simultaneous image of 100 to 1000 distinct RNA species in hundreds 

of individual cells by developing a multiplexed error-robust fluorescence in situ hybridization 

(MERFISH) technique25. 
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Figure 1 Four different approaches to volumetric imaging. (a) 3D stacks of images acquisition by 

mechanically moving the specimen or the objective lens. (b) Multiple focal plane can be simultaneously 

refocused onto different areas of a single exposure camera by using a distorted diffraction grating combine 

with other aberration correction elements. (c) The imaging lens in front of the camera can be replaced with 

electronically tunable lens (ETL) or deformable mirror 13. By rapidly changing the focal length driven by 

electronical source, 3D information can be simultaneously imaged on the single exposure camera. (d) 

Extended depth of field can be achieved by encoding the wavefront at the back focal plane using a 

transmitted phase plate or spatial light modulator (SLM). An invariant point spread function within a 

specific range projects 3D information onto a single snapshot image. 

To visualize subcellular features, large numerical aperture (NA) imaging systems are 

necessary for achieving high-resolution images while improving the light collection efficiency, 

especially, for photon-limited applications, such as single molecule imaging. However, the fact 

that the focal volume is inversely proportional to the cubic of numerical aperture (NA3) of the 

imaging system makes it necessitated to serially scanning through the cell volume to obtain the 

three-dimensional (3D) images which in general are achieved by mechanically moving the samples 
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using a piezo-stage (Figure 1a). This process is not only very time-consuming, but also wastes 

photons26 emitted from fluorophores residing in out-of-focus regions under the epi-illumination. 

For some specific applications, such as monitoring the dynamic behaviors of living cells, the 

mechanical movement may also introduce unexpected perturbation during the image acquisition. 

As a result, current high-throughput microscopy shows a severe drawback in the imaging speed 

compared to other imaging-based techniques such as imaging flow cytometry27,28 that is 2-3 order 

of magnitude faster than fluorescent microscopy. 

To overcome these issues and further improve the speed of throughput measurements, 

various approaches have been developed to extend the depth of field (DOF) for fast volumetric 

imaging, particularly toward less or no serial z-scanning29,30. For instance, it was proposed that 

multiple focal planes can be simultaneously imaged onto different areas of a camera in a single 

snapshot26 by using a distorted diffraction grating31,32 (Figure 1b). whereas this approach enables 

up to nine focal planes to be imaged simultaneously, the effective field of view (FOV) and SNR32 

are significantly limited because of channel splitting. More importantly, to compensate the 

chromatic aberration induced by the diffraction grating, chromatic corrected grating combined 

with prism are required, further increasing the complexity and alignment difficulty of the imaging 

system. By rapidly scanning the focal plane (Figure 1c) using an electrically tunable lens33, or 

tunable acoustic gradient index of refraction lens34, remote focusing35 or a deformable mirror36,37, 

the effective DOF can be further extended with a projected image in a single camera exposure. In 

these methods, a near-uniform focal response with diffraction-limited lateral resolution is typically 

generated over an extended axial range, they exhibit a poor signal to noise ratio (SNR) owing to a 

short detection duty cycle, which in turn makes them unsuitable for photon-limited applications. 
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Given the extent of DOF of an imaging system is tightly related to the point spread function 

(PSF) representing the resolution of the system, i.e. a larger DOF is equivalent to a longer PSF 

along the axial direction, a variety of PSF engineering methods have been reported to extend DOF 

by encoding the wavefront at the back focal plane (BFP) of an objective lens38,39 (Figure 1d). 

Compared to other approaches, PSF engineering method exhibits many merits, such as the 

compatibility with high NA objectives, flexibility of adjusting DOF and the ability of aberration 

correction with implementing an adaptive element. For example, by intentionally introducing 

common aberrations, such as a combination of coma and trefoil40, or primary spherical 

aberration41,42, extended DOF has been theoretically and experimentally demonstrated for fast 

volumetric imaging. Another typical PSF engineering method is to generate an Airy-beam shaped 

PSF using a cubic phase mask38. However, they are either restricted for use in low NA systems43,44 

or suffer from a considerable amount of side lobes in the resulting images, requiring a careful 

deconvolution to reconstruct the original images45. 

Phase modulation can be conducted by using a deformable mirror 13,46 or a liquid crystal 

spatial light modulator47 (SLM). Whereas DMs exhibit high light efficiency owing to their 

reflective nature, the relatively small number of actuators (ranging from several tens to hundreds) 

and the control mechanism of each actuator make them unsuitable for generating some certain 

phase patterns such as binary phase with sharp variation or phase vortices requiring high-

resolution30. Moreover, some coupling effects are also inevitable arising from the position control 

of adjacent actuators48. In contrast, SLMs with a large number of pixels could display sophisticated 

phase patterns more faithfully, but are not commonly used in engineering the detection PSF due 

to its inherent response to only linearly polarized light, resulting in an inevitable loss of 
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fluorescence light (~50%) after a polarization selection. Whereas the transmission efficiency can 

be improved by simply replacing the SLM with a well-designed passive phase plate30, it loses the 

additional degree of freedom arising from an adaptive element, such as correcting sample49,50 or 

imaging system induced aberrations51. 

To overcome the loss issue from an SLM, several approaches have been suggested for 

polarization-insensitive SLM51-55 via a specific designed geometries. For example, by using a 

birefringent beam displacer52 or a polarized beam splitter53,54, two orthogonal polarized beams can 

be separated and rotated by a half-wave plate such that each component is oriented in the correct 

polarization before reaching onto the SLM. A double-pass SLM configuration51,55 has also been 

reported to achieve 3D-donut beam shaping using a single SLM, where orthogonal polarized 

beams share the same optical path and their wavefronts are modulated independently by specific 

phase patterns imprinted at adjacent areas of an SLM. However, these techniques have only been 

successfully demonstrated for laser beam shaping, such as excitation beam in fluorescence 

microscopy. EDOF via PSF engineering still suffers significantly light loss when an SLM is used 

for manipulating the wavefront of the emission light38,56. Whereas several techniques have been 

proposed to mitigate this problem via first splitting two orthogonal polarized components and 

modulating each one independently and then imaging them onto different areas of a camera57,58, 

the SNR of each polarized image is still inherently limited by the physical separation of two 

polarizations. 

When imaging thick biological samples, one may have to deal with aberration from the 

specimen and a strong autofluorescence background. Both would significantly reduce the signal 

to background ratio (SBR) of images, resulting in a difficulty in faithfully resolving subcellular 
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structures. To suppress the autofluorescence59, specific sample treatments including signal 

amplification60 and tissue clearing61, and/or tailing the excitation beam using a highly inclined 

beam62,63 or light-sheet microscopy33,43 have been suggested for background reduction. An 

adaptive element, such as SLM, used for extended PSF engineering can be easily applied for 

aberration correction by superposing phase patterns aimed for each purpose together onto the 

single SLM. 

In cell biology, not only fast high-throughput volumetric imaging is highly demanding, but 

also a super-resolution imaging is desirable to visualize nanometer-scale biomolecules or 

proteins64. In this regard, a multi-functional microscope allowing fast volumetric imaging as well 

as super-resolution imaging would be a powerful tool for biological studies. However, an increased 

spatial resolution using a high NA objective generally would reduce the DOF, lowing the 

volumetric imaging speed, vice versa. Fortunately, SLM-based imaging systems could well 

integrate two types of microscopies together by simply switching the phase patterns without 

introducing additional add-on modules. Owing to numerous studies of photo-switching 

mechanism65-67 of various organic dyes, molecules located within the diffraction-limited volume 

can still be distinguished with nanometer resolution by stochastically switching-on a sparse set of 

fluorophores at each time frame and accurately localizing the 3D position of each emitter by PSF 

engineering methods47,68-70, categorized as single-molecule localization microscopy (SMLM). 

Therefore, with an adaptive element, such as SLM, the wavefront at the BFP of an objective can 

be easily manipulated to either extend the DOF for fast volumetric imaging or encode the depth 

information for 3D super-resolution imaging. 

The thesis is organized as follows:  
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In Chapter 2, we presented a theoretical model for generating an elongated PSF by 

encoding the wavefront at back focal plane of the objective lens using a binary phase pattern (2.5D 

phase). Focal responses with a high NA imaging system were simulated based on vectorial Debye 

diffraction theory. We demonstrated the tunability of imaging depth using our approach. The focal 

response of this phase pattern to the broadband light and Comparisons with one typical PSF 

engineering method and with a low NA imaging system were further discussed. 

In Chapter 3, we first characterized the 2.5D imaging system with NA = 1.4 by measuring 

the PSF of the system using gold nanoparticles and Strehl ratio of the peak intensity with 2.5D 

microscopy (2.5DM) and a clear aperture by single molecule DNA imaging. Then, we 

demonstrated the potential advantages of 2.5DM by performing quantitative high-throughput 

smFISH mRNA imaging over a 2×2 mm2 region in mammalian cells with less than 10 min. Multi-

color imaging with two mRNA species labeled with different dyes was also demonstrated. Finally, 

this approach has also been applied to immunofluorescence imaging at a >30 Hz frame rate with 

much reduced photobleaching.  

In Chapter 4, we demonstrated a polarization-insensitive SLM-based 2.5D imaging system 

that substantially overcomes the loss issue of an SLM, improving the transmission efficiency in 

the detection path from 41% to 77%. We also demonstrated the capability of the SLM-based 

imaging system for correcting aberrations from the system and the specimen. By combining 2.5D 

phase mask with the phase pattern for correcting aberrations, we further showed the advantages of 

our imaging system used for fast volumetric imaging of thick specimens with depth aberration 

correction correspondingly.  
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In Chapter 5, we demonstrated a 3D SMLM using PSF engineering methods which encode 

the depth information into the shape of the PSF. We first characterized the imaging system by 

extracting an essential parameter of the PSF and creating the calibration curve of the distinct 

parameter as a function of the defocusing depth using fluorescent beads. 3D localization precision 

of single molecules was then characterized by analyzing ~2,000 localization events from well-

isolated molecules. Finally, we validated the 3D SMLM by performing immunostaining imaging 

of microtubules in mammalian cells with a measured resolution of ~48 nm. 

In the last chapter, we summarized important results of current work and discussed about 

different prospects in the future work. 
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CHAPTER 2 PRINCIPLE OF 2.5DM 

The 2.5D microscope is based on one of four categorized approaches for extending the 

depth of field as described in Figure 1, called PSF engineering methods in which the wavefront at 

the BFP of the objective lens38,71 is modulated via an adaptive optics, such as SLMs, DMs, or 

passive phase plate. As a result, a tightly focused PSF in a conventional microscope becomes 

elongated along the axial direction and volumetric information within a specific imaging thickness 

(determined by the elongated PSF) could be directly encoded onto a 2D projected image plane. An 

image post-processing may be required depending on the complexity of generated PSFs45 by 

different phase functions. Compared to other approaches shown in Figure 1, PSF engineering 

techniques exhibit several merits in terms of compatibility with high NA imaging systems, 

tunability of the imaging depth and flexibility of correcting aberrations from the system with the 

implementation of adaptive optics.   

2.1 Vectorial Diffraction Theory 

 
Figure 2 Schematic of a simplified imaging system. Obj, Objective; L1-3, lens; BFP, back focal plane. 
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As shown in Figure 2, a typical microscope is composed of an objective lens and a tube 

lens as a 4f imaging system. Another 4f system composed of two lenses relays the BFP on a 

conjugated BFP, where an adaptive optics, such as SLM, is placed to effectively manipulate the 

wavefront. Here, to maintain the axis-symmetricity of the resulting PSF, we intentionally seek for 

a circularly symmetric phase function as the modulation, which can be expressed as 

𝑃𝑃(𝜌𝜌) = exp [𝑗𝑗𝑗𝑗(𝜌𝜌)] ( 1 ) 

where 𝜌𝜌  is a normalized radial coordinate at BFP, 𝜙𝜙(𝜌𝜌) represents the phase function, and a 

constant amplitude of the electrical field is assumed at BFP. To simplify the system, we can start 

with a scalar diffraction theory, in which the complex amplitude in the focal region can be written 

as72 

𝑈𝑈(𝑣𝑣,𝑢𝑢) = 2∫ 𝑃𝑃(𝜌𝜌)𝐽𝐽0(𝑣𝑣𝑣𝑣)exp (𝑗𝑗𝑗𝑗𝜌𝜌2/2)𝜌𝜌𝜌𝜌𝜌𝜌1
0  ( 2 ) 

where 𝑣𝑣 and 𝑢𝑢 are radial and axial optical coordinates at the image plane: 𝑣𝑣 = 𝑘𝑘𝑘𝑘sin(𝛼𝛼), 𝑢𝑢 =

4𝑘𝑘𝑘𝑘sin2(𝛼𝛼/2), respectively, and the numerical aperture of sin(𝛼𝛼). Correspondingly, the intensity 

response in the focal region is 

𝐼𝐼(𝑣𝑣, 𝑢𝑢) = 4 �∫ 𝑃𝑃(𝜌𝜌)𝐽𝐽0(𝑣𝑣𝑣𝑣)exp (𝑗𝑗𝑗𝑗𝜌𝜌2/2)𝜌𝜌𝜌𝜌𝜌𝜌1
0 �

2
 ( 3 ) 

As one can see that the intensity distribution along the optical axis is 

𝐼𝐼(0,𝑢𝑢) = 4 �∫ 𝑃𝑃(𝜌𝜌)exp (𝑗𝑗𝑗𝑗𝜌𝜌2/2)𝜌𝜌𝜌𝜌𝜌𝜌1
0 �

2
 ( 4 ) 

With a change of variable 𝑡𝑡 = 𝜌𝜌2, Equation 4 can be rewritten as  

𝐼𝐼(0,𝑢𝑢) = �∫ Φ(𝑡𝑡)exp (𝑗𝑗𝑗𝑗𝑗𝑗/2)𝑑𝑑𝑑𝑑1
0 �

2
 ( 5 ) 

Thus, the axial amplitude is the Fourier transform of the pupil function Φ(𝑡𝑡). Based on Parseval 

theorem, the integral of the axial intensity function is calculated as 
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∫ 𝐼𝐼(0,𝑢𝑢)𝑑𝑑𝑑𝑑∞
−∞ = ∫ �∫ Φ(𝑡𝑡) exp �𝑗𝑗𝑗𝑗𝑗𝑗

2
� 𝑑𝑑𝑑𝑑1

0 �
2
𝑑𝑑𝑑𝑑 = ∫ |Φ(𝑡𝑡)|2𝑑𝑑𝑑𝑑1

0 = constant∞
−∞  ( 6 ) 

which indicates that a larger depth of field results in a lower mean value of the axial intensity. One 

should be aware of a trade-off of the extent of DOF and SNR, in particular, applying EDOF 

methods for photon-limited applications.  

Typically, an optical imaging system implemented with a high NA objective lens is 

necessitated for imaging subcellular structures, such as single molecule imaging that requires a 

high spatial resolution and light collection efficiency. In such scenario, the approximation based 

on scalar diffraction theory, i.e., paraxial approximation, Fresnel and Fraunhofer approximation 

are no longer satisfied73. vector properties of electromagnetic (EM) field should be taken into 

consideration, the electrical field around the focal region can be written based on vectorial Debye 

diffraction theory as74: 

E(𝑥𝑥,𝑦𝑦, 𝑧𝑧) = − 𝑖𝑖𝑖𝑖
𝜆𝜆 ∫ ∫ sin𝜃𝜃 A(𝜃𝜃,𝜑𝜑)B(𝜃𝜃,𝜑𝜑)𝑃𝑃(𝜃𝜃,𝜑𝜑)exp [𝑖𝑖𝑖𝑖𝑖𝑖(𝑧𝑧cos𝜃𝜃 + 𝑥𝑥sin𝜃𝜃𝜃𝜃𝜃𝜃𝜃𝜃𝜃𝜃 +2𝜋𝜋

0
𝛼𝛼
0

𝑦𝑦sin𝜃𝜃sin𝜑𝜑)]d𝜃𝜃d𝜑𝜑 ( 7 ) 

where 𝜃𝜃 is the angle of the light exiting from the pupil plane toward the focal plane,  𝛼𝛼 is the 

maximum focusing angle of the objective lens. A(𝜃𝜃,𝜑𝜑) represents the complex amplitude of the 

electrical field at the pupil plane. Without amplitude or phase engineering, A(𝜃𝜃,𝜑𝜑) = 1. If a mask 

is place at BFP, this term will be modified accordingly. B(𝜃𝜃,𝜑𝜑)  is the apodization factor, 

indicating the energy conservation before and after lens aperture, here is referred as B(𝜃𝜃,𝜑𝜑) =

√cos𝜃𝜃. P(𝜃𝜃,𝜑𝜑) indicates the polarization effect of the electrical field in the focal region, which 

can be expressed as: 
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P(𝜃𝜃,𝜑𝜑) = �
1 + (cos𝜃𝜃 − 1)cos2𝜑𝜑 (cos𝜃𝜃 − 1)cos𝜑𝜑sin𝜑𝜑 −sin𝜃𝜃cos𝜑𝜑
(cos𝜃𝜃 − 1)cos𝜑𝜑sin𝜑𝜑 1 + (cos𝜃𝜃 − 1)sin2𝜑𝜑 −sin𝜃𝜃sin𝜑𝜑

sin𝜃𝜃cos𝜑𝜑 −sin𝜃𝜃sin𝜑𝜑 cos𝜃𝜃
� �

p𝑥𝑥
p𝑦𝑦
p𝑧𝑧
� ( 8 ) 

Based on the vectorial Debye theory, in a high NA imaging system, EM field distribution 

in the focal region is subject to various parameters, i.e., complex amplitude, the polarization of the 

incident light, and NA of the objective lens. All simulations about focal response performed in our 

work were based on the integral formula of Equation 7. 

2.2 Design of 2.5D Phase Pattern 

Circularly symmetric phase function has been proposed to achieve extended DOF literally 

42,75-77 and experimentally 41. For instance, by combining spherical aberration and defocus, named 

quartic phase mask, an axial invariant PSF can be generated over a certain distance with a relatively 

sharp focus. The lateral shape of the PSF is circularly symmetric in contrast to a cubic phase mask45 

and the phase modulation ensures a high transmission efficiency compared to an amplitude mask78. 

However, there are two main problems for this approach. Firstly, the intensity of PSF along the 

axial direction rapidly oscillates, which may cause a loss in the depth information when projecting 

volumetric information onto a 2D image plane. Secondly, the lateral resolution is not constantly 

preserved within the extended DOF. To overcome these issues, instead of using a circularly 

symmetric phase function in a continuous manner, a binary phase function79 attracted our attention 

because it shows an outstanding uniformity of axial intensity of  the PSF over a designed EDOF 

with a relatively sharp focus and well-preserved circularly symmetrical intensity distribution 

around the focal region. Unlike other approaches showing a rapid variation41 or a Gaussian-shaped 

response80, high-uniform PSF generated by a binary phase function is desirable for performing 
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quantitative intensity analysis. However, this has only been proposed theoretically in a low NA 

imaging system. 

To design a binary phase function that generates a uniform PSF over a certain distance. We 

first introduce two circularly symmetric phase functions, i.e. a combination of spherical aberration 

(Psp) and defocus (Pdf) at the BFP of the objective lens, which can be written as 

𝑃𝑃sp(𝜌𝜌) = exp (2𝜋𝜋𝜋𝜋𝜋𝜋𝜌𝜌4) ( 9 ) 

𝑃𝑃df(𝜌𝜌) = exp(2𝜋𝜋𝜋𝜋𝜋𝜋𝜌𝜌2) ( 10 ) 

Where ρ is the normalized radial coordinate with respect to the maximum radius of the pupil 

aperture. γ represents the strength of the spherical aberration and determines the extension of the 

axial PSF. ψ is a parameter used to control the position of the focus plane. a binarization of the 

circularly symmetric phase function was induced to convert a continuous phase function to a 

binary phase mask with only 0 and π phase value. The binary phase function composed of two 

axisymmetric aberration terms can be expressed as 

𝑃𝑃bin(𝜌𝜌) = Binary[exp (2𝜋𝜋𝜋𝜋(𝛾𝛾𝜌𝜌4 + 𝜓𝜓𝜌𝜌2))] ( 11 ) 

where the binarization criterion is defined as79: 

Binary[𝑃𝑃(𝜌𝜌)] = �1          Re[𝑃𝑃(𝜌𝜌)] ≥ 0
−1       Re[𝑃𝑃(𝜌𝜌)] < 0 ( 12 ) 

Once one parameter γ was fixed for a specific depth-extension, another parameter ψ was 

optimized until a defocus-invariant PSF was attained within the designed depth range. All 

simulations regarding the intensity distribution of the PSF were conducted under an imaging 

system where the NA of the objective lens is 1.4, the wavelength is 670 nm which is close to the 

emission peak of a common red-emitting fluorophore Alexa Fluor 647 (AF647), and the refractive 

index of the medium between the objective lens and sample is 1.518, unless specified otherwise. 
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Figure 3 Working principle of 2.5DM by simulation. (a-e) Focal responses at the x-z plane by implementing 

different phase functions at BFP: (a) a clear aperture with NA = 1.4, (b) a phase pattern with spherical 

aberration (SA), (c) a binarized spherical aberration pattern (binary SA), (d) a 2.5D phase created by 

binarizing a combined phase functions composed of spherical aberration and defocus term and (e) a clear 

aperture with NA = 0.45. (f-g) Intensity profiles along the lateral (f) and axial (g) direction for three different 

cases: a clear aperture with NA = 1.4 (black), 2.5D phase (red) and a clear aperture with NA = 0.45 (blue). 

The wavelength is 670 nm, the refractive index of the sample is 1.518. 

To design the binary phase function that satisfies our needs, 3D focal responses of a high 

NA imaging system (NA = 1.4) were simulated under different phase modulation at the BFP of 

the objective lens as shown in Figure 3. First, a spherical aberration (γ = 8) was applied on a pupil 

plane (Figure 3b). The resulting PSF was elongated along the axial direction but the centroid of 
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the focus was no longer located in the original plane compared to a tightly focused spot with a 

clear aperture (Figure 3a). Binarization of the spherical phase function using Equation 12 

generated two focal spots that were symmetric with respect to the focal plane and further 

effectively extended the PSF (Figure 3c). As one can see that the binarization recovered the 

symmetricity of the intensity distribution with relatively preserved PSF shape as that in Figure 3b. 

However, its axial intensity distribution was not uniform. More severely, low intensity was 

exhibited around the focal plane. To remedy this problem, we intentionally induced a defocus term 

by multiplying it with the spherical aberration and the combined phase function was binarized and 

optimized via adjusting the parameter ψ until a defocus-invariant PSF was obtained with a 

moderately uniform intensity distribution within a specific depth, for instance, 5.5 µm in Figure 

3d. Hereinafter, we would call this phase function as 2.5D phase pattern, while referring a clear 

aperture with NA = 1.4 to as widefield (WF).  

The intensity profiles of PSFs along the lateral (Figure 3f) and axial (Figure 3g) direction 

were further compared for three representative cases, i.e., a clear aperture (NA = 1.4), 2.5D phase 

pattern (NA = 1.4) and a clear aperture with a low NA imaging system (NA = 0.45) in Figure 3f 

and 3g. The low NA system aims to generate a same DOF as achieved by a 2.5D phase pattern. 

Compared to a clear aperture, the resulting PSF generated by the 2.5D phase pattern showed an 

extension of depth of field by 8-fold with the broadening of the lateral width by only a factor of 

1.8. However, the low NA system increased the lateral width by 2.8-fold given the same axial focal 

depth obtained by the 2.5D phase. Notably, compared to a Gaussian-shaped intensity distribution 

in the low NA system, the 2.5D PSF showed a remarkably uniform axial intensity distribution. To 

quantitatively characterize this, the full-width at 90% of maximum (FW90M), commonly used in 
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analyzing a flat-field illumination81, was calculated, showing a 1.8-fold larger FW90M by the 2.5D 

phase pattern than that in the low NA system. More importantly, the light collection efficiency of 

2.5DM was 9.7-fold higher than the low NA system as it is proportional to the square of NA, which 

becomes more critical for photon-limited applications. When the 2.5D phase function optimized 

via scalar diffraction theory is applied directly to a high NA imaging system, axial intensity of the 

PSF exhibited a stronger variation than the optimized case via vectorial diffraction theory within 

the designed axial depth (Figure 4). 

 

Figure 4 Focal responses by scalar and vectorial diffraction theory for 2.5D imaging. (a-b) Intensity 

distributions of the PSFs generated using scalar (a) and vectorial (b) diffraction theory at the x-z plane. (c) 

Axial intensity profiles of PSFs for the corresponding cases. A black dashed line indicates 90% of the 

normalized peak intensity. 
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2.3 Characterization of 2.5DM by Simulation 

2.3.1 Comparison with Other PSF Engineering Methods 

 

Figure 5  Comparison of focal responses by 2.5D phase pattern and cubic phase pattern.  (a-b) Intensity 

distributions of the PSFs generated by the 2.5D phase pattern (a) and the cubic phase pattern (b) at the x-y 

plane. (c) The intensity profiles along the x-axis where z = 0. The same EDOF was generated by both two 

patterns. For both cases, the intensity was normalized to the peak intensity value where z = 0, respectively. 

the wavelength used in the simulation was 670 nm with NA = 1.4.  

One typical EDOF imaging method, which has been reported theoretically82 and 

experimentally applied for fluorescence microscopy45,83, is to generate an Airy-beam shaped PSF 

using a cubic phase mask, which can be expressed as Φ𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐(𝑥𝑥,𝑦𝑦) = 2𝜋𝜋𝜋𝜋(𝑥𝑥
3+𝑦𝑦3

𝜌𝜌𝑚𝑚𝑚𝑚𝑚𝑚
3 ) , where α 

represents a design parameter to determine the strength of extension of DOF. ρmax is the largest 

radius of the pupil aperture. To fairly compare the focal responses by a cubic phase and our 2.5D 

phase, a parameter 𝛼𝛼 = 2.4 was used in the simulation to achieve a same axial full width at half 

maximum (FWHM) as shown in Figure 3d. As shown in Figure 5, the resulting PSF generated by 
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a cubic phase mask exhibited a considerable amount of side lobes and their peak intensities showed 

more than 60% of the maximal peak value (Figure 5c). To reconstruct a reliably original image, it 

requires a careful deconvolution, which may introduce artificial errors when a low-quality raw 

image was recorded. Furthermore, the multiple side-lobes at the transverse plane highly limits the 

structure density of a volumetric sample that can be imaged by this method. On the contrary, PSF 

generated by the 2.5D phase mask has shown neglectable side-lobe effect in the focal region with 

a circularly symmetric shape. It can be readily interpreted with a single snapshot image. 

In contrast to EDOF methods via wavefront coding, the depth of focus can be also extended 

by manipulating the amplitude at the BFP, such as using an annular aperture, which generates a 

greatly elongated PSF while maintaining a diffraction-limited lateral resolution. However, the 

main issue limiting the annular aperture in fluorescence microscopy, in particular, in the detection 

path, is that only a small fraction of the emission light can be transmitted through the aperture and 

utilized for imaging. One method has been reported to achieve a similar PSF without scarifying 

the transmission efficiency by designing a multiple concentric annular mask80, in which each sub-

aperture would generate an elongated PSF with the designed DOF and the light passing through 

each sub-region becomes incoherent. The resulting PSF is an incoherent superposition of each PSF 

generated by the sub-aperture. The incoherence is achieved by introducing a phase-delay that is 

larger than the coherent length of the light between different annular apertures. Compared to the 

PSF generated by a multi-annular mask (Figure 6a), 2.5D phase pattern generated a defocus-

invariant PSF (Figure 6b) with more uniformly axial distribution given the same FWHM whereas 

multi-annular mask exhibits a better lateral resolution. In addition, the adaptive optics used in 

2.5DM enables us to imprint different phase functions, such as defocus, to further smooth the 
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intensity distribution along the axial direction by dithering over a depth of 1 µm along the z-axis 

(Figure 6c) without compromising the image acquisition rate. 

 

Figure 6 Focal responses by multi-annular mask, 2.5D phase pattern without/with dithering. (a-c) Intensity 

distributions of the PSFs generated by the multiple annular mask (a), 2.5D phase pattern without (b) and 

with (c) dithering over a depth of 1µm at the x-z plane. (d) The intensity profiles along the z-axis for three 

corresponding cases. 

2.3.2 Tunability of Imaging Depth 

The fact that the 2.5D phase pattern is optimized via a combination of spherical aberration 

and defocusing enables our approach to adjust the DOF by simply controlling the strength of the 

spherical aberration term (γ). Correspondingly, for a given amount of the spherical aberration, the 

defocusing term (ψ) needs to be optimized until a moderately uniform intensity distribution is 

observed along the z-axis. By using an adaptive optics, such as SLM, different phase functions can 

be imprinted at the BFP accordingly based on the specific requirement for the imaging depth. 
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Figure 7 Tunable depth of field generated by controlling the spherical aberration strength. (a)-(d) Intensity 

distribution of the PSFs at the x-z plane by a clear aperture (a), an optimized 2.5D phase pattern with the 

spherical aberration strength γ = 4 (b), γ = 8 (c), γ = 14 (d). (e)-(f) Intensity profiles along the lateral and 

axial directions for the corresponding cases. Compared to the clear aperture, 2.5D phase mask increases the 

DOF by 12.6-fold, while broadening the lateral width by only a factor of 2.5 when γ = 14. 

Figure 7 demonstrated that with different strengths of spherical aberration (γ), one can 

achieve variable DOF with uniform intensity distribution over a specific depth. As γ increased, the 

intensity ripple along the axial direction was observed (Figure 7f) attributed to the interference of 

two aberrated long foci. Compared to the tight focal spot with a clear aperture, the binary phase 

filter (when γ = 14) increased the DOF by 12.6-fold with broadening the lateral width by only a 

factor of 2.5. To clearly elucidate the advantage of the 2.5D phase pattern, we plotted FWHM of 

the axial PSF (Δz) as a function of the lateral FWHM (Δx) in a log-log scale (Figure 8). As we 
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know, with a clear aperture, an extended DOF is achieved by reducing the value of NA and the 

lateral and axial FWHMs follow a linear relation theoretically under the log-log scale with a slope 

efficiency of 2 which corresponds well with the fitted data in the simulation.  Given the same DOF, 

compared to the clear aperture, 2.5D phase pattern minimized the broadening effect of the lateral 

resolution while providing a uniform axial intensity distribution over the designed depth. It should 

be noted that as shown in the plot (Figure 8), the slope efficiency of the 2.5D phase pattern started 

from a slope of ~3.3 and then decreased to ~0.83 at the DOF Δz > 7 µm. This may be explained 

by two possibilities: one is that as the strength of the spherical aberration increases, the growth 

rate of the EDOF generated by the aberration decreases above a certain threshold DOF. Secondly, 

the interference of two elongated foci reduces the extension of the PSF as they are highly 

overlapped with each other. 

 

Figure 8 Log-log plot of FWHM of the axial PSF (Δz) as a function of the lateral PSF (Δx)  The strength of 

spherical aberration in the 2.5D phase pattern and the value of NA in the clear aperture were adjusted to 

achieve different DOF. Both were linearly fitted where the clear aperture gave a slope efficiency of ~2 and 

2.5D phase pattern showed a slope of efficiency ~3.3 at Δz < 7 µm then reduced to ~0.83. 
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2.3.3 Focal Response to Broadband Light 

 

Figure 9 Response of 2.5D image to the broadband light.  (a-b) Lateral (a) and axial (b) focal responses of 

the designed phase function under the emission of the monochromatic (dotted blue) and the broadband light 

(solid red) with the effect of weighting factors determined by the fluorescence emission power spectrum. 

A Gaussian-distributed fluorescence emission spectrum was assumed with FWHM of 100 nm. 

The simulations conducted above was using a wavelength λ = 670 nm, which is the peak 

emission wavelength of a typical fluorescence dye, AF647. However, in fluorescence microscopy, 

the light emission is not monochromatic. In order to assess the feasibility of the 2.5D phase pattern 

to polychromatic systems, the focal response of the broadband light was examined using the same 

phase pattern (γ = 8, ψ = -1.525) designed for a monochromatic wavelength (λ = 670 nm). In our 

simulation (Figure 9), a broadband emission, centered at 670 nm and spanning 100 nm with 

Gaussian spectral distribution, was assumed. The spectral distribution provides a weighting factor 

for each wavelength and the focal response of the broaden emission was obtained by incoherently 

summing the intensity response of the PSFs at each wavelength with multiplication of a 
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corresponding weighting factor determined by the emission power spectrum. Compared to the PSF 

for the monochromatic light, the degradation of the intensity profiles along the lateral (Figure 9a) 

and axial direction (Figure 9b) was almost negligible for the broadband emission, confirming that 

the 2.5D phase pattern is tolerant to the wavelength variation and can be directly employed in the 

fluorescence microscopy. 
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CHAPTER 3 HIGH-THROUGHPUT IMAGING BY 2.5DM 

3.1 Overview 
High-throughput and high-content analysis is of utmost importance in studying subcellular 

features at a large number of cell populations in a systematic and unbiased manner84,85. To 

understand biological response of each cell to different stimulation86 and cell cycles87, biomarkers 

such as proteins, RNAs and organelles could be labeled with fluorescent probes and analyzed in a 

single-cell level. Imaging-based approaches in single-cell analysis have been powerful for 

studying gene expression levels, spatial distribution of cellular proteins and the interaction network 

and molecular mechanism of biological processes88-90. These thorough studying for cell biology 

has been effectively performed by high-throughput fluorescence microscopy84,91 in an automated 

fashion, which provides direct visualization of subcellular features in diffraction-limited resolution 

in wide-field microscopy or super-resolution at tens of nm levels5,92. It also shows powerful 

capability in studying dynamic behaviors of biological phenomena in live-cell imaging6 and 

versatility93 to image tissues as well. In particular, imaging-based transcriptomics via single-

molecule fluorescence in situ hybridization (smFISH)14,94 to directly visualize the spatial 

distribution of hundreds to thousands of transcripts simply as fluorescence spots under a 

microscope and immunofluorescence imaging using specific fluorescent probes (antibodies) to 

target different molecules or proteins have exhibited their tremendous power in  studying 

fundamental biological phenomena and understanding subcellular functions7-10. 

In conventional fluorescence microscopy, the imaging speed is 2-3 orders of magnitude 

slower than other techniques such as imaging flow cytometry27,28,95, resulting in a significantly 

limited adoption of imaging-based high-through techniques. For traditional fluorescence 
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microscopy, 3D cell images are captured by serial z-scanning via mechanically moving the sample 

mounted onto a piezo-stage (Figure 10), which is the most time-consuming process in a high-

throughput imaging system. The mechanical movement of the specimen not only limits the speed 

of image acquisition, but also perturbs the sample during the image acquisition. As a result, the 

perturbation may cause a measurement error or even be harmful to some specimens. Moreover, 

under the wide-field epi-illumination, fluorophores residing at out-of-focus regions are inevitably 

excited and easily photobleached, resulting in photodamage and waste of photons, particularly 

detrimental for photon-limited applications. 

 

Figure 10 Volumetric imaging in a conventional microscopy and 2.5DM. Volumetric information is 

obtained by either serial z-scanning (left) or a single-shot projection (right). 

To overcome issues occurring in serial z-scanning imaging systems, a large number of 

techniques have been suggested to achieve fast, volumetric imaging with less or no mechanically 

z-scanning22,23. Among these approaches, one typical technique is to rapidly scan the focal plane 

through the cell volume to obtain either a 3D image stack with a high frame rate or a projected 

image within a single exposure time. This has been demonstrated by using either an electrically 
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tunable lens33,96, tunable acoustic gradient index of refraction lens (TAG lens)34, remote focusing35 

or a deformable mirror28,29. In these approaches, while a near-uniform focal response with nearly 

diffraction-limited spatial resolution can be generated over a specific axial range, one has to deal 

with a poor SNR, resulting from a low detection duty cycle. Other techniques have also been 

proposed, such as instantaneous 3D imaging by projecting multiple image planes onto different 

areas of a camera97 or via light-field microscopy98, which either exhibits a low SNR32 or limited 

spatial resolution. Worthy to note that the severe degradation of SNR among these approaches 

makes them unsuitable to photon-limited applications, such as single-molecule imaging.In this 

chapter, we characterized an elongated PSF with high numerical aperture by encoding the 

wavefront in the pupil plane using the designed phase pattern described in chapter 2. The extended 

depth of field of the elongated PSF aims to cover the entire volume of a typical mammalian cell 

with a thickness of ~4-6 µm and the volumetric information can be simultaneously projected onto 

2D image plane in a single-shot camera exposure. The high uniformity of axial intensity profile 

and minimal side-lobes enable us to readily interpret the raw images without complicated image 

post-processing. Compared to WF microscopy, the peak intensity reduction by 2.5DM was 

quantitatively characterized. Based on the characterization of the detection PSF, high-throughput 

single molecule mRNA FISH imaging over a 2×2 mm2 was performed in mammalian cells in less 

than 10 min. Quantitative analysis of the copy number of mRNAs in individual cells and SBR 

were examined. To elucidate the capability of this approach in studying transcriptional abundance 

in cells, another species of mRNA species has been labeled with the same probes and imaged as 

well. Multi-color imaging and immunofluorescence imaging by 2.5DM were also demonstrated to 

show its versatile use. 
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3.2 Experimental Characterization of 2.5DM 

To experimentally demonstrate 2.5D imaging with extended depth of field, a schematic of 

the customized microscope system is shown in Figure 11. Four continuous-wave (CW) lasers (638 

nm, 532 nm, 488 nm and 405 nm; Colbolt) were coupled into a single mode fiber (P5-405BPM-

FC-2, Thorlabs), and their powers were controlled by a combination of a half-wave plate and a 

polarized beam splitter. The laser beam from the fiber output was collimated by a lens (L1, 𝑓𝑓 =

100 mm) and further expanded by a telescope composed of two lens (L2, 𝑓𝑓 = 50 mm; L3, 𝑓𝑓 =

150 mm) to obtain more uniform epi-illumination. an iris was placed after L3 to control the 

excitation beam size. The beam was then passed through a lens (L4, 𝑓𝑓 = 400 mm) and reflected 

by a dichroic mirror (Di03-R405/488/532/635-t1-25×36, Semrock) and relayed an epi-

illumination onto the sample plane through an objective (UPlanSApo, 100×/1.4, Olympus). A 

three-axis piezo stage (MAX311D, Thorlabs) controlled by an analog output board (PCI-6733, 

National Instruments) was used for holding samples and acquiring z stack images. Fluorescence 

emission was collected by the same objective and passed through an emission filter (FF01-

446/523/600/677, Semrock). The emission fluorescence was focused by a tube lens (L5, 𝑓𝑓 =

180 mm). Another 4f relay system composed of two lenses (L6, 𝑓𝑓 = 200 mm; L7, 𝑓𝑓 = 200 mm) 

were placed after the tube lens, giving a magnification of 100× in the imaging system. A spatial 

light modulator (SLM) (PLUTO-2-VIS-097, Holoeye) with resolution 1920 × 1080 pixels was 

placed at the conjugated back focal plane to generate the desired phase pattern. A polarized beam 

splitter was inserted before SLM to filter out the orthogonally polarized light which cannot be 

responded by SLM, avoiding the noisy effect added into the final image. A knife-edge mirror was 

used to redirect the light on the SLM, allowing a small incident angle limited by the performance 
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of the SLM (within ±5°) in a compact configuration. The emission light was finally focused on a 

sCMOS camera (Zyla 4.2 sCMOS, Andor). An automated xy-stage (SCAN IM 120×80, 

Marzhauser) and a piezo z-stage (Z-insert.100, Piezoconcept) were used for acquiring z-stack 

images and high-throughput images. In addition, a customized z-drift module was inserted in the 

illumination path to correct z-drift of the sample stage during the high-throughput imaging 

acquisition. Briefly, a collimated NIR beam (85-2302, Edmund Optics) was passed through a lens 

(L8, f = 300 mm), then reflected by another dichroic mirror (DM2, FF750-SDi02-25×36, Semrock) 

and directed onto the sample through the same objective lens. The beam reflected from a 

coverglass was collected by a 50:50 beam splitter and focused onto a camera (DMK 23U618, The 

Imaging Source) by a lens (L9, f = 60 mm). The camera continuously monitored a shift of the NIR 

beam during the movement of the xy-stage and a feedback signal was sent to the piezo z-stage to 

correct the drift using pre-calibrated data controlled by a MATLAB script. To sequentially record 

multi-color images, an Arduino board (UNO R3; Elegoo) was used to digitally modulate on-off 

states of multiple lasers. All images were 2 × 2 binned and the FOV was ~100 × 100 µm2. The 

imaging acquisition was controlled by MicroManager. 

In order to experimentally demonstrate the focal response by the 2.5D phase mask, we 

measured the PSF of the 2.5D imaging system using 80 nm gold nanoparticles embedded in 

immersion oil which aims to match the refractive index of the sample with that of an oil immersion 

objective lens (NA = 1.4). Gold nanoparticles, serving as point emitters, scatter the illumination 

light (λ = 638 nm), which then was collected through the detection path. The measured PSFs by 

the clear aperture (WF) and the 2.5D imaging system were shown in Figure 12a and 12b. 

Compared to WF, 2.5DM achieved an elongated focal spot along the axial direction with a 
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moderately uniform intensity distribution. The shape of the resulting PSF by 2.5DM corresponds 

well with the simulation demonstrated in Chapter 2. The intensity profiles along the lateral and 

axial direction were plotted in Figure 12c and 12d. One can see that 2.5DM extends the FWHM 

of the PSF along the z-axis from 0.63 µm to 4.5 µm while the FWHM along the x-axis increases 

from 0.32 µm to 0.51 µm. Therefore, the 2.5D approach achieves an DOF extension of ~7.2-fold 

but only broadens the lateral width by a factor of ~1.6. 

 

Figure 11 Experimental scheme of 2.5D microscopy. λ1 = 638 nm, λ2 = 405 nm, λ3 = 488 nm; λ4 = 532 nm; 

L1-7, lenses; M1-2, mirrors; SMF, single mode fiber; Obj, objective lens; DM1-2, dichroic mirror; PBS, 

polarized beam splitter; BS, beam splitter; SLM, spatial light modulator. 
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Figure 12 PSF measurements using 80 nm gold nanoparticles.  (a-b) Intensity distributions at x-y, x-z and 

y-z planes, respectively, with a clear aperture (WF) (a) and with a 2.5D phase function (b). (c-d) Intensity 

profiles of WF (black) and 2.5DM (red) along the lateral (c) and axial (d) direction. 80 nm gold 

nanoparticles were embedded in immersion oil to match the refractive index with the immersion medium 

of the objective lens (NA = 1.4).  

We further validated the focal response of the 2.5D imaging system using fluorescent beads 

and similar results were obtained as shown in Figure 13. To demonstrate the capability of the 

2.5DM in 3D imaging, we prepared a 3D hydrogel bead sample using 200 nm fluorescent beads. 

First, a 3D stack of images with WF were obtained by serial z-scanning over ~4.5 µm (Figure 13e-

13h) and projected onto a 2D image plane by maximum intensity projection (MIP) along the z-



32 
 

axis (Figure 13i). For the same imaging area, we also recorded a single image in a snapshot by 

2.5DM (Figure 13j). One can see that each fluorescent spot obtained by the 2.5D imaging system 

corresponds well with the projected image by WF. 

 
Figure 13 PSF measurement using 200 nm fluorescent beads. (a-b) Intensity distribution at the x-y and x-z 

planes with a clear aperture (WF) (a) and a 2.5D phase function (b). (c-d) Intensity profiles along the lateral 

(c) and axial (d) axis for WF (black) and 2.5DM (red). 10 Representative images of beads in 3D hydrogel at 

different image depth obtained by WF. (i) Image obtained by maximum intensity projection (MIP) of 3D 

image stack via WF. (j) Single-shot image by 2.5DM in the same area as WF. 
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Figure 14 Experimental characterization of a low NA imaging system. (a-c) PSF measurements using 200 

nm fluorescence beads. (a-b) Intensity distribution at the x-y and x-z planes by 2.5DM (a) and a lower NA 

system (b). (c) Lateral and axial intensity profiles of 2.5DM (red) and a lower NA system (black). (d) single-

molecule images for the surface immobilized Atto647N-DNAs by 2.5DM and a lower NA system. All 

images were recorded at an excitation intensity of ~100 W/cm2 and an exposure time of 800 ms. 

As we have described in Chapter 2, given the same extended DOF, 2.5DM shows 

advantages in minimizing the lateral resolution without scarifying the light throughput efficiency 

compared to a WF approach using a low NA objective lens. To address this, instead of using a low 

NA objective, which requires a separated detection module to maintain a similar effective pixel 

size as that obtained in a high NA imaging system, an iris was placed close to the SLM and the 

effective NA was adjusted by tuning the size of the pupil aperture at the conjugated BFP. We 

experimentally confirmed that the lateral FWHM of a low NA system gets broader than the FWHM 

of a 2.5DM (Figure 14c). In addition, we imaged surface immobilized single-molecule DNAs 
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labeled with Atto647N by 2.5DM and a low NA system under the same excitation intensity and 

exposure time (Figure 14d). one can see that a significant degradation in SNR occurred in the low 

NA system, hindering its application in single-molecule imaging. 

 

Figure 15 Single-molecule fluorescence intensity measurements.  Surface immobilized DNAs were labeled 

with AlexaFluor647. (a-b) Single-molecule images by WF (a) and 2.5DM (b). Zoomed-in images from 

subregions marked by dashed squares at the focal plane and an imaging depth of 1 µm above the surface. 

Both were recorded at an excitation intensity of 100 W/cm2 and an exposure time of 800 ms. (c) Peak 

intensity histograms of single-molecule spots for corresponding cases. 

It has been noted that the peak intensity of the 2.5D images decreases as the axial depth of 

field increases. To quantitatively analyze the peak intensity reduction in the 2.5D imaging system, 

we examined the ratio of the peak intensity obtained with 2.5DM and WF (named Strehl ratio) by 

imaging single molecule DNAs labeled with Atto647N on a coverslip (Figure 15). Illumination 

intensity of 100 W/cm2 and exposure time 800 ms were used for both of 2.5DM and WF. We 

recorded 20 images from different areas by WF (Figure 15a) and 2.5DM (Figure 15b) and One 
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may note that the shape of single-molecule spots is not isotropic along x- and y-axis attributed to 

the polarization effect arising from the linear polarized response of the SLM inserted at the 

conjugated BFP. However, the elongated PSF broadens the lateral width along the radial direction, 

resulting in more isotropic intensity distribution shown in Figure 15b.  

To evaluate the peak intensity value of each single-molecule spot, we calculated the 

intensity difference between a peak value and averaged periphery background intensity around the 

spot for more than 1000 well-isolated single-molecule spots and a histogram of back-ground 

corrected peak intensity values for each spot was plotted (Figure 15c). It shows that a mean value 

of the peak intensity by the 2.5D imaging system was ~3-fold lower than that with a clear aperture. 

The Strehl ratio of the peak intensity with 2.5DM and WF, indicates that for 2.5DM, in order to 

achieve a comparable peak intensity or SNR as that with a clear aperture, one needs to increase 

the exposure time by a factor of ~3 given the same illumination intensity. 

3.3 Application of 2.5DM to smFISH 

Transcription profiling in individual cells provides critical information, which could be 

easily averaged out by bulky measurements, i.e. qPCR and RNA-seq, as described in Chapter 1. 

One powerful method that provides accurate counts of mRNA copy numbers in individual cells is 

fluorescence in situ hybridization (FISH) technique followed by imaging analysis24. Additionally, 

this method reveals subcellular spatial information of mRNA, as the localization of mRNA 

provides useful knowledge to understand the essential functionality of each mRNA species and its 

corresponding responsibility in specific protein generation. To precisely capture and analyze 

mRNA copy numbers, many methods have been studied and practically applied to single molecule 
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FISH imaging. One widely spread technique is to detect individual mRNA molecules using 

multiple singly labeled probes14. Owing to their great work, a flexible amount of DNA probes 

ranging from 1 to 96 can be designed and simultaneously bind to each individual mRNA. Figure 

16 shows a schematic of multiple DNA probes labeled with fluorescent dyes binding to a specific 

mRNA as the sequence designed for. One may also need to note that the required number of probes 

for robust signal is also likely to relay on the target sequence14.  

 

Figure 16 Schematic of mRNA with multiple probes labeled with fluorescent dyes. 

3.3.1 Quantitative Imaging of mRNAs in Mammalian Cells by 2.5DM 

To demonstrate the potential applications of 2.5DM in mRNA imaging, we performed 

single molecule mRNA FISH experiments in U2OS cells on a target mRNA EEF2 (Eukaryotic 

Translation Elongation Factor 2), one of the high-abundance mRNAs in mammalian cells.99 32 

probes labeled with AF647 were used to amplify the signal of each molecule. We first recorded a 

3D stack of smFISH images by WF via serial z-scanning over a 5 µm thickness of the cell over a 

field of view (FOV) of ~100 µm × 100 µm. 25 z-steps of images were obtained under epi-

illumination at given experimental conditions, i.e., an exposure time of 400 ms per step and 

illumination intensity 100 W/cm2 (Figure 17a). Maximum intensity projection (MIP) along the 



37 
 

axial direction was then performed on the 3D stack of images (Figure 17b) to reduce 3D 

information into a projected single image, which indicates the relative location of each mRNA in 

cells. For the same image area, we obtained a single snapshot image using 2.5DM with an exposure 

time of 1 s under the same illumination intensity as WF (Figure 17c). The colocalization of single-

molecule spots obtained by 2.5DM and MIP showed that they corresponded well with each other 

(Figure 18). Transcription active sites were clearly observed in nuclei. Then an image applying 

average intensity projection (AIP) to the 3D stack of images was performed (Figure 17d) to mimic 

an approach of DOF extension (described in Chapter 1), that rapidly moves the focal plane along 

z-axis over a certain distance16, 40, for example, by using an electronically tunable lens (ETL) 33,96 

to extend the effective PSF along z-axis without any mechanical movement.  

To identify and count the copy number of single molecule mRNAs in individual cells, a 

Laplacian of Gaussian filter82 was applied to reduce the non-uniform background while sharpening 

the original image14. This two-step process is called LoG operation and the combined Laplacian 

and Gaussian functions can be expressed as: 

𝐿𝐿𝐿𝐿𝐿𝐿(𝑥𝑥,𝑦𝑦) = − 1
𝜋𝜋𝜎𝜎4

[1 − 𝑥𝑥2+𝑦𝑦2

2𝜎𝜎2
]𝑒𝑒−

𝑥𝑥2+𝑦𝑦2

2𝜎𝜎2  ( 13 ) 

where 𝜎𝜎 represents the bandwidth of the filter. An optimal bandwidth of the filter is determined 

based on the size of the observed spot and adjusted to optimize the signal to background ratio of 

the particles. After applying the LoG filter, noise cannot be removed completely in the filtered 

image, in particular, some dim non-specific binding spots may contribute to the mRNA counting, 

resulting in an overcounting problem. To enhance the accuracy of spot counting, a threshold value 

is necessitated. In general, the number of single molecule spots for all possible thresholds are 

counted, where a single molecule spot is defined as a connected component around the adjacent 
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pixels. Upon the curve of spots counted as a function of the threshold, a plateau is typically 

exhibited where the number of spots counted is less sensitive to the particular threshold value 

chosen within the plateau region and the accurate copy number of mRNAs can be determined. The 

uniformity of the illumination beam also plays a critical role in the accurate spot-finding. 

Compared to a Gaussian illumination, a more uniform illumination makes the spot-counting less 

sensitive to the threshold value. To do so, either more expanded beam is required to fill a uniform 

intensity distribution over the field of view, or some beam-shaping elements can be used to convert 

a Gaussian beam to a flat-top beam 81. Single molecule images were processed on a cell-by-cell 

basis, using a customized script written in MATLAB. 

We then counted the copy number of mRNAs (EEF2) in a single cell (enclosed by a yellow 

dash polygon) under MIP and 2.5DM and the single molecule spots for all possible threshold 

values, normalized to 1 were plot (Figure 17e). Based on the spot-finding algorithm, a threshold 

value within a plateau region was chosen, showing a copy number of 617 mRNAs (by MIP) and 

587 mRNAs (by 2.5DM) were detected, respectively, indicating a good agreement with each other. 

We also counted the copy number of mRNAs using a 3D stack, showing a copy number of 609, a 

almost same result as counter under MIP. Less than 5% decrease of the counted mRNAs in 2.5DM 

might be attributed to the overlapped spots (Figure 18) due to the broadening of the lateral width 

compared to WF and photobleaching during the image acquisition. To overcome the overlapping 

issues between adjacent spots, multi-spot fitting could be used. One may note that a longer plateau 

was observed with 2.5DM compared to MIP by WF, that may be explained by the intensity 

smoothness of the elongated PSF to single molecule spots located in different image depths with 
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variant peak intensities, whereas MIP is more likely to sharpen the nonuniformity of the emitting 

light from individual single-molecule spots located in different positions in the cell volume. 

A custom-made Matlab script was used to calculate the SBR for three methods, i.e., MIP, 

2.5DM and AIP, based on a series of criteria.100 First, all images obtained were 2 × 2 binned, 

resulting in a pixel size of 118 nm. A minimal intensity value was subtracted from the raw image 

to obtain a background- corrected image. Then each well-isolated single-molecule spot was 

identified and analyzed in a 13 × 13-pixel array around the central pixel of the spot. SBR was 

defined as Is/Ib, where the corresponding background level for individual spots, represented by Ib, 

was calculated by the averaged intensity from the periphery region of the pixel array and the signal 

level, represented by Is, was calculated by averaging the intensity from the central region around 

the peak intensity. The size of the central region was determined by lateral FWHM measurement 

of PSF as described in section 3.2. More than 100 well-separated single-molecule spots were used 

for the SBR analysis. 

Since the effective PSF of AIP at the transverse plane is a superposition of in-focus spot 

and expanded out-of-focus as well, in other words, AIP image would collect not only in-focus 

fluorescence light but also out-of-focus background. As a result, AIP image showed the lowest 

SBR compared to MIP and 2.5DM (Figure 17f). Although the image obtained by 2.5DM 

compromised the SBR by a factor of 1.7 compared to MIP obtained by WF, it significantly 

improved the image acquisition rate by an order of magnitude with a single snapshot exposure, 

while still maintaining a high spatial resolution. In addition, SBR analysis indicated that 2.5DM 

showed higher SBR than obtained in AIP images (similar to rapidly moving the focal plane), which 

is particularly crucial for quantitative mRNA imaging with high abundance. 
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To further investigate whether WF and 2.5DM both could provide reliable mRNA counting 

given the same exposure time in total, we recorded a 2.5D image in a single snapshot exposure of 

1s (Figure 19a) and a stack of images with WF for the same image area at shorter integration time 

of 40 ms per step where 25 z-steps of images were acquired with the total exposure time of 1s. 

Then a projected 2D image was obtained by MIP as shown in Figure 19b. A zoom area (surrounded 

by a white dash rectangular) indicated that the MIP image showed a remarkable SNR degradation 

and many single-molecule spots were overwhelmed by noise compared to the 2.5D image. We 

plotted the copy number of mRNAs as a function of all possible thresholds in the selected cell 

(surrounded by a yellow dash polygon) as shown in Figure 19c. Clearly, compared to 2.5DM, MIP 

with the total integration time of 1 s showed an exponentially decaying curve with no plateau 

observed due to the low SNR, making it difficult in reliable mRNAs counting. After applying a 

LoG filter to enhance the SNR and remove the slowly varying background, a threshold value 0.11, 

represented by the black dash line at the cross of two curves was chosen as the threshold value to 

determine the number of spots in two zoom images, where each distinct spot found was assigned 

to a random color (Figure 19d). The spots counted in 2.5D image well corresponded with those 

identified by eyes (zoomed image in Figure 19a). However, 4 out of 17 spots, overwhelmed by the 

background noise, were missed in the MIP image, which could result in severe error in quantitative 

measurements14, such as false-positive detection and/or missing single-molecule spots. A longer 

integration time in 2.5DM allowed one to collect more photons from fluorescence emission, 

leading to a higher SNR. 
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Figure 17 Single molecule mRNA FISH imaging of EEF2 on U2OS cells using 2.5DM.  (a) smFISH images 

of WF at different imaging depths (left) and the single-shot image of 2.5DM (right) in the same area. (b-d) 

Images obtained by (b) maximum intensity projection (MIP) (b), 2.5DM (c) and average intensity 

projection (AIP) (d) for the 3D cell volume. Nuclei were stained with DAPI shown in blue. Yellow arrows 

indicate active transcription sites. All images were recorded at an excitation intensity of ~100 W/cm2 with 

an exposure time of 400 ms/step (WF) or 1 s (2.5DM). (e) Plots of the number of transcripts found in a 

single cell (surrounded by a yellow dashed polygon in (b) and (c)) as a function of threshold values for MIP 

and 2.5DM, where the vertical dashed lines indicate the optimal thresholds. (f) Signal to background ratio 

(SBR) for different techniques. The error bars denote the standard deviation from the mean value. 
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Figure 18 Co-localization of smFISH spots obtained by two methods. (a) Maximum intensity projection 

(MIP) and (b) 2.5DM imaging. (c) Color-coded circles representing identified mRNA molecules by MIP 

(red), 2.5D 31 and both (yellow) from a merged zoomed-in image of subregions marked by dashed squares 

in (a) and (b). 

To validate the capability of our approach for detecting different RNA species, we also 

performed single molecule mRNA FISH imaging of TOP2A (Topoisomerase 2-alpha) with 48 

designed probes labeled with AF647 in U2OS cells at the same experimental conditions as the 

FISH imaging of EEF2, i.e., an exposure time of 400 ms per step for MIP (25 steps in total), and 

a single exposure of 1 s for 2.5DM with the epi-illumination intensity of ~100 W/cm2 over a 

volume of ~100 × 100 × 5µm3. The copy number of mRNAs (TOP2A) as a function of thresholds 

(normalized to 1) in a single cell (circled by yellow dash polygons) was plotted for two images, 

i.e., MIP image obtained by the 3D stack of images (Figure 20a) and 2.5D image (Figure 20b).The 

resulting copy number showed a good agreement with each other. Longer plateaus were observed 

for both MIP (Figure 20c) and 2.5DM (Figure 20d) than the case that 32 probes were used in EEF2 

FISH images, indicating much reliable counting with more numbers of probes, owing to the 
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brighter emission from extra probes which agrees with the analysis in the previous literature14. As 

a result, a variety of mRNA species with copy numbers ranging from low to high (up to ∼ 600) in 

mammalian cells can be measured using 2.5DM with remarkably improved acquisition rate, 

providing a promising potential in faster high-throughput transcriptional profiling applications. 

 

Figure 19 Quantification of mRNAs by 2.5DM and WF given the same exposure time.  (a) Single exposure 

image by 2.5DM at exposure time 1 s, and a zoom image (right) surrounded by a white dash square. (b) 

Image by MIP of 25 z-steps via WF at exposure time 40 ms per frame and the corresponding zoom image 

(right). (c) Plots of number of spots found as a function of threshold values: 2.5DM (red) and MIP (blue). 

(d) Resulting images of two zoomed regions in (a) and (b) after applying a threshold value (the black dash 

line) in (c). Each distinct spot is assigned to a random color. 
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Figure 20 smFISH images of TOP2A labeled with AF647 on U2OS cells. (a-b) Images by MIP with WF 

(a) and single-shot image by 2.5DM (b). (c-d) Corresponding plots of the copy number of mRNAs identified 

in the selected cell (circled by a yellow polygon) as a function of all possible thresholds for MIP (c) and 

2.5DM (d). Black dash lines indicate the optimal threshold value where the accurate copy number can be 

determined. 48 FISH probes labeled with AF647 were used and all images were recorded at an excitation 

intensity of ~100 W/cm2 with an exposure time of 400 ms/step (WF) or 1 s (2.5DM). 
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3.3.2 High-throughput smFISH Imaging by 2.5DM 

 

Figure 21 High-throughput smFISH imaging.  (a) smFISH image of a 2 × 2 mm2 region of U2OS cells 

stained with DAPI (blue) and 32 probes labeled with AF647 for EEF2. 26 × 26 two-colored images with 

20 % overlap between adjacent field of views were acquired under epi-illumination at exposure time of 600 

ms for AF647 and 20 ms for DAPI. (b) Zoomed image of the rectangular region shown in (a) with an area 

of 65 × 65 μm2. (c) A further-zoomed region represented in (b).  

To demonstrate the advantage of 2.5DM in performing high-throughput measurement, we 

obtained a smFISH image over an area of ~ 2 × 2 mm2 with an imaging depth of ~5 µm in U2OS 

cells (Figure 21a). This image was composed of a grid of 26 × 26 smFISH images cross a FOV of 

~ 100 × 100 µm2 and a 20% overlap between two adjacent images was used to ensure a proper 

stitching. 676 images were obtained by 2.5DM within ~9.2 min, whereas it required ~64 min in 

total for the same measurement performed by a traditional approach through serial z-scanning. The 
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individual mRNA molecules including transcription active sites were clearly observed in 

individual cells with a high SBR over the entire image area (Figure 21b and 21c). the total number 

of imaged cells was counted by imaging the nuclei using DAPI signal where cell nuclei were 

identified via setting a certain threshold value. Above a certain threshold value (normalized to 1), 

the intensity signal from the corresponding pixel was assigned to 1. The number of nuclei and the 

nucleus size were calculated from the pixels representing the intensity of 1. The total number of 

cells measured in the image area was ~2,830, leading to a throughput of 5.1 cells/s by 2.5DM, 

which was ~7.3-fold higher than the throughput by the conventional WF (0.7 cells/s). By 

implementing 2.5DM, the throughput efficiency was remarkably improved with a much-reduced 

light dose.  

To analyze the copy number of mRNAs (EEF2) in individual cells quantitatively, well-

isolated cells were segmented by defining cell boundaries based on a fact that the density of 

transcripts decreases significantly close to the edge of cells. Only cell boundaries that have one 

nucleus located in an enclosed boundary were defined as well-isolated ones and intentionally 

selected. After cells were properly segmented, we counted the copy number of mRNAs in each 

selected cell and plotted the number of mRNAs as a function of nucleus size calculated by DAPI 

signal (Figure 22). The averaged copy number of EEF2 per U2OS cell was 505 ± 2.9, represented 

by mean value ± standard error of the mean. Statistical analysis indicated a positive linear 

correlation between the copy number of mRNAs and the nucleus size (r = 0.71) which showed a 

similar result as reported in the previous study about the relation between the mRNA abundance 

and cell volume and/or the nucleus size99.  
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Figure 22 Copy number per cell as a function of nuclear size. The total number of cells analyzed was 814. 

The solid red line indicates the linear fit and r denotes a correlation coefficient. 

To make the throughput of 2.5D imaging system more comparable to that of imaging flow 

cytometry (>200 cells/s), throughput efficiency for smFISH measurement need to be further 

improved. Many strategies can be used in the future work, which are mainly categorized by two 

different approaches: system level design and advanced smFISH techniques. 

3.3.2.1 Improve Throughput via System Design 

The total acquisition time required for a high-throughput smFISH measurement is 

composed of an area-independent time and an area-dependent time which can be expressed as (τ 

+ txy) × m2, where τ represents the exposure time per frame, txy denotes the settling time of a 

motorized stage and m2 is the number of stitched images required for a specific image area. The 

area-dependent time can be further reduced by strategies based on the system design. Whereas it 

is difficult to reduce the settling time of a motorized stage due to the “stop-image” strategy, there 

are several approaches that could be applied to decrease m and τ. For instance, the imaging FOV 
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can be further expanded by replacing the current oil immersed objective lens (100×) with a 

60×/NA1.4 oil or 60×/NA1.3 silicon objective lens. In a combination with fully used sCMOS 

pixels (2048 × 2048), the imaging FOV will be increased by 4-fold from ~100 × 100 µm2 to ~200 

× 200 µm2. A flat-field illumination allows a smaller overlap when stitching imaging81, leading to 

a decreased m. 2.5DM showed a low photobleaching compared to a conventional microscope, 

which provides a possibility to further improve the throughput by increasing the frame rate under 

higher illumination intensity with significantly degrading the SNR. However, not only the amount 

of light dose but also the peak excitation intensity would play a critical role in determining the 

extend of photodamage of samples. Image post-processing based on computational algorithms 

such as using deep-learning101 or camera-related noise correction102 could be useful in lowering 

the exposure time and excitation intensity while improving the SNR. 

3.3.2.2 Improve Throughput via Multiplexed Error-robust FISH 

Many biology researchers are of interest to systems level questions, such as quantitatively 

understanding the interactions between different biological components. smFISH approach has 

remained limited in transcriptional profiling by the number of genes that can be simultaneously 

studied in single cells compared to alternative approach, genomics, which can systematically 

analyze all genes and proteins at a time with averaged information over numerous cells. 

Considering the advantage of smFISH approach in mapping the spatial context of specific mRNAs 

in their native environment, many advanced researches have allowed a simultaneous measurement 

of 10-30 distinct mRNA species in single cells 21-23,103. These approaches are using combinatorial 

labelling with either barcodes with spectrally resolved fluorophores or sequential hybridization. 
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However, to answer systems level questions, the measurement of hundreds to thousands of RNA 

species within a single cell is highly demanding for imaging-based approaches. 

MERFISH has been proposed to substantially increase the number of RNA species that can 

be measured simultaneously in individual cells25. This highly multiplexed smFISH method used 

combinatorial labeling and sequential hybridization with an error-robust encoding scheme as 

shown in Figure 23. Each mRNA species is encoded with a N bit binary barcode. During each 

hybridization round, the subset of RNAs that are encoded with 1 should read the emitting signal 

from the probes labeled with distinct fluorophores. The number of RNA species that can be 

addressed increases exponentially with the number of imaging rounds limited by the multiple 

distinct signals (N) used for labeling. Ideally, N rounds of hybridization would allow maximum 

number of 2𝑁𝑁 − 1 RNA species to be imaged. However, the detection reliability of RNA species 

rapidly decreases with the increasing number rounds of hybridization. To overcome this issue, 

MERFISH includes an error-robust encoding scheme in which only a subset of 2𝑁𝑁 − 1 binary 

words separated by a certain Hamming distance are used to encode RNA species. To reduce errors 

and enhance detection accuracy, the number of 1 bit should be kept relatively low: only 4 per a 

binary code word. In other words, each RNA species should be targeted with four sets of probes 

labelling with distinct fluorophores. Multiple singly labeled probes up to 96 can be used to enhance 

the fluorescence intensity in each imaging round. 

This highly multiplexed imaging approach has shown significant improvement in 

analyzing large number of RNA species with preserving their spatial context104. In combination 

with 2.5D imaging system and approaches of reducing area-dependent time, such as FOV 

expansion, flat-field illumination and computational-based image post-processing, the throughput 
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efficiency of smFISH imaging could be significantly improved, allowing a systematically study of 

image-based gene regulatory network under subcellular vision. 

 

Figure 23 Scheme of highly multiplexed error-robust FISH (MERFISH) approach.  Each RNA species is 

encoded with a N-bit binary word with a modified Hamming Distance 4 code. During each imaging round, 

the subset of RNAs that encode binary code 1 emit fluorescence signal. A different readout probe is used 

in each round hybridization and multiple singly labeled probes can be used to target each RNA to increase 

the SBR. Each binary code word contains a particular combination of four of N distinct readout signals. 

After N rounds of hybridization, every specific RNA species is decoded from the binary words measured 

during the experiment. 

3.3.3 Multi-color smFISH Imaging by 2.5DM 

To understand the functionality of a biological structure and its interaction with different 

proteins or biomolecules, multicolor fluorescence microscopy has shown its power in resolving 

the spatial relationship and temporal dynamics of subcellular components 32,105-109 owing to the 

significant advances in optical instruments and detector design as well as the introduction of a 
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variety of new fluorophores spanning the entire visible spectral region. Different components of 

interest are labeled with distinctly colored probes in fixed and living cells and tissues. The 

colocalization between differently labeled entities is used as the indicator to study their potential 

interactions and to address many interesting biological questions. 3D imaging of whole cells with 

different color-coded components demands sequential image acquisition at different axial depths, 

suffering from multiple effects, for instance, out of focus molecule activation (photobleaching) 

and phototoxicity, especially in living cells. With 2.5DM, the volumetric information can be 

simultaneously recorded in a single exposure frame and projected as 2.5D images. 

 

Figure 24 Focal responses of 2.5DM under two distinct wavelengths.  (a-b) Intensity distribution of PSFs 

at the x-z plane generated by the same 2.5D phase pattern under two distinct wavelengths of 571 nm (a) and 

670 nm (b) representing the peak emission wavelengths of Cy3B and AF647. (c) The corresponding 

intensity profiles of PSFs along the z-axis. 

To elucidate the ability of multicolor imaging using 2.5DM, for instance dual color imaging, 

such as microtubules and mitochondria labeled with AF647 and Cy3B, respectively, a comparison 

of the intensity distribution at x-z plane of two distinct fluorophores with peak emission at 571 nm 
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for Cy3B and 670 nm for AF647, respectively, was shown in Figure 24a and 24b. In this simulation, 

the same phase pattern designed as described in Chapter 2 was applied for both wavelengths. As 

one can see from the intensity profiles along the axial direction (Figure 24c), axial FWHM of peak 

wavelength λ = 670 nm is ~5.5 µm and FWHM of peak wavelength λ = 571 nm was ~4.7 µm. 

With the same phase pattern, 2.5DM generated two elongated PSFs with the axial extension larger 

than 4.7 µm for two typical fluorophores, i.e., AF647 and Cy3B, which could well cover the 

thickness of a typical cell type, such as U2OS cells. In other words, two proteins labeled with these 

two distinct fluorophores can be immediately imaged through the cell volume by 2.5DM without 

rapidly switching the phase pattern of the SLM. which results in a further improvement in the 

image acquisition rate towards fast video-rate volumetric imaging systems. 

To experimentally demonstrate the capability of 2.5DM in performing multi-color imaging, 

we first performed a 3D hydrogel fluorescent beads imaging to elucidate the ability of our 2.5D 

imaging system to an alternative color, which has the peak emission at the wavelength of 605 nm 

and could be effectively excited by 561 nm laser, since we have successfully validated the use of 

AF647 in smFISH mRNA imaging shown in section 3.3. To enhance the SBR of 3D beads image, 

a highly inclined epi-illumination was used to shrink the thickness of the excitation beam. First, a 

hydrogel beads image with a thickness of ~3 µm was recorded by sequentially z-scanning through 

the volume and then projected onto 2D image by MIP as shown in Figure 25a. A single exposure 

image was then obtained by 2.5DM at the same image area shown in Figure 25b. Figure 25c 

showed a representative frame of 3D stack at the imaging depth of 2µm above the surface of the 

coverslip. From the zoom images (Figure 25d-25f), one can clearly see that the spots observed by 

2.5DM corresponded very well with those obtained by MIP of the 3D stack. one may also note 
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that more spots were displayed on the 2.5D image, which could result from the longer axial 

extension of the PSF (> 3 µm) generated by the 2.5D imaging system than the recorded image 

volume. 

 
Figure 25 3D hydrogel fluorescence beads images with the peak emission wavelength 605 nm. (a) 3D stack 

of images recorded and projected by MIP. (b) Single exposure image using 2.5DM at the same image area. 

(c) A representative frame of the 3D stack at the image depth of 2 µm above the image surface. (d)-(f) 

Corresponding zoom images of white dash square regions in (a)-(c), respectively. The fluorescence beads 

were excited by 561 nm laser. 

Then we further demonstrated the capability of 2.5DM in measuring different mRNA 

species by labeling two distinct mRNAs, i.e., EEF2 with Cy3B and TOP2A with AF647, 

respectively, in the same mammalian cells (U2OS). Two organic dyes were excited by two lasers 
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at wavelengths of 532 nm (Cy3B) and 638 nm (AF647) with an epi-illumination intensity of 100 

W/cm2 at an exposure time of 600 ms. As one can see, smFISH images of EEF2 (Figure 26a) and 

TOP2A (Figure 26b) were clearly observed over the entire cell volume. A superposition of two 

distinct mRNA images (Figure 26c and 26d) showed the colocalization of each mRNA molecule 

with high SNR. By performing multi-color imaging using 2.5DM, the throughput efficiency would 

be further improved. 

 

Figure 26 Two color smFISH imaging on EEF2 and TOP2A on U2OS cells.  (a-c) 2.5D images of EEF2 

labeled with Cy3B (a), TOP2A labeled with AF647 and overlapped image of two channels: green represents 

Cy3B and red represents AF647. An illumination intensity of ~100 W/cm2 at an exposure time of 600 ms 

was used. (d) Zoomed image for the rectangular region shown in (c). 

3.4 Immunofluorescence Imaging by 2.5DM 

Immunofluorescence imaging is a powerful technique in biological research to visualize 

the distribution of the target molecules and proteins, even intermediate-sized filaments110, using 

the specificity of antibodies to their antigen to probe fluorescent dyes to specific biomolecule 

targets within a cell. Immunofluorescence can also be used in combination with other, non-
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antibody methods of fluorescent staining to study the correlation between different functional 

structures in subcellular levels. However, a limitation of immunofluorescence is photobleaching, 

resulting in the loss of activity, like most of fluorescence techniques. This drawback generally is 

controlled by reducing the illumination intensity or exposure time of the fluorescent dyes under 

the light, and by employing more robust fluorophores less prone to bleaching. As demonstrated in 

smFISH imaging, 2.5DM technique can be implemented to immunofluorescence imaging as well 

to obtain the distribution of the specific protein targeted within a cell in a single exposure image, 

remarkably reducing the light dose exposed onto the sample. 

To experimentally demonstrate the capability of 2.5DM in visualizing the distribution of 

proteins, we employed 2.5DM for imaging Vimentin in U2OS cells. Vimentin was stained with 

antibodies labeled with AF647. We first recorded a 3D stack of images (25 steps) with a sample 

thickness of 5 µm across a field of view of ~100 × 100 µm2 with WF at an illumination intensity 

of 12 W/cm2 and an exposure time of 10 ms per step. 2D projected images by MIP (Figure 27a), 

AIP (Figure 27b) and a single frame of image at the depth of 2 µm (Figure 27c) were obtained 

based on the 3D stack. Then a single snapshot image by 2.5DM was obtained at an exposure time 

of 30 ms (Figure 27d), indicating an improvement in image acquisition rate by ~8-fold. As one 

can expect, the image obtained by 2.5DM showed a higher contrast compared to the AIP image. 

Particularly, Better spatial connection was exhibited in the 2.5D image whereas the MIP image 

displayed discontinuities which may be attributed to the enhancement of MIP to intensity variation 

from different imaging planes111. This discontinuity may lead to inappropriate rendering to the 

distribution of target proteins. However, 2.5D image showed worse SNR/SBR than that by MIP 



56 
 

as expected, owing to the degradation of the lateral resolution. This problem can be remarkably 

mitigated by the advancement of image post-processing techniques112-114. 

 

Figure 27 Immunofluorescence imaging of vimentin by 2.5DM. (a-c) Images obtained by MIP (a), AIP (b) 

with 25 z-steps (10 ms/step) in an imaging volume of ~100 × 100 × 5 µm3 and a representative frame at the 

depth of 2 µm above the surface (c). (d) A single-shot image by 2.5DM at an exposure time of 30 ms. All 

images were taken with an excitation intensity of ~12 W/cm2. 

Since we were using a sCMOS camera in the experiments because it exhibits several 

advances in imaging performances including high quantum efficiency, large field of view and 
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rapid frame rates, providing a perfect balance in sensitive, speed and spatial resolution, which is 

in particular suitable for fast, high-throughput imaging. however, compared to charge coupled 

devices (CCD) and electron-multiplying CCD (EMCCD) cameras115, the working principle of 

sCMOS cameras, i.e. parallel charge to voltage conversion and different responsivity of individual 

pixels, leads to an extra pattern noise even without the detected photons, and readout noise. The 

extra noise, in combination with readout noise and photon shot noise, can deteriorate the image 

quality, and induce artificial bright pixels, in particular, for photon-limited applications116. An 

automatic correction of sCMOS-related noise with preserving the fine features of the raw images 

has been reported recently to improve the image quality with reduced light exposure time, which 

could also facilitate fast video-rate imaging for live-cell applications. 

Based on the mechanisms of the noise source generation, the acquisition in each pixel of a 

sCMOS camera can be categorized by three terms: fixed-pattern noise generated in different pixels 

given the same number of incident photons; a combination of readout noise and photon shot noise; 

and offset background in the absence of light exposure. The fixed pattern noise can be estimated 

by a one-time camera calibration. The photon shot noise and readout noise can be considered as a 

sum of two independent random variables, which can be practically approximated by a Gaussian 

distribution117. An accurate assessment of the noise variance is essential to retain the fidelity of the 

reconstruction of the denoising image. By taking advantage of the knowledge of the optical system, 

i.e., numerical aperture, emission wavelength and pixel size, a cut-off frequency determined by 

the optical transfer function (OTF) can be used to evaluate the noise-related pixel fluctuation above 

the cut-off frequency. To this end, a high-pass filter can be used to filter out the signal from the 

sample with noise-only contribution.  
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Figure 28 Post-processing of 2.5D image based on SRRF. (a-c) Vimentin images in U2OS cells obtained 

by 2.5DM (a), after sCMOS-related noise correction (b) and after reconstruction by NanoJ-SRRF (c). (d) 

Line profiles along the dashed lines of inset zoom-in regions in (a), (c).  

We applied this automatic noise-correction algorithm to the vimentin image obtained by 

2.5DM, the noise fluctuation was diminished (Figure 28b) compared to the raw image (Figure 28a), 

resulting in a much smoother background whereas without significantly reducing the background 

level. We further adopted a computation-based super-resolution imaging method, i.e. super-
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resolution radial fluctuation (SRRF)118, which has been developed in ImageJ as a freely available 

 

Figure 29 Immunofluorescence imaging of microtubules labeled with AF488 by 2.5DM.  (a-c) Images 

obtained by MIP (a), AIP (b) and a representative frame at the depth of 2 µm above the surface (c) of 3D 

stack at an exposure time of 10 ms/step. (d) A single-shot image by 2.5DM at an exposure time of 30 ms. 

(e) An SRRF image using 2.5D image. (f) Line profiles along the dashed lines of subregions surrounded by 

squares in (a), (b), (d) and (e). All images were taken with an illumination intensity of ~12 W/cm2. 

open-source plugin (NanoJ-SRRF)118, to the smoothed image (Figure 28b). In this method, the 

degree of local gradient convergence is calculated over the entire field of view on a sub-pixel basis. 

Compared to the directly detected image which is comprised of radially symmetric points with 

diffraction-limited resolution, the calculation of radiality results in a remarkably improved spatial 
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resolution. In addition, by weighting the radiality map with intensity and gradient magnitudes, fake 

positives associated with non-fluorophore can be further filtered, enabling a high-resolution image 

without sacrificing SNR (Figure 28c). As shown in Figure 28d, SRRF image exhibited a 

remarkable improvement in the spatial resolution as well as the SBR, validating its compatibility 

with 2.5D images. We also confirmed 2.5D approach for imaging other protein types such as 

microtubules labeled with AlexaFluor 488 (Figure 29). 

 

Figure 30 Measurement of the photobleaching effect on 2.5DM and WF.  (a-b) Vimentin images obtained 

by WF (a) and 2.5DM (b) after specified numbers of image volumes. (c) Photobleaching traces of WF 

(black) and 2.5DM (red) as a function of the number of image volumes. All images were taken under epi-

illumination with an excitation intensity of ~100 W/cm2. 
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To confirm the capability of 2.5DM in reducing the light exposure time and quantify the 

extent of photobleaching, we measured the fluorescence images of Vimentin repeatedly over a 3D 

volume (100 × 100 × 5 µm3) by WF (10 ms/frame) and 2.5DM in a single exposure of 30 ms in 

different image areas. The excitation intensity was 100 W/cm2 for both cases. More than 80 image 

volumes in each field of view were continuously recorded to trace the fluorescence signal evolution 

(Figure 30a and 30b). Excitation beam was turned off between volumes to minimize unnecessary 

light exposure. A constant background was subtracted from the raw images and the intensity at 

each time point was calculated by summing up intensity values from each pixel. We plotted the 

photobleaching curves of WF and 2.5DM and fitted them with a single exponential decay function 

(Figure 30c). As one can clearly see that 2.5DM displayed a 1.5-fold lower photobleaching rate 

than that observed in WF, confirming a lower light dose (8.3-fold) is necessitated in 2.5DM, which 

leads to a reduced photodamage by implementing 2.5DM. 
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CHAPTER 4 2.5DM WITH IMPROVED DETECTION EFFICIENCY AND 
DEPTH ABERRATION CORRECTION 

4.1 Overview  

In our current SLM-based 2.5D imaging system, the light transmission efficiency in the 

detection path is ~41%. Due to a random polarization of fluorescence, ~50% of the emission light 

is inevitably discarded by passing through a polarized beam splitter (PBS) or linear polarizer 

before it is modulated by a SLM, which inherently responds only to a certain linearly polarized 

light. The fluorescence light polarized in any other direction is not able to be modulated in this 

scheme, which in turn leads to undesired cross modulation between wavefront and polarization 

modulation. While the transmission efficiency can be improved by simply replacing the SLM with 

a well-designed passive phase plate30, it requires a specific design for fluorophores emitting at 

different wavelengths. Such as for multi-color imaging. In addition, mechanically switching phase 

plates not only reduce the image acquisition rate, but may also lead to the system misalignment, 

which in turn reduces the resolution of the imaging system. 

To overcome the loss issue due to a SLM, a variety of approaches have been suggested for 

polarization-insensitive beam shaping or specific mode generation by a SLM51-55. For instance, by 

separating two orthogonal polarized beams via a birefringent beam displacer52 or a polarized beam 

splitter53,54, one component that cannot be modulated by the SLM would first converted into the 

orthogonal polarization using a half-wave plate before reaching onto the SLM (Figure 31a). Two 

phase-modulated components are then recombined in a common path with a spatial deviation from 

the incident light. A double-pass SLM configuration51,55 has been reported to achieve 3D-STED 

beam generation, in which two orthogonal polarized components share the same optical path and 
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their wavefront is modulated by two exactly same phase patterns located at two adjacent areas of 

a SLM (Figure 31b). 

 

Figure 31 Schematics of two polarization non-sensitive SLMs.  (a) Polarization non-sensitive SLM by 

separating two orthogonal polarized beams via a polarized beam splitter (PBS) and converting non-

responded component by 90 via a half-waveplate (HWP). (b) Double pass configuration in which two 

orthogonal polarized components are exchanged by double-passing a quarter-waveplate (QWP). L, lenses; 

M, mirrors; SLM, spatial light modulator. 

To date, these techniques have only been successfully demonstrated for specific beam 

generation in the excitation path of fluorescence microscopy. Extended DOF via PSF engineering 

still suffers significantly light loss when a SLM is used to encode the wavefront of the emission 

light38,56. To mitigate this problem, several approaches have been proposed via splitting two 

orthogonal polarized components by a polarized beam splitter, modulating the wavefront of each 

component independently and finally imaging them into different areas of a camera57,58. While the 
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SLM in these methods fully utilizes the fluorescence light, SNR of each image is still inherently 

limited because of the physical separation of two polarizations. A deformable mirror 13, in 

particular, continuous surface type, could be used as an alternative for improving light efficiency36 

owing to its reflective nature. However, the control mechanism of each actuator under the mirror 

makes it impractical in producing a phase pattern with sharp variation, i.e., binary phase as that of 

2.5DM. Some coupling effects are also inevitable arising from the position control of adjacent 

actuators. Compared to a liquid crystal SLM, DM has much smaller number of actuators, ranging 

from several tens to hundreds, which greatly limited its application for producing more 

sophisticated wavefronts in PSF engineering methods. 

To image many thick biological samples, it’s crucial to manage and properly correct 

aberrations that can reduce the resolution and the SBR of images. As the image plane moves deeper 

into the sample, the image quality degrades due to the depth aberration arising from the refractive 

index mismatch49 between the sample and the immersion medium of the objective lens and due to 

sample-induced aberrations50 arising from refractive index variations of the sample itself. Among 

these aberrations, depth aberration is dominant in many samples49,119. One solution to remedy this 

problem is to use glycerol120, silicone or water immersion objectives121 to minimize the refractive 

index difference between the sample and the immersion fluid. It can also be effectively 

compensated by correcting the deformed wavefront at the BFP of the objective using adaptive 

optics, such as DMs49 or SLMs. Therefore, it is worthy to study how to improve the detection 

efficiency of a SLM-based imaging system while maintaining its extra degree of freedom in 

aberration correction. 
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In this chapter, we presented a SLM-based polarization-insensitive 2.5DM that could 

substantially improve the fluorescence transmission efficiency. This could play a crucial role for 

photon-limited applications and live cell imaging with reduced photobleaching or phototoxicity. 

Furthermore, we demonstrated the potential capability of an SLM-based imaging system in 

correcting depth aberration and aberration induced by optical components as well. We also showed 

that with the implementation of SLM, our 2.5DM could be used for imaging thicker samples with 

high fidelity of volumetric information while requiring much less z-scanning steps. 

4.2 Polarization-insensitive 2.5DM 

4.2.1 Microscope Design 

Figure 32 showed the experimental setup of 2.5D microscope in which two orthogonal 

polarized detection lights were encoded at the conjugated BFP of the objective lens through a 

double-pass configuration described previously15 for 3D-donut beam generation. The excitation 

laser beam (638 nm, 405 nm, Cobolt) exiting from the fiber (P5-405BPM-FC-2, Thorlabs) output 

is collimated by a lens (L1, f = 80 mm) and further expanded by a telescope (L2, f = 50 mm; L3, f 

= 150 mm) to obtain a uniform epi-illumination. The beam passing through a lens (L4, f = 400 

mm), is reflected by a dichroic mirror (DM1, Di03-R405/488/532/635-t1-25×36, Semrock) and 

delivered to the sample through an objective (UPlanSApo, 100×/1.4, Olympus). Fluorescence 

emission is filter by a multiband emission filter (FF01-446/523/600/677, Semrock) and an 

intermediate image plane is generated at the focal plane of a tube lens (T, f = 180 mm). A 1:1 4f 

system composed of two lenses (L5, f = 200 mm; L7, f = 200 mm) relays the intermediate image 

on a scientific complementary metal oxide semiconductor (sCMOS) camera (Zyla 4.2 Plus, Andor), 
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giving an image magnification of 100×. A knife-edge mirror is used to redirect the detection light 

onto the SLM at a shallow incidence angle (within ±5°) to ensure proper performance of the SLM 

in a compact configuration. When light is first incident on the SLM, the wavefront of the horizontal 

component of the input polarization is modulated while the vertical polarized component remains 

unmodified. The polarization of both components is exchanged by double-passing an achromatic 

quarter waveplate (AQWP10M-580, Thorlabs) oriented at 45°. The pupil aperture is reimaged 

onto the conjugated BFP where the SLM is placed by a relay module composed of a lens (L6, f = 

300 mm) and a mirror (M2) at its Fourier plane. The image relay ensures that both polarized 

components will experience the same amount of phase modulation. The common path length also 

ensures a superposition of both components on the camera without introducing a spatial shift. The 

total transmission of the SLM arrangement has been improved to ~77% compared to 41% in the 

previous work122. 23% of the system loss is mainly induced by double-reflection of the silver-

coated knife-edge mirror and SLM, which can be further improved to 80% by simply replacing 

the silver-coated mirror with a dielectric coated mirror. 

4.2.2 Minimizing Off-axis Aberration 

To physically separate the second reflected light from the SLM with the first reflected one, 

off-centered light incident on the relay lens is intentionally introduced, which inevitably brings 

off-axis aberrations into the system. Compared to a well collimated laser beam, the intrinsic 

divergence of fluorescence light further aggravates the effect of off-axis aberrations. To 

characterize the divergence of the fluorescence light propagating in the detection path (Figure 33), 

a bright dye layer (Atto488) was imaged using a 491 nm laser with a peak emission at the 
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wavelength of 520 nm, which can be clearly visualized by eyes. To minimize the non-symmetric 

aberration induced by the off-center light, we first optimized the distance between two incident 

light onto the SLM by calculating the minimal distance from the knife-edge mirror to the SLM (h) 

without introducing light blocking, 

ℎ = 𝐷𝐷𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝/tan (𝜃𝜃) ( 14 ) 

where Dpupil is the diameter of the pupil aperture at the conjugated BFP, θ is the angle between 

incident and reflected light on the surface of the SLM. Here θ = 10°. Meanwhile, 1-inch quarter-

waveplate was placed close to the reflection mirror to avoid any beam blocking. 

 

Figure 32 Microscope design with improved transmission efficiency.  λ1 = 638 nm, λ2 = 532 nm, λ3 = 491 

nm, λ4 = 405 nm; DM, dichroic mirrors; F, multiband emission filter; L1-7, lenses; T, tube lens; M1-2, 

mirrors; Obj, objective lens; QW, quarter waveplate; SLM, spatial light modulator; SMF, single mode fiber. 
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Figure 33 Characterization of fluorescence light divergence in the detection path.  Different colors represent 

the sub-path in the detection. The divergence was characterized by imaging a bright dye layer (Atto488) on 

the coverslip. The dye was excited by 491 nm laser. h is the vertical distance from the edge of mirror to the 

SLM. θ is the angle of the incident and reflected light from the SLM. 

Additional aberrations that cannot be removed by the careful alignment was characterized 

and compensated by implementing the corresponding phase function onto the SLM by searching 

through different combinations of first 12 Zernike polynomial terms. As a result, the main 

contribution of aberrations was observed as first-order astigmatisms as a combination of vertical 

astigmatism (ϕast_0°) and oblique astigmatism (ϕast_45°): 

𝜙𝜙𝑎𝑎𝑎𝑎𝑎𝑎 = 𝐶𝐶1𝜙𝜙𝑎𝑎𝑎𝑎𝑎𝑎_0° + 𝐶𝐶2𝜙𝜙𝑎𝑎𝑎𝑎𝑎𝑎_45° ( 15 ) 

where C1 (0.6) and C2 (-0.5) are the weighting factors of two astigmatism terms. Figure 34 showed 

the focal response of WF at x-y and x-z planes without/with astigmatism correction. Compared to 

the non-symmetric PSF resulting from off-axis aberration, a diffraction-limited PSF was generated 

after the aberration correction. The residual aberrations can be detected and compensated by either 
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using a wavefront-sensor directly50,123 or using software-based phase retrieval algorithms, in which 

specific laser beams generated by certain phase patterns are used for sensing even small wavefront 

distortions, which could induce remarkable deformations from their desirable shapes. By finding 

the corresponding phase pattern that generates the distorted beam-shape, a compensated aberration 

pattern of the system can be implemented onto an adaptive optics, such as SLM or DM to 

compensate any phase distortion of the system. 

 

Figure 34 Focal responses of WF before and after off-axis aberration correction. 

4.2.3 PSF Measurement 

To measure the PSF of 2.5DM in the double-pass configuration, we imaged 200 nm 

fluorescent beads dispersed in 1× phosphate-buffered saline buffer (PBS, pH 7.4). Because the 

beads are smaller than the diffraction spot, it can serve as point emitters excited by the illumination  



70 
 

 

Figure 35 PSF measurements using 200-nm fluorescent beads. (a-c) Intensity distribution at x-y and x-z 

planes with WF (a), 2.5DM with double-pass (b) and single-pass (c) configurations. (d) Lateral intensity 

profiles of WF (black) and double-pass 2.5DM (red). (e) Axial intensity profiles of WF, 2.5DM with 

double-pass and single-pass (purple) configuration, where the axial intensity of 2.5DM with single-pass 

configuration was normalized with respect to the peak intensity value of 2.5DM with double-pass 

configuration. 

light (λ = 638 nm) and the emission light was then collected by an oil immersion objective lens 

(NA = 1.4). Compared to the PSF with a clear aperture referred as widefield (WF) (Figure 35a), a 

defocus-invariant PSF along the optical axis was demonstrated by our 2.5D system with double-

pass configuration (Figure 35b). Similar PSF distribution has been observed by a single-passing 

2.5D system (Figure 35c) where a linear polarizer was used to discard unmodulated emission light 
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by the SLM, which corresponds well with our previous result122. From the intensity profiles 

(Figure 35d and 35e), one can see that 2.5DM changes the FWHM of the PSF along the x-axis 

from 0.36 µm to 0.58 µm while the FWHM along the z-axis changes from 0.76 µm to 5.03 µm. 

Therefore, with 2.5D imaging system, an axial depth extension of 6.6-fold is achieved while the 

lateral width is broadened by only a factor of 1.6. More importantly, one can see that with the 

double-pass configuration, the peak intensity along the axial direction has been increased by 2.25-

fold compared to the case with a single-pass configuration. A slightly higher than 2-fold 

improvement of the peak intensity by the double-pass configuration may attribute to the uneven 

power transmission of two orthogonal polarized components. 

4.2.4 smFISH Imaging 

In our previous work122, we have demonstrated the potential application of 2.5DM in RNA 

imaging. To further validate the capability of double-pass configuration in improving the total 

transmission efficiency, we performed smFISH imaging in U2OS cells on the target of EEF2 with 

32 FISH probes labeled with AF647. First, a 3D stack of smFISH images was obtained by WF 

over a 5 µm thickness at an exposure time of 340 ms per step (25 steps in total) and an excitation 

intensity of 100 W/cm2 and a maximum intensity projection (MIP) of the 3D stack along the axial 

axis was performed to display the location of individual mRNAs within each cell (Figure 36a). 

Next, we recorded a single snapshot image by double-pass 2.5DM at the exposure time of 1 s and 

the same excitation intensity as WF (Figure 36b). We counted the copy number of mRNAs in the 

same cell under WF and 2.5DM based on a spot-finding algorithm14. As expected, the number of 

detected mRNAs by WF (589) and 2.5DM (574) showed a good agreement with each other. We 
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further analyzed well-isolated single molecule spots and plotted background-subtracted peak 

intensity in a histogram for three cases, i.e., WF, 2.5DM with double pass configuration, and 

2.5DM with single-pass configuration (Figure 36c). As a result, 2.5DM with double-pass 

configuration showed a comparable mean value of the peak intensity with WF while the mean 

value of the peak intensity with single-pass 2.5DM was decreased by a factor of 1.97, indicating a 

significantly improved transmission efficiency via the double-pass arrangement. 

 

Figure 36 Single-molecule FISH images of EEF2 on U2OS cells by double-pass 2.5DM.  (a-b) Images 

obtained by MIP of a stack of images (25 steps in total) (a) and 2.5DM with double-pass configuration (b) 

for the 3D cell volume. Nuclei stained with DAPI are shown in blue. 32 FISH probes were labeled with 

AF647. Yellow arrows indicate the active transcription sites. The copy number of mRNAs in a single cell 

enclosed by a yellow polygon was counted in (a) and (b). Images were acquired under epi-illumination at 

an excitation intensity of 100 W/cm2 with an exposure time of 340 ms/step (WF) and 1s (double-pass 

2.5DM). (c) Peak intensity histograms of single-molecule spots by WF and 2.5DM with double-pass/single-

pass configuration. 
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4.3 Depth Aberration Correction 

The depth aberration can be theoretically estimated for a given imaging depth into the 

sample, which results from the path length difference induced by the refraction of light at an 

interface of two media (Figure 37b). when the light emitted from a point source at the focal plane 

of a lens through two different media (n1>n2), the phase aberration introduced at the BFP of the 

objective can be expressed as 

𝜙𝜙𝐵𝐵𝐵𝐵𝐵𝐵 = 2𝜋𝜋
𝜆𝜆
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𝑛𝑛2
�
2
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2
 ( 16 ) 

where d is the distance of the interface and the imaging depth, λ is the wavelength of the emission 

light, NA is the numerical aperture of the objective lens and ρ is the normalized radial coordinate 

at the pupil plane. From the aberration function, one can see that aberration induced by refractive 

index mismatch is a depth-dependent aberration which requires a simultaneous phase update when 

imaging a 3D volume of a thick sample. 

 

Figure 37 Ray trace of a point source through a lens  in a uniform medium (a) and in two media (b) with 

different refractive index (n2<n1). d represents the distance from the point source to the interface of two 

media. The wavefront at BFP of the lens is displayed as the vertical line (plane wave) in (a) and the curved 

line (distorted wavefront) in (b). 
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4.3.1 Characterization of Depth Aberration by Simulation 

 

Figure 38 Simulation of focal responses by WF with depth aberration induced.  (a-b) Intensity distributions 

of PSFs at the x-z plane at the imaging depth of 0 µm (a) and 10 µm (b) above the coverslip. Both intensity 

values are normalized with respect to the peak intensity at the depth of 0 µm. (c) Intensity profiles along 

the axial direction for the corresponding cases. The wavelength (λ) used in the simulation is 670 nm and 

the refractive index n1 is 1.518 and n2 is 1.33. 

We simulated the effect of the depth aberration in PSF distortion by WF and 2.5DM in a 

high NA imaging system (NA =1.4). The wavelength used in the simulation is 670 nm which is 

close to the emission maximum of a common red-emitting fluorophore AF647. In the WF case, 

compared to the PSF at the coverslip (Figure 38a), the resulting PSF at the imaging depth of 10 

µm (Figure 38b) showed a strong spherical aberration and the peak intensity decreased by a factor 

of 2.27 than that at the coverslip (Figure 38c). one may also note that the position of the focal spot 

at the depth of 10 µm showed a nearly 2 µm shift compared to the spot right at the coverslip. 

Therefore, depth aberration induced by the index mismatch not only degrades the signal intensity 

and spatial resolution, but also introduces a depth-dependent defocusing, which could increase the 
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imaging volume required to cover the entire specimen. In 2.5DM, we simulated the focal response 

at imaging depth of 10 µm (Figure 39a) and 20 µm (Figure 39b). The uniformity of intensity 

distribution along the axial direction breaks and the PSFs exhibit a strong intensity variation as the 

imaging depth moves deeper into the sample (Figure 39d). However, with implementing the phase 

function represented in Equation (17), the distorted PSFs (Figure 39a and 39b) are readily to be 

recovered back to a moderately uniform intensity distribution over a specific depth (5.5 µm) as 

shown in Figure 39d. 

 

Figure 39 Simulation of focal responses by 2.5D phase with depth aberration induced.  (a-c) Intensity 

distributions of PSFs at the x-z plane at the imaging depth of 10 µm (a), 20 µm (b) above the coverslip and 

after correcting for the corresponding depth aberration (c). (d) Intensity profile along the axial direction for 

the corresponding cases. 

4.3.2 Characterization of Depth Aberration by Experiments 

To experimentally study the effect of deep aberration in imaging thick samples, such as 

tissues, we first measured the focal response of fluorescence beads in a gel solution (refractive 
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index of 1.33) at the depth of 10 µm above the coverslip by WF. As a result, the measured PSF 

before correcting for the corresponding depth aberration (Figure 40a) exhibited strong distortion, 

which is similar to the effect of spherical aberration. After compensating the corresponding depth 

aberration, the focal response showed a more tightly focal spot. From the intensity profiles (Figure 

40b, 40c), one can clearly see that with the depth aberration correction the FWHM of the PSF 

along the axial direction was significantly reduced from 1.32 µm to 0.88 µm while the lateral 

FWHM changed from 0.44 µm to 0.38 µm. The peak intensity of the corrected PSF was increased 

by a factor of 1.78 than that of the uncorrected PSF. We recorded a 3D stack of bead images around 

the depth of 10 µm above the surface and resliced it at the x-z plane as shown in Figure 40d and 

40e. One can immediately see that before the depth aberration, the location of each focal spot was 

shifted by a certain distance along the z-axis (~ 2.34 µm) compared to the position in the corrected 

image, indicating a good agreement with the simulation (Figure 38). As expected, the peak 

intensity of the corrected image (Figure 40e) showed a remarkable increase with much tightly focal 

spots compared to the uncorrected image (Figure 40d). 

In 2.5DM, the defocus-invariant PSF at the coverslip exhibited a high uniformity over a 

specific depth as described in the simulation of Chapter 2, which is very crucial for quantitative 

single-molecule imaging. To elucidate the effect of the depth aberration in the extended PSF, we 

measured the PSFs of the 2.5D imaging system at the imaging depth of 20 µm above the coverslip 

without (Figure 41a) and with (Figure 41b) correcting for the depth aberration. As one can see 

from the plot of the intensity profiles along the axial direction (Figure 41c), without the aberration 

correction the intensity showed a strong variation while it exhibited high uniformity over the 
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designed DOF after correcting for the depth correction, which corresponded well with the 

simulation (Figure 39c).  

 

Figure 40 Measurement of depth aberrations by WF using 3D fluorescent beads.  (a) Intensity distributions 

of PSFs at the imaging depth of 10 µm above the coverslip before/after the depth aberration compensation. 

(b-c) Lateral (b) and axial (c) intensity profiles before (black) and after (red) correcting for the depth 

aberration. Both intensity profiles are normalized with respect to the peak intensity value after the aberration 

correction. (d-e) Images of hydrogel beads at the x-z plane around the image depth of 10 µm before (d) and 

after (e) the depth aberration compensation. 

A PSF displaying poor uniformity may cause information loss when projecting the 

volumetric image onto a 2D plane, especially, when imaging a thick biological sample, such as 

tissues. To elucidate this issue, we imaged a 3D bead sample in a gel solution within 20 µm 

thickness. Given the FWHM (~5 µm) of 2.5D PSF measured along the axial axis, we first obtained 
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a 3D stack of images with 4 µm per step without adding any aberration compensation. Then the 

depth aberration term corresponding to the z-position at 2, 6, 10, 14, 18 µm, was superposed with 

the 2.5D phase to correct the aberration at the middle of each step. 2D projected images by 

maximum intensity projection showed that several spots displayed on the corrected image (Figure  

 

Figure 41 Measurement of depth aberrations by 2.5DM using 3D fluorescent beads.  (a-b) Intensity 

distributions at the x-y and x-z planes before (a) and after (b) the depth aberration correction. (c) Axial 

intensity profiles before (black) and after (red) correcting for the depth aberration. Intensity profiles 

before/after the aberration correction are normalized with respect to the peak intensity values of themselves. 

(d-e) Images of hydrogel beads obtained by MIP of a stack of images (5 steps in total) within a thickness 

of 20 µm before (d) and after (e) correcting for the corresponding depth aberration at 2, 6, 10, 14, 18 µm, 

respectively. 
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41e) were missing in the uncorrected image (Figure 41d). The axial information loss can be 

explained by two problems existing in the distorted PSF: poor uniformity of the axial intensity and 

shift of the centered position of the extended focal spot as the image moves deeper into the sample. 

Combined with the depth aberration correction, 2.5DM could be used for imaging thick samples 

with significantly increasing the acquisition rate. 

4.3.3 Fluorescent Labeled Collagen Imaging 

As we have demonstrated the effect of depth aberration in distorting the PSF with 2.5DM, 

including the degradation of intensity uniformity within the designed DOF and the focal shift 

compare to the PSF at the coverslip, an effective aberration correction for different imaging depth 

through a thicker sample should greatly improve the fidelity of volumetric imaging with 

substantially reducing the image acquisition rate, in which the PSF of 2.5DM throughput the 

sample maintains its uniformity over the extended axial depth and relocate the focal plane as the 

same as that at the coverslip. This is demonstrated in Figure 42 by imaging rat tail collagen labeled 

with Atto647N. We polymerized the collagen gel at temperature of 4 °C and imaged 8 z-positions 

within a thickness of 32 µm, and then projected onto a 2D image by MIP using an exposure time 

of 100 ms per frame under epi-illumination (3 W/cm2) without the correction for depth aberration 

(Figure 42a and 42c) and with the correction (Figure 42b and 42d) sequentially at the depth of 2, 

6, 10, 14, 18, 22, 26, 30 µm, respectively. As expected, the projected image after the aberration 

correction showed more fibred features which were lost in the uncorrected image. The result well 

corresponded with 3D beads image (Figure 41d and 41e). The aberration-corrected image (Figure 

42d) also demonstrates better intensity uniformity of spatial structures than the uncorrected image 
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because the axial intensity of the PSF without aberration correction exhibited a significant 

fluctuation, which would only enhance the contrast for structures located in specific depths. 

 

Figure 42 Fluorescent-labeled collagen images by 2.5DM with depth aberration correction.  (a-b) Images 

obtained by MIP of 8 z-positions within a thickness of 32 µm before (a) and after (b) sequentially correcting 

the depth aberration at z- position of 2, 6, 10, 14, 18, 22, 26, 30 µm, respectively. (c-d) Corresponding 

zoom-in regions in (a) and (b) enclosed by a dash square. Rat tail collagen labelled with Atto-647N was 

polymerized at 4 °C. All images were taken under epi-illumination at an excitation intensity of 3 W/cm2. 
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Figure 43 Focal responses of 2.5DM with depth aberration correction at the middle z-position.  (a-c) 

Intensity distributions of PSFs located at 2.5 µm below (a) and above (b) the middle z-position (c). (d) 

Intensity profiles along the z-axis for the corresponding cases. 

In both wide-field microscopy and 2.5DM, the depth-induced aberration not only degrades 

the image quality in terms of SNR/SBR, but also significantly shift the focus as the image plane 

moves deeper. To obtain an aberration-free 3D image, depth-related aberrations must be 

simultaneously corrected at each axial position, which could be achieved by combining an adaptive 

element with a wavefront sensor in a closed loop system. However, a closed loop wide-field 

microscopy would significantly increase the image acquisition time, in particular, imaging a thick 

sample. 2.5DM with moderated depth aberration correction at the middle position of each extended 

DOF could substantially speed up the image acquisition by less serial z-scanning while 

maintaining the high uniformity of the axial profile as shown in the simulation (Figure 43), where 

within an image thickness of 5 µm, the depth aberration was only compensated at the middle z-

position (Figure 43c) of the entire thickness, the focal responses of the point sources located at 2.5 
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µm below (Figure 43a) and above (Figure 43b) the middle position showed moderately uniform 

intensity distribution, confirming a high fidelity of reserving volumetric information by 2.5DM. 

 

Figure 44 Schematic of Epi- and highly inclined swept tile illumination.  (a) Epi-illumination wide-field 

microscopy. (b) HIST microscopy, where inclined tile beam ensures a thinner illumination. A pair of 

cylindrical lenses can be used to generate one dimensional elongated beam at the focal plane. 

When imaging a thick biological sample under a wide-field epi-illumination, one may have 

to deal with a strong autofluorescence background, which can significantly reduce the SBR. In a 

worse situation, this autofluorescence could overwhelm the detected signal, leading to unfaithful 

interpretation of biological phenomena. To overcome this issue, many techniques have been 

reported by either improving the optical sectioning capability of the excitation beam, such as using 

light-sheet microscopy124-128 or using a highly inclined swept tile microscopy proposed recently63, 

or by enhancing the fluorescence signal using hybridization chain reaction techniques129. 

Compared to light-sheet microscopy, where two-objective arrangement makes it difficult to 

perfectly align the system and it also requires a specific design for mounting the sample, HIST 

microscopy needs only single objective with high compatibility with conventional microscopes. 

In HIST microscopy (Figure 44), an elongated beam generated by a pair of cylindrical lenses is 



83 
 

first focused on the BFP of the objective. Then a virtual light sheet is generated by laterally 

sweeping the tile beam with a confocal slit detection to remove out-of-focus fluorescence. In 

combination of two approaches, the autofluorescence background can be expected to be 

substantially suppressed with improved SBR. 
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CHAPTER 5 3D SUPER-RESOLUTION IMAGING BY SINGLE-
MOLECULE LOCALIZATION 

5.1 Overview 

Limited by the wave nature of the light, the smallest distinguishable distance between two 

objects by conventional fluorescence microscopy is approximately about 200-300 nm along the 

lateral direction and 500-700 nm along the axial direction130. Any subcellular structures smaller 

than 200 nm cannot be resolved due to the diffraction limitation. To visualize the 

molecules/proteins at the tens of nm level, Electron microscope (EM) can be used attributed to the 

much smaller wavelength of an electron than the visible light131. However, one main issue for EM 

stems from the sample preparation. An EM sample requires dehydration and thin sectioning which 

may introduce inappropriate interpretation for the images due to the variation of the structure132. 

The fixation and low pressure required by EM samples also makes it difficult for live-cell imaging. 

Unlike fluorescence microscopy, EM is difficult to identify specific molecules via the labeling of 

target proteins. Therefore, super-resolution fluorescence microscopy with nanometer resolution is 

highly desirable for biological studies. 

In recent years, a variety of super-resolution techniques have been developed to break the 

diffraction limitation of fluorescence microscopy, mainly categorized by three different 

mechanisms. First, methods based on the nonlinear saturation effect which spatially suppresses the 

emission of a point source at the periphery to narrow the effective PSF of the imaging system, such 

as stimulated emission depletion (STED) microscopy133,134. In this method, a tightly focused 

excitation beam would generate a diffraction-limited focal spot and the fluorescence in the 

peripheral region of the focal spot is depleted by an overlaid STED beam featuring a zero intensity 
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at the center of the beam through stimulated emission (Figure 45a). By scanning two overlaid 

beams over the sample, an image with much higher resolution (tens of nm) than the diffraction-

limit could be generated. To improve the spatial resolution for wide-field microscopy, structured 

illumination microscopy (SIM)135 has been developed by generating a series of excitation patterns, 

such as sinusoidal grids with a corresponding phase shift for each different pattern orientation 

(Figure 45b). In this approach, higher spatial frequency information beyond the cut-off frequency 

of a conventional microscope is encoded into the observed images and reconstructed in post image 

processing. A maximal two-fold enhancement of the spatial resolution can be achieved in a linear-

SIM wide-field microscopy, limited by the inherent diffraction limitation of standing-wave 

patterns. Like STED microscopy, the spatial resolution can be further improved using non-linear 

or saturated SIM (SSIM)136. 

Instead of tailoring the excitation beam, another category of super-resolution techniques 

distinguishes molecules within the diffraction-limited volume by stochastically activating a sparse 

set of individual fluorophores far apart than the diffraction limitation at different time points and 

precisely localizing the position of each fluorophore by PSF fitting (Figure 45c), named as single-

molecule localization microscopy (SMLM). These techniques include photoactivated localization 

microscopy (PALM)137, fluorescence photoactivation localization microscopy (FPALM)138, 

stochastic optical reconstruction microscopy (STORM)139, and direct STORM (dSTORM)140. 

Although PALM/FPALM or STORM/dSTORM uses different fluorophores, such as 

photoactivatable fluorescent proteins (PA-FPs) used in PALM/FPALM, pair of organic dyes used 

in STORM or standard organic fluorophores used in dSTORM, the common mechanism behind 

these approaches is to reversibly control the transition of a fluorophore between the fluorescent 

https://www.sciencedirect.com/topics/biochemistry-genetics-and-molecular-biology/photoactivation
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ON-state and nonfluorescent OFF-state in order to separate individual molecules that are densely 

labeled with fluorescent probes. In SMLM, the samples are typically illuminated by wide-field epi 

(3D imaging) or TIRF illumination (2D imaging). The uncertainty of single-molecule localization 

is inversely proportional to the square root of the number of detected photons 141.  

 

Figure 45 Super-resolution microscopies categorized in three mechanisms.  (a-c) Principles of stimulated 

emission depletion 89 microscopy (a), structured-illumination microscopy (SIM) (b), and single-molecule 

localization microscopy (SMLM) (c). STED microscopy is a confocal-based technique, required point by 

point scanning. SIM and SMLM are generally conducted under wide-field epi illumination. 
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Whereas in PALM it is moderately easy to ensure only a sparse set of fluorophores residing 

in the ON-state at each time point by using FA-FPs, which are simply non-fluorescent before 

illuminating the sample with a light pulse at the wavelength of 405 nm used for activating the 

fluorophores, PA-FPs exhibit a lower photostability and brightness (typically a few hundred 

photons) than the standard organic fluorophores (several thousand photons) used in 

STORM/dSTORM142. Consequently, lower emitting photons directly results in a lower 

localization accuracy in PALM than that in STORM/dSTORM. Moreover, in PALM, before 

starting a next cycle, a sub-set of fluorophores residing in ON-state need to be photobleached after 

the signal readout. Typical frame rates (10-25 Hz)143,144 using PA-FPs are much lower than that 

(10-1,000 Hz)145 using standard organic dyes in dSTORM. On the contrary, dSTORM shows its 

advantages in higher photostability, higher number of emitting photons and flexible controlment 

of frame rates by external conditions. More importantly, a variety of commercially available 

fluorophores over the entire visible spectra can be used in dSTORM in aqueous solvents and the 

photoswitching rates can be easily controlled by the concentration of thiol added into the imaging 

buffer, the pH of the solvent and the excitation intensity146. 

5.2 Methods for 3D Localization via PSF Engineering 

Given that a 2D SMLM measurement might lose some critical information in different 

depths, in recent years, numerous studies have been performed in achieving 3D super-resolution 

imaging by PSF engineering. In these approaches, the precision of the axial localization is 

improved by encoding the depth information of fluorescent emitters into the variation of the PSF 

shapes controlled by specific designed phase patterns47,56,68-70 implemented onto an adaptive optics,  
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Figure 46 3D SMLM by PSF engineering.  (a) Astigmatic phase mask on the back focal plane (left) and 

focal responses (right) at the different imaging depths, where the PSF widths along x and y axes vary as a 

function of defocusing depth. (b) Double-helix phase mask (left) and focal responses (right) at the x-y plane, 

where the angle of two main PSF lobes is characterized as a depth-encoded parameter. 

including astigmatic PSF68, rotating double-helix PSF (DH-PSF)47, self-bending PSF69, and 

Tetrapod PSF56, to name a few. Although these engineered PSFs exhibit different shapes, the 

essential feature for all varies distinctly as a function of defocusing depth147. To precisely localize 

the positions of molecules laterally and axially, such distinguishable parameters are first extracted 

and characterized based on the specific shape of PSFs, for example, the variation of PSF widths 

along x and y axes for the astigmatic PSF (Figure 46a), or the angle of two main PSF lobes for the 

case of DH-PSF (Figure 46b). Axial position of an emitter is then determined by a calibration 

curve associated with these parameters and the lateral position is calculated in a manner as other 

localization methods, i.e. by fitting the image data into an ideal PSF generated by simulation. 
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For more complicated-shaped PSFs such as Tetrapod, it becomes almost impossible to 

extract a simple parameter representing the depth position. In this case, to translate the fine feature 

of 3D PSF and improve the precision of the localization process, one should directly fit the cross-

section profile in each depth to a 3D PSF model. According to the wide-ranging performance of 

these engineered PSFs in terms of size and axial range, one should cautiously choose the PSF that 

suits the specific application. For instance, the astigmatic PSF has much smaller axial range than 

that of the DH-PSF (~2-3 µm) and the Tetrapod PSF has even larger range up to ~6 µm at the 

expense of the larger footprint147. Taken the simplicity of image-reconstruction and the range of 

the encoded depth into consideration, we demonstrated a 3D SMLM using DH-PSF in the next 

section. 

5.3 dSTORM Imaging using DH-PSF 

5.3.1 Calibration of Imaging System by DH-PSF 

To generate a DH-PSF in which the depth information of each molecule is encoded in two 

rotated lobes around the optical axis, the same imaging system as 2.5DM was used where instead 

of loading a 2.5D phase pattern, a phase mask (Figure 47a) composed of multiple spiral phase 

functions, was implemented onto the SLM. Compared to the phase pattern optimized from 

superimposed Gaussian-Laguerre (GL) modes148, multi-spiral-based approach149,150 shows more 

flexibility in extending the depth of the PSF by simply adjusting the number of spiral zones of the 

phase pattern as shown in the simulation under a high NA imaging system (Figure 48). The 

remarkable feature of this approach could benefit 3D-SMLM that requires to image biological 

structures with different thickness. 
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Figure 47 Calibration of DH-PSF imaging system.  (a) Phase pattern used to generate DH-PSF. (b) Images 

of a fluorescent bead (200 nm) at different axial positions with raw images (upper) and fitted images (lower). 

(c) Plot of the rotating angle of two lobes with respect to the vertical direction as a function of z-position 

controlled by a piezo-stage. Fluorescent beads were excited by a laser at λ = 638 nm. 

We calibrated the relation of z-position vs the rotated angle of DH-PSFs by imaging 200-

nm fluorescent beads immobilized onto the coverslip, Fluorescent beads, served as point emitters, 

were excited by epi-illumination at the wavelength of 638 nm. Each emitter showed two double-

helix lobes, which were vertical when the object was in-focus. As the object was moved towards 

or away from the objective lens, the two lobes were rotated in a counterclockwise or clockwise 

direction accordingly as shown in Figure 47b. To determine the 3D position of each emitter, raw 
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DH-PSFs were first fitted into two gaussian-distributed spots (Figure 47b) using an open-source 

software (easy-DHPSF)151. The lateral position (x & y) was then calculated from the midpoint 

coordinates of the line terminated by the central positions of two lobes. A stack of DHPSF images 

were recorded via a serial z-scanning with a step size of 50 nm and the corresponding angle of two 

lobes with respect to the vertical direction was extracted and plotted as a function of z-positions as 

shown in Figure 47c, indicating a nearly linear relation between the angle and the axial position. 

 

Figure 48 Focal responses of DH-PSFs at different axial positions with varying spiral zones.  N represents 

the number of spiral zones with N = 4 (a), N = 6 (b) and N = 8 (c). Intensity distributions in each case are 

normalized to the peak intensity when the emitter is in focus. 

5.3.2 Localization Precision of Single Molecules 

Many biological structures are fluorescence-labeled using antibodies conjugated with 

organic dyes in order to visualize their fine details. It’s critical to demonstrate the localization 

precision of single molecules which in general show low single to noise ratio due to the limited 
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number of emitting photons (up to few thousands). The precision of estimating a fluorophore is 

highly dependent on the number of photons (N) emitted from the fluorophore and the size of PSF 

(σPSF) in an approximated relation of 𝜎𝜎𝑃𝑃𝑃𝑃𝑃𝑃/√𝑁𝑁.141 In other words, more emitting photons from the 

fluorophore would lead to more accurate localization, which is not limited by the wave nature of 

the light. The photo-switching mechanism of many commercially available dyes has been 

thoroughly studied146. The first category of fluorophores used in dSTORM are carbocyanine 

fluorophores, such as Cy5126, Alexa Fluor 568152 and Alexa Fluor 647153, which have shown 

remarkable photo-stability and brightness with minimal photobleaching. 

We characterized the localization precision of a typical dye used in dSTORM, AF647, by 

imaging single molecule DNAs labeled with AF647 immobilized on the coverslip. Before imaging, 

the sample was embedded in aqueous buffer under specific blinking conditions154 i.e. a low 

concentration of Trolox in phosphate-buffered saline (PBS, pH 7.4). By illuminating the sample 

with a 638-nm laser at the intensity of 2.4 kW/cm2 and exposure time of 50 ms, a sparse set of 

fluorophores were observed with switched on and off for multiple cycles. Each well-isolated 

blinking molecule generated a cluster of 3D localizations based on the calibrated curve from DH-

PSFs. By collecting each cluster and translating them into a common origin (Figure 49a), more 

than 2,000 localization events were analyzed, resulting in standard deviations of localizations as 

13.1 nm along x-axis, 13.8 nm along y-axis and 21.5 nm along z-axis as shown in the histograms 

(Figure 49b, 49c and 49d). An average of 2700 photons were produced by each fluorophore during 

each image acquisition cycle (50 ms). This result showed a similar localization accuracy as 

obtained in previous studies68,151. As one can see that the localization precision in the z-direction 
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was lower than that measured in x and y directions attributed to the decreased SNR of the emitter 

as it moved away from the focal plane. 

 

Figure 49 Experimental characterization of 3D localization precision for single fluorophore.  (a) 

Localizations from subsets of clusters of repeated blinking molecules, where each cluster of localizations 

were translated to a common origion by center of mass and the total number of localizations analyzed was 

2,000. (b-d) Histograms of localizations along the z-direction (b), x-direction (c) and y-direction (d) with 

standard deviations by Gaussian fitting: 13.1 nm in x and 13.8 nm in y and 21.5 nm in z. 
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5.3.3 3D Super-resolution Imaging in Mammalian Cells 

To validate the 3D dSTORM for cell imaging, we further performed immunofluorescence 

imaging of microtubules labeled with AF647 in U2OS cells. A switching buffer, containing 

oxygen scavenger (0.5 mg/mL glucose oxidase, 40 mg/mL catalase, 10% w/v glucose) and 50 mM 

β-mercaptoethylamine (MEA) in 1× PBS buffer (pH 7.4), was added into the chamber before 

imaging. For cyanine fluorophores, the photo-switching can be significantly improved by applying 

an oxygen scavenging system. The sample was first illuminated under a low intensity (< 0.1 

kW/cm2) to find the targeting structures with minimal photobleaching. Then the excitation 

intensity was increased to 10 kW/cm2 in few seconds in order to switch the majority of 

fluorophores to fluorescent off-state. During the repeated on and off cycles, sparse sets of 

fluorescent molecules were observed in each frame at an exposure time of 20 ms (Figure 50a). 

20,000 frames of images were recorded within 6.6 min and each well-isolated molecule was fitted 

by the calibrated DH-PSF to determine the 3D localizations. Correction for the stage drift, along 

x-, y- or z-direction was not necessitated within this amount of image acquisition time. Compared 

to a snap-shot image by the wide-field microscope (Figure 50b), after reconstruction, 187,390 

localizations were calculated over a FOV of 16 × 16 µm2, resulting in a substantial improvement 

in spatial resolution with color-coded z information over an imaging depth of ~ 1 µm (Figure 50c). 

Overlapped microtubule filaments located in different depths can be clearly visualized in the 

reconstructed image, which were not distinguishable in the WF image (Figure 50f). To 

quantitatively measure the resolution of the DH image, a histogram of localizations around a 

microtubule filament was plotted, showing a full width of 48 nm of the filament (figure 50g). 
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Figure 50 3D dSTORM imaging of microtubules in U2OS cells.  (a) Representative DH-images at different 

frames (20 ms per frame), indicating sparse sets of double helices encoding the 3D localization information 

of each molecule above the background noise. (b) epi-illumination image taken by a snapshot. (c) 

Reconstructed image in 3D over a FOV of ~16 × 16 µm2. The depth information was color-coded over an 

axial range of ~1 µm. (d-e) Zoomed images of subregions surrounded by dash squares in (b-c). (f) Line 

profiles of dash lines with epi-image (d) and dSTORM (e). (g) Histogram of localizations of a straight 

microtubule segment (dash rectangular in (c)), yielding a lateral resolution of ~48 nm. 
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CHAPTER 6 CONCLUSION 

First, we presented a 2.5D imaging platform for fast and high-throughput subcellular 

imaging, that could substantially improve the image acquisition rate while maintaining high-

resolution and single-molecule sensitivity. Compared to conventional methods via serial z-

scanning to obtain volumetric information for 3D cell imaging , 2.5DM could project axial 

information onto a 2D image plane in a single camera exposure by generating a defocus-invariant 

PSF over a specific depth using a binary phase pattern implemented onto the SLM at the 

conjugated BFP of an objective lens. In contrast to other PSF engineering approaches for EDOF 

imaging, the obtained PSF using 2.5D phase function exhibits high-uniformity of the axial 

intensity and negligible lateral side-lobes. Moreover, 2.5DM shows the tunability of adjusting the 

imaging depth by simply controlling the strength of the aberration terms and a negligible 

degradation in focal responses for broadband emission, confirming its versatility to fluorescence 

microscopy.  

Second, we employed 2.5DM in performing quantitative mRNA FISH imaging in 

mammalian cells. The copy number of mRNAs founded by 2.5DM in individual cells well 

corresponded with the number counted by conventional approaches (WF) while 2.5DM increased 

the imaging speed by an order of magnitude. Additionally, 2.5D approach showed superior SBR 

to the average intensity projection of the 3D stack images, mimicking a fast-volumetric imaging 

method by rapidly moving the focal planes. Whereas it compromised the SBR by 1.7 compared to 

the maximum intensity projection of the 3D stack images, the higher throughput efficiency (~10-

fold) and less photodamage than WF could greatly compensate the reduction of the image quality. 

In particular, by using multiple singly labeled probes, signal from each emitter could be well 
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presented above the noise background, maintaining high-fidelity in quantitative single-molecule 

measurements. We also performed high-throughput smFISH imaging over a 2×2 mm2 region in 

mammalian cells with less than 10 min and immunofluorescence imaging at a volumetric imaging 

rate of >30 Hz with significantly reduced light dose exposed onto the specimens.   

Then, we demonstrated a polarization-insensitive SLM-based 2.5DM which significantly 

improved fluorescence detection efficiency via a double-pass configuration. Furthermore, SLM, 

served as an adaptive element, provides a flexibility in compensating aberrations induced by the 

specimen, such as from the refractive index mismatch between the sample and immersion media 

(referred as to depth aberration), and aberrations induced by optical components as well. With the 

depth aberration correction, the axial intensity of the PSF by 2.5DM maintains high uniformity at 

different image depth as that at the coverslip. We employed the improved 2.5DM in quantitative 

mRNA FISH imaging in mammalian cells. The copy number of mRNAs counted in individual 

cells showed a good agreement with the counted number by WF. Moreover, under the same 

illumination intensity, it showed superior SNR to single-pass 2.5DM, indicating its great 

improvement in transmission efficiency, facilitating its versatility to photon-limited applications 

and showing its potential capability of further improving the throughput by decreasing the 

exposure time. We also showed that our 2.5DM could be used for imaging thick biological 

specimens with high fidelity of preserving volumetric information with substantially reduced z-

scanning depths. 

Finally, we demonstrated a 3D single-molecule localization imaging platform via encoding 

the depth information into the shape of the PSF using double-helix phase pattern. In this approach, 

the axial depth of the PSF can be flexibly adjusted by controlling the number of spiral zones in the 
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phase pattern. We validated the 3D SMLM by imaging immunostaining microtubules in 

mammalian cells with a measured resolution of ~48 nm using dSTORM techniques. With 2.5DM 

and SMLM integrated in the same imaging system, our multi-functional microscope allows both 

fast and high-throughput volumetric imaging and super-resolution imaging by simply switching 

the specific phase patterns without any add-on module which might induce misalignment of the 

system and lead to improper interpretation of biological phenomena, especially for multi-color 

imaging. By combining our multi-functional microscope with other techniques, such as light-sheet 

microscopy and/or MERFISH, the throughput efficiency of measuring different RNA species 

simultaneously in individual cells could be remarkably increased, making image-based single-cell 

transcriptomics more comparable to commonly used high-throughput techniques, such as qPCR 

and RNA-seq. Moreover, our imaging system showed the potential advantages of low light dose 

and single-shot 3D images, which makes it possible to capture fast dynamics of cellular features 

in a large cell population, opening a potential pathway for advancing imaging-based assays in 

biological applications. 
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PSF measurement  

3D PSF of our 2.5D imaging system was measured using 80 nm gold nanoparticles 

(EM.GC80, BBI Solutions) or 200 nm fluorescent beads (F8806, ThermoFisher) immobilized on 

a poly-L-lysine (P8920, Sigma-Aldrich) coated flow chamber. For the gold nanoparticles, 

immersion oil (IMMOIL-F30CC, Olympus) was added to the flow chamber to match refractive 

index while the fluorescent beads were immersed in 1× phosphate-buffered saline buffer (PBS, pH 

7.4). After recording a series of z-scanning images of beads or gold nanoparticles, the lateral and 

axial intensity profiles of the PSF around the centroid of the focal spot were measured. 

Fluorescence intensity measurement of immobilized single molecules  

Biotin labeled bovine serum albumin (BSA, A8549, Sigma-Aldrich) was coated on a flow 

chamber as described previously155. After washing with PBS, 50 µg/mL neutravidin (31000, 

ThermoFisher) was added into the chamber and incubated for 2 minutes before washing out with 

PBS. ~100 pM of biotinylated DNA (18 nt; IDT) labeled with Atto647N (ThermoFisher) was 

incubated in the flow chamber for 5 minutes. Before imaging, an imaging buffer composed of 20 

mM Tris (pH 8), 50 mM NaCl, an enzymatic oxygen scavenger system (0.8% (w/v) dextrose, 1 

mg/mL glucose oxidase, 0.04 mg/mL catalase) and 2 mM Trolox was added into the chamber. 

Well-isolated single-molecule spots were selected using a custom-made MATLAB script155. The 

peak intensity of each detected spot was calculated in a 7 × 7-pixel array around the centroid of 

the spot after background subtraction. 

Single-molecule RNA FISH on cultured mammalian cells 

FISH probes (20 nt, 5’-amine) for EEF2 and TOP2A designed by Stellaris Probe Designer 

were purchased from IDT. 10 µL of 1 mM FISH probes dissolved in Milli-Q water was mixed 
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with 10 µL of 20 mM AF647-NHS ester (A20006, ThermoFisher) or Cy3B-NHS ester (PA63101, 

Cytiva), dissolved in DMSO and 55 µL of 0.1 M sodium borate buffer (pH 8.5). The reaction vial 

was then incubated at room temperature overnight. The labeled DNAs were purified by ethanol 

precipitation and subsequently resuspended with a T50 buffer (10 mM Tris, 50 mM NaCl, pH 8). 

U2OS cells (human bone osteosarcoma, ATCC) were cultured with McCoy’s 5A medium (30-

2007, ATCC) mixed with 10% fetal bovine serum (F2442, Sigma) and 1% penicillin-streptomycin 

(15140122, ThermoFisher), and plated on an 8-well Lab-Tek chamber, then incubated for 48-72 

hours at 37°C with 5% CO2. Similar to our previous study63, cells were first fixed with 4% (v/v) 

paraformaldehyde (PFA, 15710, Electron Microscopy Sciences) at room temperature for 10 min. 

After washing 3 times with PBS, cells were permeabilized with 0.5% (v/v) Triton X-100 in PBS 

for 15 min. After another washing step, they were incubated in wash buffer (Deionized formamide 

10%, 20× saline-sodium citrate buffer (SSC) 10%, RNase-free water 80%) at room temperature 

for 5 min. Cells were incubated at 37˚C overnight with FISH probes (5 nM for each probe) in 

hybridization buffer (100 mg/ml dextran sulfate, 1 mg/ml E.coli tRNA, 2 mM Vanadyl 

ribonucleoside complex, 0.2 mg/ml RNase free BSA, 2× SSC and 10% deionized formamide 

dissolved in RNase-free water). After adding wash buffer and incubating at 37˚C for 30 minutes 

(repeat 3 times), the nuclei were stained with DAPI for 10 min at 37˚C. Before imaging, imaging 

buffer was added into each chamber to reduce photobleaching. For two-color smFISH, EEF2 and 

TOP2A labeled with Cy3B and AF647, respectively, were used while for one-color smFISH, they 

were labeled with AF647. 32 and 48 FISH probes were used for detecting EEF2 and TOP2A.  

Immunofluorescence imaging 
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After the confluency of U2OS cells grown on a coverslip was more than 70%, the culture 

medium was removed from the chamber and the cells were rinsed with PBS once. For 

immunostaining vimentin, the cells were fixed and permeabilized by incubating the coverslip in 

ice-cold methanol (-20˚C) for 5 min. For immunostaining microtubules, the cells were first fixed 

with 3% Paraformaldehyde (PFA) and 0.1% glutaraldehyde in PBS for 10 min at room temperature. 

After washing cells with PBS for three times, the cells were incubated in 0.1% sodium borohydride 

dissolved in PBS immediately for 7 min to reduce unreacted aldehydes. Then the cells were washed 

for three times with PBS and permeabilized with 0.5% Triton X-100 in PBS for 15 min. After the 

fixation and permeabilization, the cells were washed for three times with PBS and then incubated 

in a blocking solution of 3% BSA (37525, ThermoFisher) for 1 hour to reduce non-specific binding. 

Then, the cells were first incubated with primary antibodies diluted in the blocking solution: 

monoclonal mouse anti-vimentin (V6389, Sigma-Aldrich) or monoclonal mouse α-tubulin 

(ab7291, Abcam) at a concentration of 3 µg/ml overnight at 4°C refrigerator. Before adding 

secondary antibodies, the cells were washed twice with PBS for 5 min each. The cells were then 

incubated with secondary antibodies diluted in the blocking solution: goat anti-mouse F(ab’)2 

fragment antibody (115-006-146, Jackson ImmunoResearch) labeled with AF647 at a 

concentration of 3 µg/ml for 2-3 hours at room temperature. Then the sample was washed twice 

with PBS for 5 min each. For immunofluorescent imaging, the sample was mounted with Mowiol 

and sealed with epoxy and stored at -20 °C refrigerator for later use. For dSTORM imaging, a 

switching buffer containing oxygen scavenger (0.5 mg/mL glucose oxidase, 40 mg/mL catalase, 

10% w/v glucose) and 50 mM β-mercaptoethylamine (MEA) in 1× PBS buffer (pH 7.4) was added 

into the chamber before imaging.  
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Fluorescent beads imaging on 3D hydrogel 

A hydrogel solution was prepared using 7.5% acrylamide and bisacrylamide (1610140, 

1610142, Bio-Rad) (29:1), 0.2% tetramethylethylenediamine (TEMED, T7024, Sigma), 0.1% 

ammonium persulfate (A3678, Sigma) in 0.5× TAE buffer (Tris-acetate-EDTA). 200 nm 

fluorescent beads (F8806, ThermoFisher) were added to the hydrogel solution at a final 

concentration of 2% (v/v). 50 µL of the mixture was quickly injected into a flow chamber and 

incubated at room temperature for 5-10 min. The left solution can be used to check if the gel is 

formed. 

Polymerization of rat tail collagen 

The collagen (A1048301, ThermoFisher) labeled with Atto647N (5.5 mg/ml) and 

unlabeled collagen (3 mg/ml) were mixed and diluted by 1×PBS (pH 7.4) at 4°C to achieve a final 

concentration of 2 mg/ml collagen solution, containing 2% labeled and 98% unlabeled collagen. 

A small amount of NaOH could be used to adjust the final pH of the mixed solution to ~7-7.4. The 

solution was injected into a prechilled flow chamber and incubated at 4°C overnight to gradually 

polymerize the collagen gel. 
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APPENDIX B: MATLAB SCRIPT 
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%%% script for simulating the focal response at the x-z plane of 2.5D imaging 
system 
%% system parameters: 
NA = 1.4;                       % numerical aperture of objective lens 
n = 1.518;                      % refractive index of immerision medium 
lamda = 670e-9;                 % wavelength of the emission light 
k = 2*pi*n/lamda;               % wavenumber 
alpha = asin(NA/n);             % maximum open angle of objective lens 
  
%% image plane in cartesian coordinates 
Lx = 1.5e-6;                    % observation window along x-axis, unit: um 
Lz = 4.0*1e-6;                  % observation window along z-axis, unit: um 
Nx = 151;                       % discretization of image plane 
Nz = 401;                       % discretization of image plane 
x2 = linspace(-Lx,Lx,Nx); 
z2 = linspace(-Lz,Lz,Nz); 
[X2,Z2] = meshgrid(x2,z2); 
Y2 = 0; 
  
%% coordinates in the back focal plane (pupil plane) 
N_theta = 400; 
N_phi = 100; 
delta_theta = alpha/(N_theta-1);    % discretization of theta 
delta_phi = 2*pi/(N_phi-1);         % discretization of phi 
theta0 = eps:delta_theta:alpha; 
phi0 = eps:delta_phi:2*pi; 
  
% transform to polar coordinate 
rho = sin(theta0)./sin(alpha); 
[Rho,Phi] = meshgrid(rho,phi0); 
  
%% 2.5D phase pattern 
gamma0 = 8;                         % control the strength of the spherical 
aberration 
psi0 = -1.525;                      % control the defocusing term for 
optimizing the axial uniformity 
P_df = exp(-1i*2*pi*psi0*Rho.^2);   % phase term representing defocusing 
P_sa = exp(-1i*2*pi*gamma0*Rho.^4); % phase term representing spherical 
aberration 
  
% combine spherical aberration and defocusing 
P_comb = P_df.*P_sa; 
P_bin = zeros(size(P_comb)); 
P_bin(real(P_comb)>=0) = 1; 
P_bin(real(P_comb)<0) = -1; 
Pupil = P_bin;                      % phase function at the back focal plane 
  
%% electrical field at the image plane 
Ex2 = 0;                        % Ex component in focal 
Ey2 = 0;                        % Ey component in focal 
Ez2 = 0;                        % Ez component in focal 
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%% integral of vectorial diffraction  
for theta = eps:delta_theta:alpha 
    for phi = eps:delta_phi:2*pi 
         
        % add the effect of the polarization at the focal plane 
        a = 1+(cos(theta)-1).*(cos(phi)).^2; 
        b = (cos(theta)-1).*cos(phi).*sin(phi); 
        c = -sin(theta).*cos(phi); 
        d = 1+(cos(theta)-1).*(sin(phi)).^2; 
        e = -sin(theta).*sin(phi); 
        ff = cos(theta); 
        V = [a b c;b d e;-c -e ff]; 
        px = [1,0,1/sqrt(2),1i/sqrt(2),2/sqrt(5),cos(phi),-sin(phi)]; 
        py = [0,1,1i/sqrt(2),1/sqrt(2),1i/sqrt(5),sin(phi),cos(phi)]; 
        pz = 0; 
        P = [px(1,3);py(1,3);pz]; 
         
        % polarization in focal region 
        PP = V*P; 
         
        % complex amplitude at the back focal plane (pupil plane) 
        A = Pupil(ceil(phi/delta_phi),ceil(theta/delta_theta)); 
  
        % numerical calculation of field distribution in focal region 
        Ex2 = 
Ex2+A*sin(theta)*sqrt(cos(theta)).*PP(1,1).*exp(1i*k*(Z2*cos(theta)+sin(theta
).*(X2*cos(phi)+Y2*sin(phi))))*delta_theta*delta_phi; 
        Ey2 = 
Ey2+A*sin(theta)*sqrt(cos(theta)).*PP(2,1).*exp(1i*k*(Z2*cos(theta)+sin(theta
).*(X2*cos(phi)+Y2*sin(phi))))*delta_theta*delta_phi; 
        Ez2 = 
Ez2+A*sin(theta)*sqrt(cos(theta)).*PP(3,1).*exp(1i*k*(Z2*cos(theta)+sin(theta
).*(X2*cos(phi)+Y2*sin(phi))))*delta_theta*delta_phi; 
     
    end 
end 
  
%% incoherently superpose intensity of different components 
Ix2 = conj(Ex2).*Ex2; 
Iy2 = conj(Ey2).*Ey2; 
Iz2 = conj(Ez2).*Ez2; 
I1_xz = Ix2+Iy2+Iz2; 
  
% normalize 
MM1 = max(I1_xz(:)); 
I1_xz = I1_xz/MM1; 
  
%% plot the intensity distribution at x-z plane and intensity profile along 
z-axis, and x-axis 
figure 
surf(X2*1e6,Z2*1e6,I1_xz); 
shading interp 
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axis image 
view(2) 
colormap(hot) 
caxis([0 1]) 
xlabel('x'); 
ylabel('z'); 
title('Intensity distribution at x-z plane') 
  
% intensity profile along z-axis 
figure 
plot(Z2(:,(Nx+1)/2)*1e6,I1_xz(:,(Nx+1)/2)); 
xlabel(['z ','(\mum)']); 
ylabel('Normalized intensity'); 
  
% intensity profile along x-axis 
figure 
plot(X2((Nz+1)/2,:)*1e6,I1_xz((Nz+1)/2,:)); 
xlabel(['x ','(\mum)']); 
ylabel('Normalized intensity'); 
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