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The response of tissue to hyper-osmotic agents is a reduction in light scattering 

and corresponding increase in optical clarity.  “Tissue optical clearing” permits delivery 

of near-collimated light deeper into tissue potentially improving the capabilities of optical 

diagnostic and therapeutic applications.  The overall objective of the proposed research is 

to characterize the mass transport of hyper-osmotic agents across cell membranes and the 

resulting optical clearing.  To accomplish this task, a differential phase contrast optical 

coherence microscope (DPC-OCM) is configured to permit quantitative spaciotemporal 

optical path length (OPL) imaging of biological cell specimens.   

 vi



The first application of DPC-OCM is analyzing the intracellular dry mass of 

individual biological cells.  Differences between normal and cancerous cell dry mass are 

investigated.  Populations of normal and cancerous human dermal fibroblast cells and 

human prostate cells demonstrate a statistically significant difference in mean dry mass 

and mean en face area.  Linear discriminant analysis yields a maximum of 79% accurate 

classification.   

The second application of DPC-OCM is use as a novel technique for determining 

cell membrane permeability parameters due to an osmotic chemical stimulus.  Glycerol, a 

hyperosmotic agent, is perfused across an adherent layer of human keratinocytes, and the 

dynamic osmotic response of individual cells is imaged with DPC-OCM.  A novel optical 

path length (OPL) mass transport model is devised relating chemical concentration to 

intrinsic refractive index and OPL.  Hydraulic conductivity and solute permeability are 

determined by fitting the OPL mass transport model to transient OPL data collected with 

DPC-OCM.   

 The final study investigates the mechanisms of optical clearing of cellular and 

collagenous tissue using hyperosmotic agents and evaporation.  OCT and photographic 

images quantify optical scattering reduction between native and dehydrated tissue states.  

Air-drying optically clears tissue as effectively as the most successful hyperosmotic 

agent, glycerol.  Tissue ultrastructural alterations due to dehydration are investigated 

using transmission electron microscopy.  The Rayleigh-Gans model is used to simulate 

light scattering effects due to tissue ultrastructural alterations and measured refractive 

index excursion using DPC-OCM.    
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Chapter 1. Introduction 

MOTIVATION 

  The response of tissue to hyper-osmotic agents reduces light scattering and 

thereby increases optical clarity [1-5].  This “tissue optical clearing” effect permits the 

delivery of near-collimated light deeper into tissue, improving the capabilities of 

diagnostic imaging and therapeutic applications.  Optical clearing of tissue will expand 

the capabilities of current optical diagnostic tools such as fluorescence spectroscopy, 

optical coherence tomography, and confocal microscopy.  Diagnostic applications that 

may potentially benefit include skin morphologic examination [5,6], bladder, GI, and 

mucosal tumor identification, and non-invasive blood glucose measurement.  Laser-based 

therapies which may benefit from tissue clearing include treatment of Port Wine Stain, 

hair removal, ablation of deep stromal tumors, leg vein coagulation, photodynamic 

therapy of tumors, targeting of individual dermal vessels, transscleral photocoagulation, 

and endoscopic surgery of the bladder, prostate, and GI tract. 

Based on original research at The University of Texas at Austin, the primary 

mechanisms of light scattering reduction in skin are (1) dehydration and (2) refractive 

index matching between the tissue constituents and the hyper-osmotic agent [1-5].  Other 

research at Beckman Labs (UC Irvine) suggests that the structural change of collagen 

molecules is the primary mechanism of reduced light scattering in skin [7].  All of these 

effects result from the transient transport of water and hyper-osmotic agent in response to 

a chemical concentration imbalance.  Investigation of the transport process is necessary 
 1



to understand and design protocols to enhance the outcome of tissue optical clearing.   

The research focuses on cell membrane transport and optical clearing at the cellular level.  

   The proposed research is of great interest for its intrinsic scientific value in the 

field of biological mass transport.  The newly developed technology of DPCOCM 

provides a novel method for visualizing and quantifying the mass transport of osmotically 

active chemical species across cell membranes.  It allows simultaneous measurement of 

the chemical forces and flows driving the transport process.  Biological transport 

applications extend into the fields of cryobiology and tissue engineering.  Development 

of the DPCOCM system will facilitate its use in other applications such as quantitative 

cytology [8-10] and micro-scale heat transfer measurements.     

This research contributes to increased understanding of the mechanisms of tissue 

clearing by correlating changes in optical properties with transport effects occurring at 

the cellular level.  Calculated cell membrane permeability parameters and correlation 

between agent concentration and refractive index may be used to design an optimal 

cellular clearing protocol (prescribed concentration of each agent) for each cell type. 

 

OBJECTIVES   

The overall objective of the proposed research is to characterize the mass 

transport of hyper-osmotic agents across cell membranes and the resulting optical 

clearing.  Mass transport is quantified by measuring transient hyper-osmotic agent 

concentration differentials across cell membranes, measuring transient cell volume 

excursion, and calculating cell membrane permeability parameters.  Optical clearing is 
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quantified by measuring transient refractive index matching of hyper-osmotic agents to 

cell organelles and calculating the reduced scattering cross coefficient, µs’.  Studies are 

conducted using experimental and theoretical techniques. The following set of specific 

aims is designed to achieve this objective: 

 

1. Configure a Differential Phase Contrast Optical Coherence Microscope 

(DPCOCM) to allow quantification of spaciotemporal refractive index within and 

surrounding single cells during perfusion of hyper-osmotic agents. 

2. Quantify the transient hyper-osmotic agent concentration differentials across cell 

membranes using DPCOCM measured refractive index. 

3. Quantify the transient volume excursion of cells in response to hyper-osmotic 

stress using DPCOCM cell image area and appropriate geometry. 

4. Calculate cell membrane permeability parameters to various hyper-osmotic agents 

by fitting the membrane transport model to experimentally measured hyper-

osmotic agent transmembrane concentration differentials and the associated 

transient cell volume excursion. 

5. Calculate the transient σs’ of individual cells due to the simultaneous effects of 

cell dehydration and refractive index matching using Rayleigh-Gans scattering 

theory. 

 

The aforementioned specific aims are diagrammatically represented in figure 1.1.  

This figure reveals the coupling between the mass transport studies (top branch) and the 
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optical property studies (bottom branch).  It also illustrates the mixture of experimental 

(ovals) and theoretical (squares) techniques used to achieve the objective. 
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Figure 1.1.  Diagram representing the interconnectedness of specific aims. 
 
 

DISSERTATION OVERVIEW 

Chapter 2 describes the configuration of a differential phase contrast optical 

coherence microscope (DPC-OCM), which permits quantitative spaciotemporal optical 

path length (OPL) imaging of biological cell specimens.  The system has 1 nm OPL 

resolution, and 1 µm lateral resolution.  Comparison is made between two different 

configurations of sample path optics.  Chapter two was published in Optics Letters in 

July 2004.  Two example applications of DPC-OCM are presented in chapters three and 

four.  

Chapter 3 describes application of DPC-OCM for analyzing the intracellular dry 

mass of individual biological cells.  Differences between normal and cancerous cell dry 

mass are investigated.  Populations of normal and cancerous human dermal fibroblast 

cells and human prostate cells demonstrate a statistically significant difference in mean 

dry mass and mean en face area.  Linear discriminant analysis yields a maximum of 79% 

accurate classification.  The content of chapter three is intended for publication as a letter 
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or research report in a cancer research journal such as Cancer Detection and Prevention 

or Cancer Cytopathology. 

Chapter 4 presents a novel technique for determining cell membrane permeability 

parameters due to an osmotic chemical stimulus.  Glycerol, a hyperosmotic agent, is 

perfused across an adherent layer of human keratinocytes, and the dynamic osmotic 

response of individual cells is imaged with DPC-OCM.  A novel OPL mass transport 

model is devised relating chemical concentration to intrinsic refractive index and OPL.  

Hydraulic conductivity and solute permeability are determined by fitting the OPL mass 

transport model to transient OPL data collected with the DPC-OCM.  The content of 

chapter four is intended for publication in Journal of Biomechanical Engineering.    

Chapter 5 investigates the dehydration mechanism of optical clearing of cellular 

and collagenous tissue using hyperosmotic agents and evaporation.  OCT and 

photographic images quantify optical scattering reduction between native and dehydrated 

tissue states.  Air-drying optically clears tissue as effectively as the most successful 

hyperosmotic agent, glycerol.  Tissue ultrastructural alterations due to dehydration are 

investigated using transmission electron microscopy.  The Rayleigh-Gans model is used 

to simulate light scattering effects due to tissue ultrastructural alterations.   The content of 

chapter five is intended for publication in Journal of Biomedical Optics.    

 

 BACKGROUND  

Transport of Hyper-osmotic Agents Across Cell Membranes   

The hyper-osmotics are a category of drugs clinically used to move water from 
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the intracellular to the intravascular space.  Medically useful hyper-osmotic agents 

include the polyhydric alcohols like glycerol and ethylene glycol and the linear alcohols 

like sorbitol and mannitol.  Other examples include hypaque, dimethyl sulfoxide 

(DMSO), polyethylene glycol, and sucrose.   

In general, cell membranes have a lower permeability to hyper-osmotic agents 

than to water.  The osmotic stress produced by the agent in the extracellular space causes 

an initial flux of intracellular water out of the cell faster than the hyper-osmotic agent 

penetrates the cell.  This results in an initial decrease in cell volume followed by a more 

gradual swelling as the hyper-osmotic agent accompanied by water enters the cell [11-

14].  As trans-membrane equilibrium is approached, the net transport process diminishes.  

These events (Figure 1.2) may occur in a matter of seconds to minutes depending on the 

plasma membrane water and solute permeability.      

 

 
 
 
 
 
 
 
 
 
 

Normalized Cell Volume Flux Into Cell 

Time 

1

0.5

0 1 minwater

Time 

solute

- 

+

cell 
water 

solute 

                    
    
 a.                         b.                        c. 

 
Figure 1.2.  (a) Single cell biophysical system representing the transport of water and 

hyper-osmotic agent (solute).   (b) Transient solute and water flux and (c) resulting cell 

volume due to application of a hyper-osmotic agent.  

 6



Refractive Index and Concentration

The refractive index of a binary solution is related to the concentration of solute, 

temperature, and wavelength of interrogating light [15].  Provided the temperature and 

wavelength are known and fixed, solute concentration can be determined from the 

measured refractive index.  The Lorentz-Lorenz formula [16,17] relates the effective 

refractive index, n, of a mixture of substances in the following manner: 

                                                                     i
i

iCA
n
n ∑=+

−
2
1

2

2

                                                (1.1)  

 

where A and C are the molar refractivity of substance i and the number of moles of 

substance i per unit volume, respectively.   

Alternatively, the specific refractive increment (α) of a solution can be used to 

relate refractive index and concentration for solutions, such as glycerol, that exhibit a 

near-linear relationship between these parameters.  The specific refraction increment of a 

solution is defined as the increase in refractive index for every 1% increase in 

concentration of the solute.  

dC
dn

=α       (1.2) 

 

The specific refractive increment for a given protein solution remains constant 

over a fairly wide range of concentrations (up to at least 45% for bovine serum albumin) 

provided the concentration (C) is expressed in terms of grams per 100 mL of solution. 

The refractive increment of nearly all soluble unconjugated proteins falls within .0018 
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±2% at 20OC in green or yellow light [18].  Therefore the concentration of protein in a 

cell immersed in water can be expressed as: 

    
0018.

)333.1( −
=

nC      (1.3) 

 

Mechanisms of Tissue Optical Clearing

The complex shape, size, and distribution of tissue constituents, as well as 

variations in the index of refraction, provides a highly scattering medium for visible and 

near infrared light.  In addition to water (n=1.33), a wide range of refractive indices are 

associated with cellular constituents (Table 1.1).   

 
Table 1.1  Index of refraction values for cellular constituents. 

Cell Component Refractive 
Index 

Wavelength Technique Reference 

extracellular fluid 1.35 850 nm Light Scattering [19] Maier et al. 
cytoplasm 1.37 Visible Interference Microscopy [20] Barer et al. 

nucleus 1.39 Visible Interference Microscopy [21] Barer et al. 
mitochondria 1.42 780 nm Light Scattering [22] Beauvoit et al. 

 
The addition of solutes to tissue affects the global optical properties by causing 

changes in cell morphology and refractive index of the extracellular and intracellular 

spaces [11-14].  Refractive index gradients evolve transiently as water is transported out 

of the cells/tissue and the applied agent is transported in.  Moreover, as water is removed 

from the tissue the concentration of salts and proteins in the tissue rises, increasing the 

refractive index of the extracellular space and possibly the intracellular space.  

Depending on the degree of refractive index matching and changes in cell size, a 

reduction in light scattering may occur.   
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Skin Structure 

 The skin is the largest organ of the body.  This structure has many important roles 

including: providing a protective barrier to the environment, permitting sensation and 

thermoregulation, and metabolic functions.  The skin anatomy is depicted in figure 1.3.  

The epidermis is the most exterior layer, and is approximately 60-80 µm in thickness.  

The epidermis is comprised of five layers in order of the most superficial to the most 

interior layers: stratum corneum, stratum lucidum, stratum granulosum, stratum 

spinosum, and the stratum germinatum [23].  The most superficial layer of the epidermis 

is the stratum corneum.  This layer is responsible for preventing entry of foreign intruders 

into the skin. The primary cell type in the epidermis is the keratinocyte.  Due to their 

important role in barrier function, the measurement of glycerol transport in these cells 

will be discussed in the dissertation.  The skin layer below the epidermis is termed the 

dermis.  This layer comprising 1-2 mm in humans, is composed of a network of elastic 

and collagen fibers, ground substance consisting of glycosaminoproteoglycans, salts, 

proteins, and water. Fibroblasts are the major cell of the dermis and secrete structural 

proteins such as collagen, elastin, and ground substance in order to provide support and 

skin elasticity.  [23,24].  The dermis is comprised of two layers: the reticular and 

papillary dermis for which collagen is a major component. The reticular dermis 

comprises the majority of the dermis and provides the skin with strength and elasticity. 

Within this layer collagen bundles are very tightly packed and there is very minimal 

ground substance.  Elastic fibers which are composed of microfibrils (10 to 12 µm in 

diameter) reside in an amorphous elastin matrix through which the collagen fibers are 
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interwoven. The papillary dermis contains the vasculature which provides nutrients and 

permits thermoregulation. The collagen fibers are loosely distributed in the papillary 

dermis and range in diameter from .3 to 3 µm. A subcutaneous fatty tissue layer exists 

below the dermis.  A muscle layer resides below the fatty layer in hamsters, rats, and in 

the facial skin of humans.  The skin is also composed of essential structures such as hair 

follicles, nerves that sense heat, pain, pressure, cold, and touch, sebaceous glands that 

secrete lubricating sebum, and sweat glands that produce perspiration.  

 
 
Figure 1.3. Skin anatomy [25].  
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Chapter 2.  Quantitative Phase Contrast Imaging of Cells with 

Phase Sensitive Optical Coherence Microscopy1

 

 

ABSTRACT 

We describe a method for en face phase contrast imaging of cells with a fiber-

based differential phase contrast optical coherence microscopy system. Recorded en face 

images are quantitative phase contrast maps of cells due to spatial variation of refractive 

index and/or thickness of various cellular components. Quantitative phase contrast 

images of human epithelial cheek cells obtained with the fiber-based DPC-OCM system 

are presented. 

 

                                                 
1 Portions of this chapter have been previously published in Optics Letters [39]. 
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INTRODUCTION 

Phase contrast microscopy (PCM) is a powerful tool for visualization of unstained 

biological specimens. Traditional PCM techniques such as differential interference 

contrast (DIC) and Zernike phase contrast do not provide a direct quantitative measure of 

the spatially varying phase in a biological specimen such as a cell. Many functional 

imaging applications of unstained cells require quantification of subtle phase contrast 

changes in a cell with sub-cellular resolution. These applications include fundamental 

studies of cell membrane dynamics in response to chemical stimuli, quantitative 

pathology of cells for disease diagnosis and staging, and imaging of unstained tissue 

samples. Optical contrast in cells arises primarily due to spatial refractive index gradients 

among cellular components. Variations in refractive index and geometric size of cellular 

components contribute to the total phase contrast, i.e. the composite spatial optical path 

length (OPL) variation in a biological specimen. Methods and techniques developed for 

quantitative phase contrast imaging of cells include numerical reconstruction of phase 

information from DIC images [26,27], interference microscopy, and digital holography 

[28]. Recently, direct measurement of optical path length changes in transparent and 

turbid samples with nanometer sensitivity has been demonstrated using phase-sensitive 

low-coherence interferometry (PS-LCI) [29-34]. Compared to other quantitative phase 

contrast imaging techniques, PS-LCI has the advantage that it permits direct quantitative 

measurement of depth resolved phase contrast with high sensitivity in reflection mode. 

Although phase information is readily available in the recorded interference fringe 

intensity signal in a single channel LCI, values are corrupted with phase noise (on the 
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order of a radian) due to environmental perturbations rendering it unsuitable for high 

resolution quantitative phase-contrast imaging. High phase sensitivity is achieved by 

canceling common-mode phase noise in a dual (polarization or wavelength) channel 

interferometer.  
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MATERIALS/METHODS 

In this letter we describe the implementation of a fiber-based PS-LCI as a 

differential phase contrast optical coherence microscope (DPC-OCM) [31] for high-

resolution quantitative phase contrast imaging of cells. The fiber-based DPC-OCM 

provides flexibility in interrogating a variety of samples and is well suited for biomedical 

applications requiring in vivo imaging. 

The fiber-based DPC-OCM (Figure 2.1) is a dual-channel low-coherence 

Michelson interferometer capable of measuring sub-wavelength optical path length 

difference between light backscattered from two spatially separated sites in a sample 

[33,34]. Light emitted from an optical semiconductor amplifier (centered at λo=1.31 µm; 

FWHM spectral bandwidth, ∆λ=60 nm; free space coherence length of 22 µm) is coupled 

into the input port of a polarization-maintaining (PM) coupler. The two channels of the 

low-coherence interferometer correspond to orthogonal and decorrelated polarization 

modes of the PM fiber. Decorrelation of the two polarization modes is an important 

feature of the DPC-OCM system as it ensures that cross-coupled light from one channel 

to the other does not contribute to the interferometric signal in either channel. The two 

channels constitute the two probe beams incident on a sample and are referred to as 

Channel 1 (Ch1) and Channel 2 (Ch2). At the 2x2 PM coupler, each channel is split 

equally into reference and sample arms.   
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Reference Arm

Sample Arm 

Figure 2.1.  Schematic diagram of the DPC-OCM.  Details of the system are presented in 

references 43 and 44. 

 

The reference arm incorporates a LiNbO3 electro-optic phase modulator that 

permits stable phase modulation and accurate measurement of fast transient differential 

phase changes.  The dispersion compensating delay line consists of a diffraction grating, 

“G”, that compensates for chromatic and waveguide dispersion introduced by the phase 

modulator.   Depth scans (A-scans) are possible by modulation of the depth galvo mirror 

angle, but are not performed during data collection since the maximum sample 

retardation (1000 nm) is well within the coherence length of the source. 

Sample path optics are configured with two different geometries described in 

detail later.  Common to both geometries are two galvos which enable scanning in two 

lateral dimensions.  Two birefringent prisms enable lateral or axial separation of probe 
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beams.  A 40× microscope objective, “Ls”, (N.A=0.6) is used to focus the probe beams 

on the sample. 

Back reflected light from the reference and sample path in Ch1 and Ch2 mix at 

the PM coupler to form interference fringe intensity signals (Im, m=1,2). In the detector 

path, polarization channels are separated by a large angle Wollaston prism, “W”, and 

focussed on to respective photoreceivers, “D1” and “D2”. The interference signal is 

digitized using a 12 bit analog-to-digital converter, “A/D”.  Interference fringe intensity 

signal formed in each channel is given by 

{ }{ }2
( ) 2 exp -( - ) / cos(2   )( ) π ϕ ϕ= +⎡ ⎤⎣ ⎦m o ref samp o c o m noiseI z I R R z z l f tz +   (2.1) 

where Io is a scale factor with units of intensity, source coherence length (lc) is 22 µm, R 

is reflectivity in reference (Rref) and sample (Rsamp) paths, fo is the phase modulation 

frequency, ϕnoise is the common mode phase noise in the interferometer due to stochastic 

environmental perturbations, and ϕm(z) (m=1 or 2) is the phase term that carries relevant 

specimen information. Using Hilbert transform H(.), phase of interference fringe 

intensity signal in each channels is determined. Phase function of the interference fringe 

intensity signal in Eq. 2.1 is given by 

tan
( )m

m
m

arc
I

I
ϕ =

⎧ ⎫
⎨ ⎬
⎩ ⎭

H
    (2.2) 

In a differential phase measurement, ∆ϕ  is proportional to difference in optical path-

length (∆p) traversed by light in Ch1 and Ch2: 
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22 π pϕ ∆
λ

⎛ ⎞
∆ = ⎜ ⎟

⎝ ⎠
     (2.3) 

A factor of two in Eq. 2.3 accounts for the double pass geometry. ∆p is a function of 

refractive index variation (∆n) and physical path length difference, l, between Ch1 and 

Ch2 and can be written as 

( )p∆ = ∆∫ n l dl      (2.4) 

The fiber-based DPC-OCM has a differential phase measuring accuracy better 

than 0.05 radian (OPL ~ 5 nm). Optical path length measuring accuracy of the fiber-

based DPC-OCM is verified by scanning the height of a chromium nano-step (Figure 

2.2). The chromium nano-step is mounted on a computer controlled linear translation 

stage and scanned laterally.  Height profiles of the chromium nano-step measured with 

DPC-OCM (150 nm) and an atomic force microscope (155 nm) match within 5 nm.  

 

Figure 2.2. Height profile of the chromium nano-step measured with prototype DPC-

OCM system and an atomic force microscope. 
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We describe two probe beam geometries for en face quantitative phase-contrast 

imaging of single layered cells. Choice of probe beam configuration for en face imaging 

of cells depends on the application. The sample holder and two configurations of sample 

path optics to spatially separate Ch1 and Ch2 are shown in Figure 2.3. The cells are 

positioned between two glass cover slips that served as a sample holder (Figure 2.3a).  

Prior to en face DPC-OCM imaging, cells are first visualized using an inverted 

microscope with the objective positioned beneath the sample holder. Observation of the 

DPC-OCM aiming beam in the inverted microscope image allows co-registration of 

recorded images. Intensity interference signals in Ch1 and Ch2 are recorded while raster 

scanning (xy-plane) the probe beams over the sample.  

 

Figure 2.3. (a) Sample path configuration for recording brightfield and en face DPC-

OCM images. Lateral (b) and collinear (c) configurations of sample path optics to 

spatially separate probe beams. In the lateral configuration, Wollaston (W) prism and 

specimen are positioned in front and back focal planes of lens (L), respectively. In the 
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collinear configuration, translation of birefringent prism pair (P) allows variation of 

optical pathlength difference between Ch1 and Ch2.  Optical axis (⊥ or ●) of birefringent 

elements in lateral and collinear configurations is indicated. 

 

In the lateral configuration (Figure 2.3b), a Wollaston prism laterally splits light 

in Ch1 and Ch2 and a lens focuses and makes parallel the orthogonally polarized probe 

beams incident on the specimen. Magnitude of lateral spatial separation between Ch1 and 

Ch2 is dependent on the divergence angle of the Wollaston prism and sample path 

focusing optics. For cell imaging using the lateral configuration, the two probe beams are 

focused at the water-glass interface of the bottom cover-slip (Figure 2.3a) to record an 

image. At a given depth (zo) and lateral position (yo), “raw” phase difference 

[∆ϕ(x,yo,zo)=ϕ2(x+∆x,yo,zo)-ϕ1(x,yo,zo)] between the two probe beams in Ch1 and Ch2 

along the line scan in x-dimension is given by 

0 0

( , , )
) , ,4 4( , ( , ) ( , )

o o

o
o o

o o

z z
n x y z

x x y x y
x

xx y n z n z dzπ πϕ
λ λ

∂⎡⎡ + ∆ ⎤ ⋅ ⋅⎣ ⎦ ⎢ ∂⎣ ⎦

⋅ ∆∆ = − =∫ ∫ dz⎤
⎥  (2.5) 

Inasmuch as the probe beams are laterally separated by ∆x, the “raw” phase-

difference (∆ϕ) represents a gradient with respect to x of optical path length change.7 

True phase difference (Ψ) representative of the physical structure due to optical path 

length variation for each lateral line scan is obtained by integrating Eq. 2.5: 

1) .( , ( , )o o dx
x

x y x yϕ
∆

∆Ψ = ∆∫    (2.6) 
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In the collinear configuration (Figure 2.3c) Ch1 and Ch2 are laterally coincident 

but axially separated. Translating the birefringent prisms laterally (x-direction) with 

respect to each other varies the axial separation between Ch1 and Ch2. While imaging 

cells using the collinear configuration, the probe beams are positioned at the top surface 

of each cover slip and the phase difference between the channels is given by 

0

) ,4( , ( , )
o

o glass glasso
o

z

x y tx y n z dz nπϕ
λ

⎧ ⎫
⎪ ⎪

⋅⎨ ⎬
⎪ ⎪
⎩ ⎭

∆ = −∫   (2.7) 

where nglass and tglass are refractive index and geometric thickness of the cover slip, 

respectively. 
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RESULTS 

Recorded en face DPC-OCM images of human epithelial cheek cells are shown in 

Figure 2.4 and Figure 2.5.  Human epithelial cheek cells were prepared by gently 

swabbing the inner cheek of a volunteer with a cotton tip and placing the specimen in a 

drop of water on a glass slide. A 40× microscope objective (N.A=0.6) is used to focus the 

probe beams on the sample. FWHM of probe beam at the focus is approximately 3.5 µm. 

In the lateral beam configuration the beam separation is approximately 5 µm. Recorded 

DPC-OCM en face images of single epithelial cells using the two configurations with 

corresponding bright field are shown are shown in Figure 2.4. DPC-OCM images are 

recorded using a scanning mirror and motorized linear translation stage in case of the 

collinear beam configuration, whereas two motorized linear translation stages were used 

for the lateral beam configuration. Sample holder is placed on the motorized linear 

translation stage. It takes a couple of seconds to record an image with the collinear 

configuration but more than a minute with the lateral configuration due to the limited 

speed of the translation stages. Faster image acquisition can be achieved for both 

configurations by using two scanning mirrors and optimized flat field scanning optics. 

Poor reflectivity/absorption contrast of epithelial cheek cells makes visualization difficult 

with a bright field microscope. Under oblique transillumination epithelial cells can be 

visualized, though not with corresponding clarity as can be obtained with a phase-

contrast microscope. 
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Figure 2.4. DPC-OCM (a & b) and bright field microscope images (c & d) of single 

human epithelial cheek cells. Lateral (a) and collinear (b) probe beam configuation were 

used to record DPC-OCM images. Color bar denotes single pass optical path length 

difference in nanometers. (Scale bar – 10 µm) 

DPC-OCM image of multiple epithelial cheek cells recorded using the collinear 

configuration is compared with a phase-contrast microscope image of similar epithelial 

cells (Figure 2.5). The phase contrast image shown is not of the same epithelial cells 

since it is not possible to record DPC-OCM and phase-contrast microscope images 

simultaneously with our setup. Cell wall, nucleus and some other sub-cellular features are 

visible in DPC-OCM images of epithelial cheek cells. En face DPC-OCM images 

quantitatively map the variation of optical path length in epithelial cheek cells. Lateral 

 22



resolution of DPC-OCM can be improved by optimizing the sample path focusing optics 

and operating at a lower wavelength. 

 

Figure 2.5. DPC-OCM (a) and phase-contrast microscope image (b) of multiple human 

epithelial cheek cells.  The images are of similar epithelial cells but not the same sample. 

Color bar denotes single pass optical path length difference in nanometers. (Scale bar – 

20 µm) 

 23



If a transparent flat reference surface above the cells is available, the collinear 

configuration is more suitable for quantitative phase contrast imaging since the optical 

setup is simpler, phase sensitivity and accuracy of calculated differential phase contrast is 

higher. With the lateral configuration probe beam configuration only a single reflecting 

surface below the cell layer is necessary which is easily available since cells are either 

grown or placed on glass cover slips. Construction of accurate quantitative DPC-OCM 

images using the lateral configuration requires accurate knowledge of probe beam 

separation in the specimen. Since the probe beams are orthogonal polarized, 

birefringence in the cell will also contribute to the phase difference. 
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CONCLUSION 

In conclusion, we have demonstrated a fiber-based DPC-OCM that is capable of 

recording quantitative phase contrast images of individual cells with sub-cellular 

resolution. Because the DPC-OCM can record transient changes in optical path length, 

the system may be used to record quantitative optical path length alterations of cells in 

response to various stimuli.  Results of studies of optical path length change of cells in 

response to chemical and other stimulus will be reported subsequently. A fiber-based 

DPC-OCM has the potential to substantially improve in vivo imaging of epithelial tissues 

for a variety of clinical diagnostics and monitoring applications. Depth-resolved 

quantitative phase contrast imaging of a multilayered and complex structure such as 

tissue is challenging because a reference surface may not be readily available. 

Experiments are underway using both probe beam configurations described above to 

record depth-resolved quantitative phase contrast images of tissue.  
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Chapter 3.  Measurement of Total Cell Dry Mass using 

Differential Phase Contrast Optical Coherence Microscopy 

to Discriminate Normal and Cancerous Cell Populations 

 

 
 
 
ABSTRACT 

 Differential phase contrast optical coherence microscopy (DPC-OCM), a 

quantitative imaging technique, was used to measure en face area and dry mass of normal 

and cancerous populations of human fibroblast and prostate cells.  There was a significant 

difference (p>0.05) between normal and cancer population averages of dry mass and 

area.  However, the use of linear discriminant analysis was 75-79% accurate at best.  

Mass was a better classifier than area for both cell types.  Advantages and disadvantages 

of the DPC-OCM instrument are discussed as is the concept of using dry mass a 

discriminant parameter to classify normal and cancerous cell populations.   
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INTRODUCTION:   

 Early, preinvasive cancer cells are readily treatable, but difficult to detect.  

Beginning in the preinvasive stage known as dysplasia, cell architecture is altered.  

Specifically, cell nuclei become enlarged, crowded, and hyperchromatic (staining 

abnormally dark with a contrast agent due to changes in their chromatin content) [35].  

The dry mass of dysplastic cell nuclei is higher than that of normal cells, although mass 

concentration is less [36]. 

We have shown that the dry mass (protein content) of entire cancerous cells is 

elevated relative to normal cells and therefore has the potential to be used as an indicator 

of the presence of cancer.  Interference microscopy has been applied to measure cell dry 

mass since the early 1950s [37].  A novel technique known a DPC-OCM has the same 

phase sensitive capabilities as interference microscopy, and possesses several benefits 

over the former, most importantly it has the potential to be applied in vivo.  

 Interference microscopy and DPC-OCM detect the phase retardation induced 

when a beam of light passes through a specimen.  The amount of retardation depends on 

the specimen concentration and physical thickness.  The optical path length (Φ) measured 

across a chamber (physical thickness z2-z1) containing a cell is the integral product of 

refractive index (n) and differential thickness (dz) of the chamber (Equation 3.1, Figure 

3.1a). 

∫
=

=Φ
2

1'

')'(
z

zz

dzzn      (3.1) 
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The optical path length integrated over the cell en face area (A) (Figure 3.1b) 

results in an effective “optical volume.”  The optical volume divided by A defines the 

spatial average optical path length over the intracellular region, Φin (Equation 3.2).     

∫ ⋅Φ=Φ
A

in dA
A
1      (3.2) 
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The mass of dry substance, M, within the cell is given by Equation 3.4 where α is 

the specific increment in refractive index for the solute and the refractive index of the 

extracellular immersion medium is chosen equal to water (n=1.333).  

α⋅
⋅∆Φ

=
100

AM       (3.4) 

The specific increment is determined by the molecular polarizability due to the 

interaction between light and the solute molecules.  The α for cells is determined mainly 

by proteins and nucleic acids, and its value may be taken as 0.0018 cm3/g.  Specific 

increment is independent of protein concentration for concentrations up to 50%, and only 

slightly dependent on salt and protein molecular weight [37].    
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MATERIALS/METHODS:   

Φ Imaging Using DPC-OCM 

DPC-OCM is an imaging technique capable of quantifying ∆Φ and cell dry mass 

[34,38,39].  The sample path optics are configured for the specific cell sample 

preparation as shown in Figure 3.2.  Cells are cultured on a glass coverslip and a second 

glass coverslip is applied above the cells.  Four birefringent prisms are used to induce a 

relative path-length delay between the two orthogonal polarization channels.  In this 

manner, the Ch2 interferogram produced by the glass interface above the cell is 

temporally retarded (axially separated) to occur simultaneously with the Ch1 

interferogram produced by the glass interface below the cell.  The Ch2 interferogram acts 

as a reference while the Ch1 interferogram passes through the cellular sample and 

extracellular medium, acquiring relevant specimen information.  The two coaxial 

channels (no lateral separation) are reflected off two scanning mirrors and directed 

through a high-numerical-aperature (N.A.=1.4) 40X microscope objective, producing a 3 

µm FWHM beam diameter in the focal plane.  The focal plane corresponds with the 

center of the chamber.  
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Two subculture procedures (two passages) were performed prior to experimentation.  

Samples were imaged when cells reached approximately 25% confluence.  Individual 

optical flats and adherent cells were rinsed with isotonic saline solution to remove debris 

immediately prior to experimentation.  Approximately 3-4 glass coverslips provided all 

specimens for each combination of cell state and type.   

 

Data Processing and Analysis   

 Cell en face area (A) was determined using manual edge-detection of the cell 

perimeter in the digital Φ images.  Φin was calculated by averaging the values of Φ within 

the A boundary.  Φex was calculated by averaging Φ within a region of interest selected 

adjacent to the cell.   Cell dry mass was calculated using Equations 3.3 and 3.4. 

Several statistical measurements were performed on normal (n=272) and cancer 

(n=272) prostate cells and normal (n=288) and cancer (n=288) fibroblast cells.   First, 

population mean and standard deviation were calculated for area and mass corresponding 

to a specific combination of cell type (prostate/fibroblast) and cell state (normal/cancer).  

Histograms were plotted for each cell type and state by dividing area and mass into 30 

evenly spaced bins ranging from 0 to 1500 um2 and picograms, respectively.  

Comparisons were made between the normal and cancerous states for each cell type.     

Next, the Lilliefors test for goodness of fit to a normal distribution [41] was 

applied to each histogram.  The Lilliefors test evaluates the hypothesis that the sample 

population could have come from a normal distribution with unspecified mean and 

variance in terms of rejecting the null hypothesis that the populations have normal 
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distributions.  This test compares the sample distribution of each histogram with a normal 

distribution having the same mean and variance.  The null hypothesis is rejected if the 

test is significant at the 5% level.   

The Wilcox rank-sum test [41] was performed for area and mass parameters of 

each cell type to determine whether the normal and cancer cell populations were 

identical.  The Wilcox rank-sum test evaluates the hypothesis that the two populations are 

not significantly different.  The null hypothesis is rejected if the test is significant at the 

5% level.  P is the probability of observing a result equally or more extreme than the one 

using the data (normal and cancer) if the null hypothesis can not be rejected.     

Next, a linear discriminant analysis (LDA) [42] was performed separately for 

prostate and fibroblast data using all of the experimental samples.  The Bayes classifier 

computes discriminant scores to determine the group into which each sample is 

classified.  The training set for LDA was taken to be the entire experimental data set.   

Finally, cross correlation coefficients between area and mass parameters were 

determined for each cell type and state.  A cross correlation value of 0 indicates no 

correlation, while a value of 1 indicates perfect correlation. 
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RESULTS 

DPC-OCM images of normal and cancerous human prostate cells are shown in 

Figure 3.3.  The field of view is 100 µm x 100 µm.  The value of Φ [nm] at each spatial 

position is specified by its grayscale intensity.   
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istograms comparing normal and cancer cell area and mass for both cell types 

ented in Figure 3.4.  The area and mass population average and standard 

n for each cell type and state is presented in Table 3.1.  Both area and dry mass 

on averages are greater in the cancerous versus normal state for prostate cells.  

servation is also true of fibroblast mass, but not area.  Total percentage of 

ly classified cells was defined as percentage of normal cells whose area (or mass) 

 than a cutoff value and cancer cells whose area (or mass) was greater than the 

toff value.  The maximum percentage of accurately classified cells and 
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corresponding cutoff values are plotted as a vertical dashed line in Figure 3.4.  Using the 

total percentage of accurately classified cells as an indicator of classifier effectiveness, 

mass is a better classifier than area for both cell types.   

 

Figure 3.4.  Area (left) and mass (right) histograms for normal and cancerous human 

prostate cells (top) and human fibroblast cells (bottom). 
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Table 3.1.  Population mean and standard deviation 

cell type cell state # cells Area (mean± σ) [um2] Dry mass (mean± σ) [pg] 

RWPE (normal) 272 255±143 243±121 prostate 

  PC3 (cancer) 272 502±313 619±469 

CCL-171 (normal) 288 414±356 166±139 fibroblast 

  CCL-121 (cancer) 288 359±197 239±133 

 

The Lilliefors test rejected the null hypothesis that histogram samples were drawn 

from populations with normal distributions for all cases.  The Wilcox rank-sum test 

indicated that the normal and cancerous cell histograms of area and mass were identical 

(5% significance) only for the case of fibroblast cell area (p=0.169).  The null hypothesis 

was rejected for the other three combinations of cell type and parameter.  The hypothesis 

test results and associated p-values are presented in Table 3.2.  A test result of 0 indicates 

acceptance of the null hypothesis, while a test result of 1 indicates hypothesis rejection.    

Table 3.2.  Wilcox rank-sum test results and associated p-values. 

cell type prostate  fibroblast  
parameter area mass area mass 
test result 1 1 0 1 
p-value <.05 <.05 0.1687 <.05 

 

 The effectiveness of using area and mass as parameters to classify normal and 

cancer cell populations was determined using linear discriminant analysis.  Scatter plots 

presented in Figure 3.5 illustrate the two-dimensional (area and mass) location of 

samples.  By not restricting the decision threshold to one dimension, as in Figure 3.4, the 

LDA increases classifier accuracy.   
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Figure 3.5.  Scatter plots (area vs. mass) for: prostate (top) and fibroblast (bottom) 

samples.  X’s indicate a misclassified sample. 
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The LDA achieved a 79% accurate classification rate for the prostate population 

and a 75% accurate classification rate for the fibroblast population.  LDA improved 

classification accuracy for fibroblast cells compared with classification using only area or 

mass.  LDA improved classification accuracy of prostate cells compared with 

classification using area only, however, LDA decreased classification accuracy of 

prostate cells compared with classification using mass only.  Using the posterior 

probabilities returned from the LDA, we calculated the percentage of accurately 

classified normal and cancer cells for each cell type.  See Table 3.3 for classification 

results.          

Table 3.  LDA Classification Results 

Prostate    

Normal Cancer 

Normal 64.7 6.25 %classifed as: 

Cancer 35.3 94.1 

Fibroblast  

Normal Cancer 

Normal 67.7 18.4 %classifed as: 

Cancer 32.2 81.6 

 

 

 The cross correlation coefficients between area and mass parameters determined 

for each cell type and state are high (Table 3.4).  High correlation is theoretically 

expected since cell dry mass is a function of area (Equation 3.4).    

Table 3.4.  Cross correlation Coefficients 

cell type prostate  fibroblast  
cell state normal cancer normal cancer 

cross correlation coefficient 0.739 0.697 0.763 0.779 
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DISCUSSION  

DPC-OCM Advantages/Disadvantages 

 DPC-OCM is capable of objective, high-resolution quantitative phase imaging.  

Unlike conventional interference microscopy imaging, in which phase information is 

coupled into recorded intensity [36-37], DPC-OCM completely decouples amplitude and 

phase using the Hilbert transform.  Another benefit of the DPC-OCM instrument is that 

the differential phase measurement is made along the axis of the interrogating beam, 

avoiding the undesirable lateral shear effects common with conventional interference 

microscopy.  Prostate and fibroblast cell dry mass is approximately an order of magnitude 

greater than epithelial nuclei dry measurements made with interference microscopy [36]. 

Disadvantages of DPC-OCM include several potential error sources including 

area and phase measurement error.  Calculation of the area of each cell requires 

identification of the cell boundary by manual or computer automated edge detection.  

Uncertainty in the cell boundary gives rise to both area and phase error, which propagates 

into dry mass error.  Measurement of cell area requires human or computing time.  In 

certain situations, such as overlapping cells or those only partially within in the field of 

view, measurement of cell area and mass is compromised.  Systematic phase 

measurement error is possible due to phase wrapping, speckle [43], or sample 

birefringence.  It is unlikely that these potential error sources affected our present 

experimental results.            
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Using Dry Mass to Classify Normal/Cancer Cell Populations 

 Using cell dry mass as and area parameters to discriminate normal and cancerous 

cell populations results in a 74-79% accurate classification.  Dry mass appeared to be a 

better classifier than area.  There are two reasonable explanations for this observation.  

First, cancer cells are more likely to be larger (volume) than normal cells, and cell mass is 

dependent on the total volume of the cell.  The cell en face area is likely to be coupled to 

volume, but the area-volume dependency is not as strong as the volume-mass 

dependency.  Second, since cancer cells are more metabolically active they have more 

protein and nucleic acid content per volume (concentration) and hence a higher intrinsic 

refractive index.  Therefore a cancer cell will have greater dry mass than a normal cell of 

the same volume.  This second explanation seems reasonable, but is in disagreement with 

reference 36.  The LDA did not perform drastically better than the classification 

technique using only one variable, but this is not surprising since cell mass is strongly 

correlated with cell area.   

It is unlikely that area and mass alone are sufficient parameters to discriminate 

normal and cancerous cells, but nevertheless this data is valuable.  The combination of 

dry mass with additional independent experimental parameters, such as fluorescence 

labeling, may permit a more effective discriminant analysis.  Additionally, if more 

variables are used, the discriminant score would better fit a normal distribution because 

of the law of large numbers.  The DPC-OCM system may be physically integrated with 

other diagnostic tools in a single probe capable of multi-modal imaging.   
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CONCLUSION 

DPC-OCM is capable of objective, high-resolution quantitative phase imaging.  

Potential error sources include area and phase measurement error.  DPC-OCM was 

applied to measure area and dry mass of normal and cancerous cells.  Area and mass 

population averages are greater in the cancerous versus normal state.  Using cell dry mass 

and area as parameters to discriminate normal and cancerous cell populations provides 

74-79% accurate classification.  Mass is a better classifier than area for both cell types.  It 

is unlikely that area and mass alone are sufficient parameters to discriminate normal and 

cancerous cells, however, the combination of these with additional independent 

experimental parameters may prove an effective discriminant analysis tool.          

 DPC-OCM has the potential to be developed into both an in vitro and in vivo cell-

screening tool.  The in vitro approach would be similar to the experimental work 

presented in this paper, in which phase measurement could be performed across a fixed 

thickness sample chamber.  It may be possible to integrate this technique with flow 

cytometry in order to analyze a large number of cells quickly.   The DPC-OCM beam 

may be scanned in one dimension while cells flow orthogonally across the scan line.  One 

consideration of the process is that cells must be discretely identified. 

 The greatest potential use of DPC-OCM may be in vivo cell-screening.  Unlike 

conventional interference microscopy in which image formation is based on interference 

of transmitted light, DPC-OCM image formation is based on reflected light.  DPC-OCM 

is a polarization and phase sensitive extension of optical coherence tomography (OCT), 
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which is a clinically accepted, non-invasive imaging modality.  In principle DPC-OCM 

can provide depth-resolved phase images of in vivo cells.   

There are, however, great technical challenges facing in vivo cell imaging with 

DPC-OCM.  Depth-resolved phase imaging requires an accurate phase measurement at 

discrete scattering surfaces in the sample.  If scattering surfaces are within a coherence 

length (function of light wavelength and bandwidth) from one another, the interference 

signal arising from each scattering surface will interfere with each other (speckle).  The 

phase of the recorded fringe signal as well as the position of the scattering surface will be 

undecipherable due the speckle noise.  In order to mitigate this limitiation, greater 

bandwidth optical sources with greater resolving capabilities may be used.             
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Chapter 4. Measurement of Chemical Transport Across 

Individual Cell Membranes Using Optical Path Length 

Imaging and Modeling 

 

 
ABSTRACT 

We present a novel approach to determine cell membrane transport properties 

using optical path length (Φ) images acquired with a differential phase contrast optical 

coherence microscope (DPC-OCM) and a model relating Φ to the forces and flows that 

characterize the transport process.  Experimental dynamic en face cell images provide 

quantitative data from which physical parameters including intra- and extracellular 

chemical concentration and transient cell volume may be derived.  The extracellular 

chemical concentration stimulus is recorded at the same time and position as the 

intracellular response of the cell.    

An original optical path length model (Φ model) is presented which incorporates 

coupling across optical, chemical, and osmotic energy domains.  The Φ modeling 

approach possesses several salient features.  First, the Φ model is insensitive to the initial 

and dynamic changes in the shape of the cell, extending validity of experimental Φ data 

to adherent cells (constant en face area) or cells of unknown geometry.  Second, the Φ 

model is capable of simultaneously obtaining the dry mass (protein) of the cell using the 
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principals of immersion refractometry, obviating the need for independent inactive 

volume fraction measurement using the Boyle-Van’t Hoff technique.        

Hydraulic conductivity, Lp (1.33±1.16 µm/(min*atm)), solute permeability, Ps 

(163±142 µm/min), and inactive volume fraction, Vb (0.13±0.07) were determined for 

human keratinocytes (n=16) at 25 oC.  The measured values of Lp and Vb are similar to 

published data measured with other techniques.  Potential sources of error in the 

calculation of membrane transport parameters and advantages of the Φ modeling 

technique over the conventional approach are discussed. 
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INTRODUCTION 

Accurate measurement of cell membrane transport permeability to water and 

solutes is important in many fields including cryobiology, pharmacology, tissue 

engineering, and, recently, tissue optics.  The conventional optical technique of 

determining cell membrane permeability to water and solute is performed by fitting 

parameters of a theoretical model to experimentally measured en face cell area [44].  

Requisite inputs to the transport model include initial conditions (all species 

concentrations and cell volume), an educated initial guess of the cell membrane 

permeability parameters, and the assumption of a step change in extracellular chemical 

concentration.  The pertinent output generated by the transport model is the change in cell 

volume.  Since only the projected cross-sectional area (en face) is measured, a 

geometrical relationship giving cell volume is necessary.  The most accurate membrane 

permeability parameters (water and solute) are determined by iterating through many 

possible combinations of these parameters until the error between the theoretical cell area 

and the experimentally measured dynamic cell area is minimized.  Figure 4.1 is a block 

diagram of the conventional technique of fitting parameters in the transport model. 
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Figure 4.1.  Block diagram of conventional technique of fitting transport model cell area 

to experimentally determined cell area.  Legend:  White=theoretical model parameters, 

Shaded=experimental parameters. 

 

Drawbacks of this technique include the need for independent determination of 

osmotically inactive volume fraction using the Boyle-Van’t Hoff technique [45] and the 

absence of data on the explicit transmembrane concentration difference of the chemical 

species being transported. Other weaknesses of this technique include the frequently 

employed assumption of a step change in extracellular solute concentration and the 

assumption of a pre-defined geometric relationship between cell area and volume (when 

cell volume is assessed by microscopic observation). 

Seminal research regarding “tissue optical clearing” has shown that hyperosmotic 

agents, including common cryoprotective agents such as glycerol and dimethyl sulfoxide, 
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cause a transient reduction in tissue turbidity.  Proposed mechanisms of this effect 

include tissue dehydration, refractive index matching between the solute and tissue 

ground substance, and structural modification at the molecular level [46-48,7].  Optical 

instrumentation called differential phase contrast optical coherence microscopy (DPC-

OCM) [38,39] has been applied to measure changes in refractive index within and 

surrounding individual cells to better understand quantitatively the optical clearing 

mechanisms.  Refractive index is altered as a direct consequence of the transport of water 

and solute across cell membranes and thus can be applied as an intrinsic marker useful 

for bio-transport experiments.   

Our research team has demonstrated theoretically and experimentally use of 

intrinsic refractive index of water and of solute as an indicator of the osmotic driving 

potential and the molecular flow across individual cell membranes.  The combination of 

experimental Φ images with a model of optical pathlength provides a comprehensive data 

set from which cell membrane transport parameters can be calculated.      
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Φ MODEL THEORY 

Exposure of a cell to an osmotic agent alters the transmembrane chemical driving 

potential, resulting in a flux of chemical species across the cell membrane.  The flux then 

alters the chemical composition of the intracellular media and the cell volume.  The 

refractive indices (n) of the intracellular and extracellular compartments are directly 

dependent on chemical composition.  The quantitative spaciotemporal optical pathlength 

(Φ) of both compartments is a function of their intrinsic refractive index and their 

extrinsic volume, and therefore Φ can be used as a measure of the transport process.   

The optical pathlength measured across a chamber (physical thickness z2-z1) 

containing a cell is the integral product of refractive index and differential thickness (dz) 

of the chamber (Equation 4.1, Figure 4.2a). 

∫
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The optical pathlength integrated over a “control area (Acv)” (Figure 4.2b) 

surrounding the cell results in an effective “optical volume.”  The optical volume divided 

by Acv defines the spatial average intracellular optical pathlength (Φin) (Equation 4.2).     

∫ ⋅Φ=Φ
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in dA
A
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Figure 4.2.  a) Side and b) top view of the chamber containing the cell (shaded).  The 

control volume is shown as a dashed line surrounding the cell. 

 

Φin is dependent on chemical composition and volume of the cell, and 

independent of cell shape.  Unfortunately, it is also dependent on the chemical 

composition and volume of extracellular medium between the cell boundary and the 

“control volume” boundary.  To alleviate this drawback, the effect of extracellular 

medium is removed.  Differential optical pathlength (∆Φ) across the cell membrane is 

calculated by subtracting the extracellular optical pathlength (Φex) from Φin (Equation 

4.3).   ∆Φ is independent of the shape or absolute volume of the control volume, provided 

the control volume completely encloses the cell.      

exin Φ−Φ=∆Φ      (4.3) 
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MATERIALS/METHODS   

Φ Model Forward Algorithm

The Φ model forward algorithm predicts the ∆Φ cellular response to inputs 

including the cell membrane water and solute permeabilities, the initial conditions 

(including all intra- and extracellular concentrations), and the extracellular chemical 

stimulus.   Intermediate calculated variables include dynamic intracellular chemical 

concentration, from which the intracellular refractive index can be determined, and the 

dynamic cell volume.  This data is used to calculate ∆Φ.  The forward Φ model is 

illustrated in Figure 4.3.     

 

Figure 4.3.  Schematic illustration of the forward Φ model. 

 

Several assumptions are built into the forward Φ model.  First, the system is 

composed of four chemical constituents:  water, permeable solute, impermeable solute, 

and protein.  Second, the osmotically inactive volume fraction (Vb) is taken as the 
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volume fraction of protein (Vfpro).  Third, the intra- and extracellular environments are 

well mixed.  Fourth, the surface area of the cell available for transport equals the initial 

surface area of the cell. The model assumes the cell membrane is selectively permeable to 

water and permeable solute, but impermeable to protein and impermeable solute.  

Assuming no interaction between the transport of water and permeable solute, the 

Kedem-Katchalsky transport equations [44] reduce to:   
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Important parameters, their description, values, and units are summarized in the 

Appendix.  Since the chamber volume and control volume are conserved, the volume of 

water and permeable agent that diffuse out of the cell equals the volume of extracellular 

fluid added above or adjacent to the cell.   

The constitutive laws governing this system include the constant refractive index 

(ns) and the constant molar volume (Vs) of each pure substance (s).  Refractive index (n) 

of a mixture is given by the Clausius-Masotti equation [49]:  
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where Ns is the number density of atoms of each chemical constituent and αs is the 

constant polarizability of each constituent. 

Solution of the model requires several input parameters including the initial 

intracellular and extracellular chemical concentrations, which may be calculated using 
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the following constraints.  The cell is initially isoosmotic with its extracellular 

environment and initially contains no permeable solute.  Also, the sum of volume 

fractions of all four chemical species is unity.    

 

Φ Model Inverse Algorithm 

Experimental data and the Φ model inverse algorithm provides a method to 

estimate membrane permeability parameters (Lp and Ps) and osmotically inactive volume 

fraction (Vb).  The inverse solution utilizes the relationships governing chemical 

concentration and refractive index described in the forward Φ model.  Three 

experimentally measurable parameters (Φin(t), Φex(t), and ∆Φ(x,y,t=0)) are input into the 

Φ model.  The Levenberg-Marquart optimization algorithm iterates through many 

possible combinations of Lp, Ps, and Vb until the theoretical ∆Φ provides the best 

correlation with the measured ∆Φ.  The directed iteration process attempts to minimize 

the sum-of-squared error between theoretical and measured ∆Φ.  Figure 4.4 is a block 

diagram of the Φ inverse model.  
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Figure 4.4.   Schematic illustration of the inverse Φ model.  Legend:  White=theoretical 

model parameters, Shaded=experimental parameters. 

 

 Immersion refractometry may be used to measure individual cell dry mass or Vb 

[18].  Conventionally, this technique uses two differential optical path length 

measurements: ∆Φ when the cell is immersed in a low refractive index liquid (like water) 

and likewise when the cell is immersed in a high refractive index nonpermeable liquid 

(like albumin).  The principals of this technique remain valid using a high refractive 

index permeable liquid if the extracellular perfusion and the transport of water and 
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permeable solute are properly accounted for.  Vb is calculated inversely along with Lp 

and Ps since they are all coupled to ∆Φ. 

 The surface area of the cell may be calculated based on Vb and the initial spatial 

distribution of Φ within the cell boundary, assuming protein is well mixed within the cell.     

 

Φ Imaging Using DPC-OCM 

DPC-OCM directly measures a differential phase change which may be converted 

to relative optical pathlength at a given lateral position and time [33,34,38,50].  The 

sample path optics are configured for the specific cell sample preparation as shown in 

Figure 4.5.  Cells are cultured on a glass slide, a latex gasket is applied, and a second 

glass slide (with perfusion inlet and exit ports) is positioned above the gasket.  Two 

clamps apply pressure to the glass slides creating a constant chamber thickness.  Four 

birefringent prisms are used to induce a relative path-length delay between the two 

orthogonal polarization channels.  In this manner, the Ch2 interferogram produced by the 

glass interface above the cell is temporally retarded (axially separated) to occur 

simultaneously with the Ch1 interferogram produced by the glass interface below the 

cell.  The Ch2 interferogram acts as a reference while the Ch1 interferogram passes 

through the cellular sample and extracellular medium, acquiring relevant specimen 

information.  The two coaxial channels (no lateral separation) are reflected from scanning 

mirrors and directed through a high-numerical-aperature (N.A.=1.4) 40X microscope 

objective, producing a 3 µm FWHM beam diameter in the focal plane.  The focal plane 

corresponds with the center of the chamber.  
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Figure 4.5.  (a) Side-view schematic representation of sample preparation.  Arrows 

represent backreflected light which interferes simultaneously.  (b) A-scans reveal the 

light amplitude reflected from the two glass slides and thus provide feedback for  

focusing and adjusting the temporal delay (axial separation) between the two channels.   

   

Phase difference between the two channels, ∆φ=φ2-φ1, rejects common-mode 

phase noise present in both channels.  The optical path length relative to its initial value 

(Φ-Φo) can be calculated from the phase difference with 1 nm resolution by:   

    
π

λφφ
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The DPC-OCM system has a fixed optical integration time which creates a 

tradeoff between the temporal resolution, spatial resolution, field of view, and acquired 

data file size.  Currently 0.25 s is required to scan a 80x90 µm2 area with 3 µm lateral 

resolution, 10 KHz carrier fringe frequency, and 100 KHz sampling frequency.  A 15 s 

scan requires approximately 6 MB of binary data, which must be saved to RAM during 

acquisition.  Increasing scanning speed is desirable for observation of the chemical 
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transport event, but requires increased fringe and sampling frequency (and file size) to 

preserve the integrity of the recorded phase data. 

 

Cell Sample Preparation and Perfusion 

Adherent human keratinocytes HPV16 E6/E7 (ATCC# CRL-2309) were cultured 

on glass optical flats according to ATCC protocol [51].  Glass coverslips were sterilized 

in alcohol and coated with poly-l-lysine to allow cell adhesion.  The cells were grown in 

keratinocyte-serum free medium (Gibco 17005-042) supplemented with 0.05 mg/ml 

bovine pituitary extract and 35 ng/ml epidermal growth factor.  Cells were incubated at 

37 oC with a 5% CO2 in air atmosphere.  Two subculture procedures (two passages) were 

performed prior to experimentation. 

Individual optical flats and adherent cells were rinsed with isotonic saline solution 

to remove debris immediately prior to experimentation.  The cell perfusion chamber was 

assembled as described previously, and perfusate inlet and exit ports were connected to 

their corresponding reservoirs using a 1 mm inner diameter plastic tube.  Isotonic saline 

solution was administered into the chamber for 60 s to remove debris and purge air 

bubbles.  A 20% by volume glycerol solution (2.8M) was administered into the sample 

chamber immediately following saline perfusion via a manual valve.  Perfusion driving 

force was supplied using a gravity pump (approx 1 ft static pressure head).  En face DPC-

OCM video images directly quantify Φ in two spatial dimensions (80x90 µm2) and time 

(15 s). 
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Image Processing 

The Acv boundary was set by manual tracing around the edge of the cell.  Φex was 

calculated using a three-step process.  First, Φ(x,y,t) was cropped within Acv.  Next, a 

new Φ(x,y,t) within Acv was estimated using spline-interpolation of Acv boundary values.  

The Matlab griddata function uses Delaunay triangulation to linearly interpolate interior 

values, and the interpolated surface always goes through the Acv boundary.  Φex was 

calculated by averaging the new interpolated Φ(x,y,t) within Acv in the same manner that 

Φin is calculated.  

Cell surface area is calculated using the three-dimensional cell profile.  First, 

median spatial filtering is applied to smooth the initial Φ image.  Based on the value of 

Vb and the filtered Φ image, cell height is determined for all lateral positions within the 

Acv boundary.  Only values of cell height greater than a threshold amount (1 µm) and 

contained within Acv were considered valid.  The gradient of the spatial distributions of 

cell height was calculated in the x- and y- lateral dimensions.  The cell surface area was 

calculated based on cell height and the height gradient (cell slope).   
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RESULTS 

Φ Model Simulations

 To illustrate utility of the Φ modeling technique several simulations were 

performed using parameter values given in Appendix A.  Variables used in the 

simulations include the water and solute permeabilities (Lp=0.1 and 1, and Ps=10 and 

100), and osmotically inactive protein volume fraction (Vb=0.1 and 0.3).  The surface 

area to volume ratio of the cell was 0.6 µm-1.  The ranges of selected values were based 

on typical values published for other cell types and solutes [14-15].  Φex experimental 

data was used as the input osmotic stimulus for the simulations (Figure 4.6).  

Φex [nm] 

Figure 4.6.  Φex vs t

initial state, t2 imme

with glycerol. 
 

t1 t2 t3
 

 

ime.  The three markers, t1-t3, indicate times corresponding to: t1 

diately after perfusion with glycerol, t3 equilibrium after perfusion 
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 The simulated ∆Φ response of the cell (Figure 4.7) is normalized by dividing by 

its initial value and therefore independent of absolute cell volume.  Initially (t1) ∆Φ is 

positive because the isoosmotic cells contain high refractive index protein.  Immediately 

after perfusion with glycerol (t2) ∆Φ is reduced and can even become negative since the 

refractive index of water within the cell is much less than the high refractive index of 

extracellular glycerol.  When the cell reaches an equilibrium state after perfusion with 

glycerol (t3) the intracellular and extracellular concentrations are again isoosmotic.  The 

reason ∆Φ does not return to its initial value is because refractive index of isoosmotic 

fluid (n=1.4) is closer to refractive index of osmotically inactive protein (n=1.54).  The 

value ∆Φ approaches at t3 (86%) is defined by the ratio of differential refractive index 

between protein and isotonic fluid in the perfused and initial states (equation 4.8).   
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   (4.8) 

 

Figure 4.7.  Simulated ∆Φ response (normalized) as a function of input variables Lp, Ps, 

and Vb.  Vb=0.1 (left) and Vb=0.3 (right).   
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Φ Model Inverse Solution Using Experimental Data 

DPC-OCM was successfully employed to observe transmembrane chemical 

transport resulting from application of a 20% by volume glycerol solution to adherent 

human keratinocytes.  En face video images directly quantify Φ(x,y,t) as depicted in 

Figure 4.8.  These images were analyzed to obtain the ∆Φ excursion which is presented 

in Figure 4.9. 

 

  t1    t2    t3 

Figure 4.8. Φ images [nm] vs. time (t1-t3) corresponding with the markers in Figure 4.6.  

Field of view is 80x90 µm2.  

 The inverse Φ model was fit to the ∆Φ experimental data as illustrated in Figure 

9, yielding values for the membrane permeability parameters and the volume fraction of 

protein.  Hydraulic conductivity, Lp (1.33±1.16 µm/(min*atm)), solute permeability, Ps 

(163±142 µm/min), and inactive volume fraction, Vb (0.13±0.07) were determined for 

human keratinocytes (n=16) at 25 oC.    A summary of individual results is presented in 

Table 4.1.  Initial guesses for Lp, Ps, and Vb were 1 µm/(min*atm), 100 µm/min, and 

0.2, respectively.  For all analyses, the Levenberg-Marquart optimization algorithm 

converged on a solution prior to 100 iterations.       
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∆Φ  

Figure 4.9.  ∆Φ (normalized) experimental data and best-fit model data.   

Table 4.1.  Experimental Results and Published Parameter Values 

Sample number: Lp Ps Vb surface area  initial volume  SA/volume 

   [um/min/atm]  [um/min]   [um^2] [um^3]  [1/um] 

1 0.75 155 0.10 3633 8648 0.42 

2 2.23 506 0.13 825 2550 0.32 

3 0.99 92 0.22 720 1106 0.65 

4 1.32 113 0.12 1547 4168 0.37 

5 1.20 188 0.07 2260 7543 0.30 

6 3.82 449 0.11 3322 13253 0.25 

7 0.72 13 0.09 846 2731 0.31 

8 2.59 133 0.05 3385 12896 0.26 

9 2.56 49 0.16 905 2687 0.34 

10 2.87 266 0.07 1754 6666 0.26 

11 0.01 59 0.27 173 373 0.46 

12 0.07 103 0.19 355 711 0.50 

13 0.61 53 0.07 2488 8776 0.28 

14 0.01 56 0.17 846 1928 0.44 

15 0.20 115 0.25 209 711 0.29 

16 1.31 261 0.08 2487 7019 0.35 

mean 1.33 163 0.13 1610 5110 0.36 

standard deviation 1.16 142 0.07 1179 4252 0.11 

              

Published Values:           reference 

human keratinocyte 0.19   0.17     [52] 

hamster fibroblast 0.70         [53] 

human chondrocyte   0.92       [54] 

human spermatozoa   15.4       [55] 
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DISCUSSION  

 The large standard deviation of our experimentally measured parameter values 

may be attributed to variability in keratinocyte maturation.   As keratinocytes mature, 

they undergo the process of cornification.  Highly cornified keratinocytes, called 

corneocytes, compose the outer layer of the epidermis, the stratum corneum.  The stratum 

corneum provides the barrier function of skin, and as such has a very low water and 

solute permeability compared with deeper skin layers.  Published values of Vb=0.17 and 

Lp=0.0375 µm/(min*atm) are reported for human keratinocytes at 0 oC [52].  

Extrapolation with the Arrhenius relationship gives Lp=0.19 µm/(min*atm) at 25 oC.  

Chinese hamster fibroblasts in the presence of 0.5 M glycerol were reported to have 

Lp=0.70 µm/(min*atm) at 25 oC [53].  Glycerol permeability of human chondrocytes is 

Ps=0.92 µm/min [54], while that of human spermatozoa is Ps=15.4 µm/min [55]. 

The conventional method of determining cell membrane permeability parameters 

utilizes only one experimentally measured parameter, namely en face cell area, and the 

assumption of constant cell shape (usually spherical).  This technique works well if the 

assumption of cell shape is accurate, and therefore spherically shaped cells in suspension 

are often used.  Several drawbacks are recognized when using non-adherent cell 

specimens for cell membrane transport experiments.  First, cell membrane transport 

properties of adherent and suspended cells may differ.  Adherent cell properties are 

though to better represent in vivo properties.  Second, the extracellular perfusate flow rate 

must be limited to prevent washing away of cells, prohibiting the desirable administration 

of a step change in extracellular solution concentration.   
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 Several benefits are evident when comparing the Φ method over the conventional 

method.  Most importantly, the Φ method utilizes three independent experimentally 

measured parameters (Φin, and Φex, and Φ(x,y,t=0) within the cell boundary) resulting 

from both the chemical driving force and flow responsible for the dynamic event.   The Φ 

method works for unknown or irregularly shaped cells since no relationship between cell 

en face area and volume is required.  The initial cell surface area may be calculated using 

the initial Φ spatial distribution.  The extracellular solution concentration in direct contact 

with an individual cell can be explicitly measured and therefore the conventional 

assumption of a step change in concentration is not required.  Also inconsequential is if 

the transport of intracellular water or solute out of the cell effects the extracellular 

environment.  The Φ model is capable of simultaneously obtaining the dry mass (protein) 

and Vb of the cell using the principals of immersion refractometry, obviating the need for 

independent inactive volume fraction measurement using the Boyle-Van’t Hoff 

technique.  Experimental data may potentially be processed more accurately and quickly 

since no automated or manual edge detection of the cell is required (provided no portion 

of the dynamic area of the cell ever extends beyond the control volume).  

Optimal conditions for observing a large Φ excursion includes cells that lose a 

large amount of water in response to the transport process.  The Φ excursion is also 

greater when the permeable solute has a very different refractive index than water 

(n=1.33).  This condition is true for many hyperosmotic agents of interest such as 

glycerol (n=1.47), dimethyl-sulfoxide (n=1.45), and polyethylene glycol (n=1.46).  High 
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concentrations of permeable and/or impermeable solute increase the dynamic range of Φ, 

which is proportional to refractive index and therefore to solute concentration.   

Experimental data and the theoretical model did not correspond well for all 

samples in the equilibrium state after perfusion with glycerol (e.g. Figure 4.9).  This 

result is likely due to error in the Φ analysis technique which may arise due to the 

assumption that the protein volume fraction is osmotically inactive.  A portion of the 

protein may be osmotically active, and a better fit of the model to experimental data is 

possible if properly accounted for. 

Several fundamental experimental error sources may adversely affect quantitative 

Φ images, depending on conditions of the DPC-OCM system and the cellular sample.  

The data and results presented in this paper are believed to be unaffected by these types 

of fundamental error since the conditions for causing error were not present, nor were 

characteristic signs of error.  Nevertheless, it is useful to illustrate potential error sources 

and their characteristic signs.  In additional experiments not presented in this paper, cells 

were reperfused with saline following loading with glycerol, and we believe these 

fundamental error sources adversely affected measured Φ images.  

One fundamental error source is “speckle” [43] caused by interference of discrete 

scatterers separated by less than a coherence length (~25 µm).  If an undesirable 

interference signal is produced within or at the top surface of the cell, this interferogram 

may interfere with one or both of the signal channels (Ch1 or Ch2, figure 4.6).  This 

potential error source may be eliminated by mechanically isolating the signal channels 

from reflections that may originate from within the cell. 
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Another fundamental error source is phase averaging over the finite width of the 

interrogating optical beam.  This effect introduces a greater artifact if the cell has steep-

sloping sides and/or large intracellular refractive index.  If the sample induces a phase 

field over the beam spot with values ranging greater than 2π, the detected phase will be 

an average of the 2π modulus of the actual phase field (Figure 4.10).  This potential 

artifact may be reduced by decreasing the beam diameter. 
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A fourth fundamental error source may arise if the cellular sample is birefringent, 

nonuniformly retarding the polarized light passing through the cell at different spatial 

locations.  This is a fundamental limitation of a polarization sensitive DPC-OCM and 

cannot be eliminated in the current implementation. 
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CONCLUSION 

A Φ model was engineered relating optical path length to the transport of 

chemical species across cell membranes.  DPC-OCM was utilized to acquire 

experimental Φ video images during osmotic challenges of 16 human keratinocytes at 25 

oC.  Lp (1.33±1.16 µm/(min*atm)), solute permeability, Ps (163±142 µm/min), and 

inactive volume fraction, Vb (0.13±0.07) were determined using the experimentally 

acquired Φ images and the inverse Φ transport model.   

The Φ experimental/modeling technique possesses several salient features over 

the conventional transport modeling technique.  First, the Φ method works for unknown 

or irregularly shaped cells.  Second, the Φ model is capable of simultaneously obtaining 

the dry mass (protein) of the cell using the principals of immersion refractometry, 

obviating the need for independent inactive volume fraction measurement using the 

Boyle-Van’t Hoff technique.  Third, the extracellular solution concentration in direct 

contact with an individual cell can be explicitly measured and therefore the conventional 

assumption of a step change in concentration is not required. 

Potential error sources in both the experimental and model components of the 

transport parameter estimation technique have been identified.  Future improvements 

should yield more consistent and accurate values of water and solute permeabilities and 

protein volume fraction since the likely error sources do not appear to be fundamental 

limitations.   
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Chapter 5.  Dehydration Mechanism of Optical Clearing  

in Biological Tissue  

 
 

 
ABSTRACT 

 Dehydration induced by evaporation or osmotic stimuli such as hyperosmotic 

chemical agents appears to be a primary mechanism of optical clearing in collagenous 

and cellular tissue.  OCT and photographic images indicate that air-dried skin and tendon 

samples are as transparent as hyperosmotic agent treated samples.  In addition, skin 

immersed in high refractive index DMSO does not optically clear as predicted by the 

hypothesized refractive index matching mechanism. TEM images reveal that dehydration 

causes individual scatterers (collagen fibrils and organelles) to become more closely 

packed, but does not cause a noticeable change in scatterer size.  Rayleigh-Gans theory 

predicts this ultrastructural change contributes substantially to optical clearing.   
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INTRODUCTION 

Tissue Optical Clearing 

The response of tissue to hyper-osmotic agents is a reduction in light scattering 

and corresponding increase in optical clarity.  “Tissue optical clearing” permits delivery 

of near-collimated light deeper into tissue potentially improving the capabilities of optical 

diagnostic and therapeutic applications. 

Numerous scientific publications discuss advantages and methods of tissue optical 

clearing using hyper-osmotic agents [1-3], yet understanding of the mechanisms of 

clearing remains incomplete. Three hypothesized mechanisms of light scattering 

reduction induced by hyper-osmotic agents include:  1) dehydration of tissue constituents 

[1,2], 2) replacement of water (interstitial or intracellular) with an agent that better 

matches the higher refractive index (n) of the proteinaceous structures [1,2], and, 3) 

structural modification or dissociation of collagen [7].  The refractive index matching 

mechanism (#2) requires dehydration (#1), but is unique due to its additional feature: 

repacement of water with agent.  These and other unknown dynamic mechanisms may be 

working synergistically or antagonistically with different relative contributions.  

Additionally, each hyperosmotic agent may optically clear tissue by some unique 

combination of mechanisms.  

The three hypothesized tissue clearing mechanisms result from the transient 

transport of water and/or hyper-osmotic agents in response to chemical concentration 

gradients.  Hyperosmotic agents alter the scattering properties of tissue through changes 

to: 1) scatterer refractive index, 2) scatterer bathing media refractive index, 3) scatterer 
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size, 4) scatterer shape, and 5) scatterer packing density (volume fraction, φ).  All 

parameters experience a controlled transient excursion dependent on the tissue (cells 

and/or collagen) permeability to water and hyperosmotic solute [11-14].  This paper 

explores in detail the effects of tissue dehydration on scatterer bathing media refractive 

index and scatterer packing density.  

The purpose of this paper is twofold:  1) to provide evidence supporting our claim 

that tissue dehydration is a primary mechanism of tissue optical clearing, and 2) to 

explain how this mechanism functions to reduce scattering.  The first aim will be 

accomplished by measuring optical scattering changes between native and dehydrated 

tissue states using optical coherence tomography (OCT) and transmission/reflection 

photography.  Specifically, we will compare tissue clearing efficacy between 

hyperosmotic agent induced dehydration (which also causes refractive index matching) 

and evaporative dehydration (which isolates this mechanism of clearing).  The second 

aim will be accomplished in two parts.  First, changes in tissue ultrastructure due to 

dehydration are determined using transmission electron microscopy (TEM) and simulated 

using a cell membrane transport model.  Second, Rayleigh-Gans modeling is used to 

simulate light scattering effects due to tissue refractive index and ultrastructural changes.  

 

Origins of Light Scattering in Tissue  

To understand the mechanisms of reduced scattering following application of a 

hyperosmotic solute, the origins of tissue scattering must first be known.  Scattering 

results from the interaction of light with the nonisotropic refractive index of a material.  
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The spatial refractive index distribution of a material specifies the magnitude and 

direction of scattered light of a given wavelength.  Although Mie theory has successfully 

predicted scattering properties of cells and other scatterers in living tissue [22,56-58], the 

theory is only applicable to spheres.     

The Rayleigh-Gans approximation to Mie theory is suitable for arbitrarily shaped 

particles that have a size comparable to the wavelength of the scattered light [59,60].  The 

Rayleigh-Gans equation (Equation 5.1) expresses reduced scattering cross section (σs’ 

[cm2]) as a function of scattering particle radius (r), scattering particle refractive index 

(nin), surrounding medium refractive index (nex), and wavelength of light in vacuum (λ):  
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For materials such as tissue composed of densely packed scatters (volume 

fraction, φ>0.5) the reduced scattering coefficient (µs’ [cm-1]) is related to the reduced 

scattering cross section by [58,61]: 
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The quadratic relationship between φ and reduced scattering coefficient is plotted in 

Figure 5.1.  From this relationship, it is obvious that maximum scattering occurs for a 

scatterer volume fraction equal to 0.5.  

 

Figure 5.1.   Relationship between reduced scattering coefficient, µs’, and scatterer 

volume fraction, φ.   

 

Equations 1 and 2 are used to simulate reduced scattering coefficient as a function 

of scatterer radius (0<r<1 µm) at two different wavelengths (Figure 5.2). The 

wavelengths chosen for this analysis represent diagnostically [fluorescence microscopy 

(0.5 µm) and OCT (1.3 µm)] and therapeutically relevant wavelengths.  The reduced 

scattering coefficient is assumed independent of the absorption coefficient (which is 

much smaller than the scattering coefficient at these wavelengths).  Reasonable values of 

refractive index ratio m=1.05 [58] and volume fraction φ=0.5 [62] are used for this 

simulation.   For the wavelengths considered, reduced scattering coefficient is maximum 

for particles with a radius of about λ/5.  Scattering decreases sharply for smaller scatterer 
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radii, and decreases more gradually for larger radii.  Results computed from other light 

scattering models such as the finite difference time domain (FDTD) method [63,64] are 

consistent with these observations.   

 

Figure 5.2.  Reduced scattering coefficient vs. scatterer radius for a visible and a 

near-IR wavelength. 

 

Biological tissue consists of cells and collagen and contains numerous highly 

scattering sub-micron sized scatterers.  Furthermore, these sub-micron sized scatterers 

occupy a large volume fraction of the tissue (φ=0.2-0.5).  For example, consider the 

organelles constituting a typical hepatocyte as shown in the TEM image of Figure 5.3 

[62].  All of the intracellular organelles (with the exception of the nucleus) have a radius 

less than 0.5 µm.  The percent volume fraction and radius of the main intracellular 

organelles are listed in Table 5.1.  The radius is listed only for organelles with an 

approximately spherical shape.    
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Figure 5.3.  Electron micrograph of part of a hepatocyte seen in cross section.  Several 

intracellular organelles are indicated [62]. 

 

Table 5.1.  Hepatocyte organelle size and volume fraction [62] 

Intracellular  Compartment Percent of total cell volume Approximate number per cell Approximate radius (um) 

Cytosol 54 -  - 

Mitochondria 22 1700 0.5 

Rough ER cisternae 9 -  - 

Smooth ER cisternae plus Golgi cisternae 6 -  - 

Nucleus 6 1 4.2 

Peroxisomes 1 400 0.3 

Lysosomes 1 300 0.3 

Endosomes 1 200 0.4 
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MATERIALS AND METHODS  

Optical Clearing Experiment  

The first aim of this paper is supporting our hypothesis that dehydration is a 

primary mechanism of optical clearing with hyperosmotic agents.  Evidence to support 

this claim includes OCT and photographic images which provide a quantitative measure 

of light scattering from tissue dehydrated by: 1) evaporation (no application of agents), 

and 2) application of hyperosmotic agents including glycerol and dimethyl sulfoxide 

(DMSO).  Evaporation isolates the dehydration mechanism of optical clearing from the 

other proposed mechanisms (i.e., refractive index matching by agents or structural 

modification of collagen).  If evaporation is as successful at reducing light scattering as 

the hyperosmotic agents, then dehydration may be the dominant mechanism of tissue 

optical clearing.   

We must emphasize, however, that refractive index-matching may occur as a 

consequence of the mechanism of dehydration, and the two cannot be physically 

uncoupled.  As water is removed from tissue, proteoglycans and suspended proteins 

become more concentrated and refractive index of the interstitial or intracellular fluid 

increases and more closely matches that of the proteinaceous structure (e.g. collagen, 

membranes).  This type of refractive index matching is due to native agents and a passive 

process, and we wish to discern it from index matching due to foreign hyperosmotic 

agents intentionally introduced to the tissue.          

Tissue samples included in our study are rat skin and rat-tail tendon.  Skin is a 

clinically relevant sample and rat-tail tendon is analyzed because of its known structure 
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and availability.  Both samples are obtained from a euthanized adult rat.  All animals 

used in this study are cared for according to IACUC guidelines.  

Dorsal sections of full-thickness rat skin (approx 4 cm2 each) are placed in 

separate glass vials containing either anhydrous glycerol or anhydrous DMSO.  An 

adjacent tissue sample is allowed to dehydrate in air.  At nine time points up to 100 hrs 

samples are weighed and a photographic image is recorded of each sample placed above 

an opaque ruler functioning as a visible light transmission mask.  Samples are epi- and 

trans-illuminated simultaneously with visible light and photographed using an Olympus 

C-3040 digital camera.  The samples are otherwise kept undisturbed at room temperature.   

Individual tail tendon fascicles are imaged with phase contrast microscopy (10X, 

Ph1 objective) in native and dehydrated states.  The native sample is immersed in 

isotonic saline solution to prevent dehydration.  Dehydration stimuli are immersion in 

anhydrous glycerol and air.  The sample immersed in glycerol is imaged after 10 min 

exposure.  The air-dried sample is exposed to air for 30 min and immersed in glycerol 

immediately prior to imaging.  Glycerol immersion provides an index matching media for 

the bulk fiber, but is too brief to alter scattering properties within the fiber. 

Individual tendon fascicles are imaged with an optical coherence tomography 

(OCT) system operating at 820 nm while exposed to a dehydration stimulus.  The first 

tendon fiber is immersed in glycerol and imaged for 16 minutes.  A second tendon fiber 

is exposed to room air for a period of 2.5 hours. OCT images allow measurement of two 

dynamic metrics including: 1) cross sectional diameter of tendon fascicle, and 2) intensity 

of light scattering. 
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Tissue Ultrastructural Imaging with TEM 

The second aim of this paper is to investigate the dehydration mechanism of 

optical clearing.  The first task in completing this aim is inspection of ultrastructure of 

native and dehydrated tissue (due to both chemically and evaporatively induced 

dehydration) using transmission electron microscopy (TEM).  

Lateral resolution of any light based imaging technique (including OCT) is 

diffraction limited and unable to reveal structural information of nanometer-sized 

particles responsible for light scattering.  Light scattering structures must be resolved to 

understand the scattering reduction mechanisms of optical clearing.  Therefore, TEM 

imaging with 5Å resolution was used to reveal the ultra-structural changes in tissue 

following immersion in a hyperosmotic agent or evaporation.   

Samples include both rat-tail tendon fibers and rat hepatocytes.  Rat-tail tendon 

was studied because it is composed of Type I collagen, the primary constituent of human 

skin (dermis). The advantage of using tendon as an experimental specimen is that 

collagen fibers are arranged parallel along the tendon axis, unlike the more random fiber 

orientation in skin.  The orderly fiber array facilitates specimen orientation prior to 

embedding and perimits ultra-sectioning perpendicular to the fiber axis.  Hepatocytes are 

used in lieu of more clinically relevant epidermal keratinocytes because of the difficulty 

in separating epidermal keratinocytes from dermis.  In addition, liver is a homogeneous 

cellular structure while epidermis is an inhomogeneous cellular structure composed of 

differentiated keratinocyte layers.  
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Rat-tail tendon fascicles are cut into 2 cm long sections and liver is cut into 1mm3 

cubes.  Both specimens are immediately submerged into solutions of one of the following 

hyperosmotic agents: 1) anhydrous glycerol, 2) glycerol in 50% dilution with phosphate 

buffered saline solution 3) dextrose solution (3 g/ml), or 4) anhydrous DMSO. Agent-

treated samples are removed from respective solutions after 20 minutes and excess agent 

is removed by placing the tissue specimens onto filter paper. Air-dried samples dehydrate 

in air for 2 hours.  All specimens, including a control, are then fixed in 5% 

gluteraldehyde in Hepes buffer at pH 7.2 for one hour and later embedded in resin 

according to the following protocol for TEM ultramicrotomy [65].  

After primary fixation, the samples are washed three times with HEPES buffer 

(pH 7.2) solution at 4°C for 1 hour each, with at least one wash held overnight. Buffer 

washing removes excess gluteraldehyde prior to secondary fixation with buffered 2% 

osmium tetroxide for 2 hours, followed by three de-ionized water washes of 1 hour each. 

Fixation minimizes ultrastructural modification that may be induced by necessary 

subsequent sample preparation dehydration.  Tissue dehydration is achieved by ethanol 

washing in gradually increased ethanol concentrations of 30%, 50%, 75%, and twice with 

dry absolute ethanol for more than 15 minutes each step.  After dehydration of the tissue 

specimen, propylene oxide is infiltrated as a transitional solvent in three 10-minute 

changes.  

During the final steps of tissue embedding, a medium-hardness formulation of 

EmBed-812 resin with DMP30 accelerator is gradually added to the samples in propylene 

oxide until a pure resin mixture is obtained. This process is done over the course of 4 
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days on a slow tissue rotator in closed glass vials. After the first exchange of 100% 

EmBed-812, the samples are left overnight on the rotator in opened vials (to evaporate 

the remaining propylene oxide) and then exchanged with freshly-made resin in BEEM 

capsules. These are polymerized after 14 hours in a 60°C oven.  After trimming and 

orientation of the fibers in the block by razor blade and glass knives, ultra thin tissue 

sections are cut 70 to 100 nm thick by a Leica UCT ultramicrotome perpendicularly to 

the collagen fiber orientation with a Diatome 45 degree diamond knife. Tissue sections 

are then positively post-stained with uranyl acetate (2% aqueous solution) by placing 

TEM grids with tissue samples onto a droplet of the stain for 15 minutes.  

Stained and unstained tissue sections are imaged with an AMT Advantage HR 

digital camera at magnifications of up to 28,000x on an FEI EM208 TEM at 80kv.  For 

consistency, images are recorded near the center of each fascicle. Quantitative digital 

image processing is performed using “ImageJ” software on a SuSE linux computer to 

obtain cross-sectional area fraction of the fibrils.  Area fraction is the ratio of cross-

sectional area occupied by fibers to the total image area.  One representative image from 

each experimental trial is analyzed.   

 

Rayleigh-Gans Scattering Predictions  

The second part of explaining the dehydration mechanism of tissue optical 

clearing is relating tissue ultrastructural changes and refractive index changes to 

alterations in light scattering using the Rayleigh-Gans model.  Cell membrane water and 

glycerol transport was previously investigated in chapter 4 yielding a model relating 
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dynamic refractive index and volume excursion.  This information will be integrated with 

tissue ultrastructural information gathered from TEM to provide necessary input 

parameters to the Rayleigh-Gans light scattering model.   

Refractive index and cell volume excursion of keratinocytes was previously 

investigated using DPC-OCM and a cell membrane transport model (chapter 4).  This 

model and the membrane permeability parameters determined in chapter 4 permit 

investigation of the dynamic excursion of cytosol refractive index and organelle volume 

fraction for different extracellular osmotic stimuli.   

Dynamic excursion of cytosol refractive index and organelle (scatterer) volume 

fraction combined with cellular ultrastructural information, refractive index of organelles, 

and several necessary assumptions will provide reasonable input to the Rayleigh-Gans 

light scattering model.  First, a model cell is constructed which satisfies measured and 

published tissue ultrastructural and refractive index conditions.  The Clausius-Masotti 

relationship between refractive index of a mixture and its constituents is also satisfied for 

the following conditions [49].  The cytoplasm (n=1.37 [20]) consists of organelles 

(φ=0.25 [62], n=1.42 [22]) and cytosol (φ=0.75, n=1.35 [19]). The organelles are 

composed of water (φ=0.14, n=1.33) and dry protein (φ=0.11, n=1.54 [66]) and have a 

radius of 0.5 µm.  The cytosol is composed of free water  (φ=0.58, n=1.33), dry protein 

(φ=0.08, n=1.54), and protein-bound water (φ=0.09, n=1.33).  The total dry protein 

volume fraction follows as 0.11+0.08=0.19 which is similar to the protein volume 

fraction measured in chapter 4.  Initial cellular constituent volume fractions are shown in 

Figure 5.4.   
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Figure 5.4.  Initial cellular constituents and their volume fraction. 

 

Refractive index and size of the organelles is assumed to remain constant during 

the transient transport process.  The only two parameters allowed to dynamically change 

are the cytosol refractive index and the organelle volume fraction.   Organelles and 

cytosolic protein (with an equal volume of bound water) are impermeable to the cell 

membrane.    As such, the osmotically inactive volume fraction in this model includes the 

organelles and the cytosolic protein and bound water.  The cell membrane hydraulic 

conductivity and glycerol permeability are 1.31 µm/(min*atm) and 159 µm/min, 

respectively.    The osmotic stimulus investigated is 2.8 M glycerol solution (20% 

volume).  
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RESULTS 

Optical Clearing Experiment 

Optical clearing efficacy is qualitatively assessed by photographic and OCT 

imaging.  Photographic images of rat skin demonstrate various degrees of reduced visible 

light scattering resulting from exposure to hyperosmotic agents and evaporation (Figure 

5.5).  Tissue is placed over glass and an opaque ruler and trans- and epi-illuminated. 

Lighter regions of tissue over the glass and darker regions of tissue over the opaque ruler 

indicate increased transmission and decreased reflectance, respectively.  The DMSO 

treatment shows very little decrease in native tissue turbidity.  Air-drying after 50 hrs 

clears approximately as well as glycerol. 

The ratio of transmittance to reflectance of a tissue qualitatively describes its 

scattering properties.  A high ratio corresponds to low scattering.  Transmittance to 

reflectance ratio (T/R) is quantitatively analyzed for each dehydrated sample by 

determining the ratio of average intensity of the bottom one-third of each image to the top 

one-third of each image.  T/R is plotted as a function of time and as a function of 

normalized tissue mass in Figure 5.6.   

Tissue mass decreases exponentially versus time for all dehydration stimuli, but 

the time constant for the dynamic event increases and the equilibrium state decreases for 

DMSO, glycerol, and air, respectively.  T/R for glycerol and air-exposed skin reaches an 

equilibrium value approximately three times greater than that for DMSO, and the time 

constant for this dynamic event increases for DMSO, glycerol and air, respectively.  

Accordingly, T/R is inversely proportional to mass as shown in Figure 5.6c.     
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                   DMSO      GLYCEROL  AIR 

0 hr    

0.5 hr 

 

   

3 hr    

6 hr    

12 hr    

24 hr    

50 hr    

74 hr    
 
Figure 5.5.  Photographic images of rat skin exposed to:  DMSO (left column), glycerol (middle 
column), and air (right column).  Corresponding times are listed for each row.  
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   a.      b. 

 

   c. 

Figure 5.6. a) Normalized dynamic tissue mass.  b) Normalized dynamic 

transmissivity/reflectivity ratio.  c) Normalized dynamic transmissivity/reflectivity ratio 

versus normalized dynamic tissue mass. 

 

Rat-tail tendon exposure to glycerol and dehydration in air causes similar changes 

in optical properties.  Although the tendon fascicle exposed to glycerol optically clears 

more rapidly than the air-dried sample, at equilibrium they appear equally transparent.  

See Figure 5.7.   
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  a.    b.    c. 

Figure 5.7.  Photographic images of rat-tail tendon a) native, b) glycerol treated 

for 10 min, c) dehydrated in air for 30 min. 

     

OCT M-scan images of tendon fascicle exposed to glycerol and air are shown in 

Figure 5.8 a and b.  An M-scan is a time sequence of depth scans into tissue at a single 

lateral position.  The x-axis of each image represents time of image acquisition, and y-

axis represents scan depth.  Back-scattered light intensity [dB] is plotted as a function of 

time and depth.  Initially, after exposure to glycerol or air, backscattered light from the 

fascicle is large because it is highly turbid.  At early times, multiple light scattering is 

evident as signal in M-scan images from beneath the bottom surface of the tendon. 

Multiply scattered light undergoes a longer optical path length and is therefore 

erroneously interpreted as backscattering from a greater depth. Multiple light scattering at 

early times causes the bottom surface of the tendon fiber to appear blurry and introduces 

error in the measurement of fiber diameter.   

Beneath each M-scan image is corresponding analysis of the dynamic fiber 

diameter and back-scattered light intensity integrated over the fiber thickness.  Glycerol 

and air exposure cause similar responses in scattering and diameter, although the 
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response due to glycerol is approximately an order of magnitude faster.  The time 

constant for scattering reduction and fiber shrinkage due to glycerol and air exposure is 

approximately 2 min and 20 min, respectively.  With either dehydration stimulus, 

scattering increases slightly and then exponentially decays to near 5% of its original 

value.  Similarly, diameter exponentially drops to approximately 75% of its original value, 

corresponding to a 55% decrease in cross sectional area.       

 

   a.      b. 

 

   c.      d. 
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   e.      f. 

Figure 5.8.  a) OCT M-scan image (850 nm) of a single rat-tail tendon fiber first exposed 

to: a) 100% glycerol and b) air.  Percentage of original integrated light intensity over 

fascicle thickness due to exposure to: c) 100% glycerol, and d) air.  Cross sectional area 

change of fascicle due to exposure to: e) 100% glycerol, and f) air.   

  

 
Tissue Ultrastructural Imaging with TEM 

TEM images reveal higher collagen fibril packing densities (area fraction) in the 

dehydrated tendon samples vs. the native sample. Images of the collagen fibril 

distribution are shown in Figure 5.9 including: a) native rat-tail tendon fibrils, b) tendon 

exposed to anhydrous glycerol for 5 minutes, and c) tendon dehydrated in air for 2 hrs.  

Individual fibrils are easily visible in the native image, but are less discernable in the 

dehydrated samples.  Although a distribution of individual fibril diameters is clearly 

evident in each image, fibril diameter appears to be relatively unaffected by exposure to 
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glycerol or air.  The largest, approximately 200 nm diameter fibrils account for the 

majority of the total fibril area fraction.     

 

  a.    b.    c. 

Figure 5.9.  28,000X TEM images of rat-tail tendon a) native state, b) exposed to 

anhydrous glycerol for 5 min, and c) dehydrated in air for 2 hrs.  Scale bar=500nm. 

 

A quantitative summary of the computational TEM image analysis of tendon 

samples is shown in Figure 5.10.  All dehydrated rat-tail tendon samples show a 

significant reduction of fibril area fraction.  Air-dried tendon causes the greatest increase 

in packing density.  Different hyperosmotic agents cause different degrees of increased 

fibril area fraction, but all gave at least a 16% increased area fraction compared to native 

tissue.   
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Figure 5.10.  Tendon fibril area fraction resulting from exposure to different optical 

clearing agents. 

 

TEM images of rat hepatocytes reveal higher intracellular organelle packing 

densities (area fraction) in the dehydrated samples vs. the native sample. Images of the 

cell in cross-section are shown in Figure 5.11 including: a) native sample, b) sample 

exposed to glycerol for 10 minutes, and c) sample dehydrated in air for 2 hrs.  Individual 

organelles of different sizes are easily visible in all images. Comparison of glycerol and 

air-dehydrated samples with the native sample shows noticeably higher organelle packing 

density. Organelle diameter and area fraction are not quantitatively analyzed. 
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  a.    b.     c. 

Figure 5.11.  5600X TEM images of rat hepatocytes a) native, b) dehydrated in glycerol 

for 10 min, c) dehydrated in air for 4 hrs.  Scale bar=2 µm. 

 

Rayleigh-Gans Scattering Simulations  

Effects of tendon and cellular ultrastructural changes on reduced scattering 

coefficient are determined using measured TEM images and the Rayleigh-Gans scattering 

model.  Volume fraction of tendon fibrils and hepatocyte organelles increased from 

approximately 0.65 to approximately 0.90 due to osmotic and evaporative dehydration 

while scatterer diameter was unaffected.  Assuming the refractive index ratio between 

fibrils and surrounding fluid remains constant, increased volume fraction corresponds 

with a 60% decrease in reduced scattering coefficient (Equation 5.2, Figure 5.1).       

Using the cell membrane transport model, dynamic excursion of refractive index 

ratio and scatterer volume fraction are calculated for a 2.8 M glycerol osmotic stimulus.  

Dynamic refractive index ratio and scatterer volume fraction and their corresponding 

influence on reduced scattering coefficient are presented in Figure 5.12.    Refractive 
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index ratio decreases substantially from approximately 1.05 to 1.02, effectively reducing 

scattering.  Organelle volume fraction increases minimally from 0.25 to 0.3 for a transient 

period, minimally increasing scattering.  The net effect of these two phenomenon are a 

substantial and prolonged decrease in reduced scattering coefficient.  The result of this 

experiment indicates refractive index matching due to the presence of glycerol in the cell 

is the dominant mechanism of cellular optical clearing.       

 

 

Figure 5.12.  a) Dynamic refractive index of cytosol, b) dynamic refractive index ratio, c) 

dynamic organelle (scatterer) volume fraction, and d) resulting dynamic excursion of 

reduced scattering coefficient due to the previous parameters.   
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DISCUSSION 

Dehydration induced by evaporation or osmotic stimuli such as hyperosmotic 

chemical agents appears to be a primary mechanism of optical clearing in collagenous 

and cellular tissue.  Evidence to support this claim includes OCT and photographic 

images which indicate that air-dried skin and tendon samples are nearly as transparent as 

their hyperosmotic agent-treated counterparts (Figures 5.5, 5.7, and 5.8).  In addition, 

skin immersed in high refractive index DMSO (n=1.47) does not optically clear as 

predicted by the hypothesized refractive index matching mechanism.      

Optical clearing effectiveness of an individual hyperosmotic agent may be 

attributed to its ability to dehydrate tissue.  For example, glycerol dehydrates and 

optically clears tissue very successfully while DMSO poorly dehydrates and does not 

optically clear tissue.  Evaporative dehydration dehydrates and optically clears skin as 

effectively as glycerol, although the process is slower.  Refer to Figures 5.5 and 5.6.  An 

explanation for glycerol’s ability to dehydrate tissue to a greater extent than DMSO may 

be its lower permeability.  As agent permeability in tissue increases, agent diffusion into 

tissue may approach the rate of water removal.  Once water and agent concentrations 

within and exterior to the tissue are equal, osmotic driving force is neutralized prior to 

complete tissue dehydration.   

To explain how dehydration causes reduction in light scattering in tissue, we 

investigate the effects of tissue ultrastructural changes on scattering using the Rayleigh-

Gans model.  Rayleigh-Gans theory predicts that maximum scattering occurs when 

volume fraction of scatterers is 0.5 (Equation 5.2, Figure 5.1).  As refractive index 
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matching increases between scatterers and surrounding medium, refractive index ratio, m, 

approaches unity and Rayleigh-Gans theory predicts scattering to decrease due to 

reduction of scattering cross section (Equations 5.1 and 5.2).  Reduced scattering 

coefficient is also a function of scatterer radius. 

TEM images reveal that dehydration causes individual scatterers (collagen fibrils 

and organelles) to become more closely packed, but does not cause a noticeable change 

in scatterer size.  Therefore, since native tissue packing density of tendon collagen fibrils 

and hepatocyte organelles is near 65% and increases to near 90% due to dehydration, 

Rayleigh-Gans theory predicts this ultrastructural change contributes substantially to 

optical clearing.   

Although we recognize that refractive index-matching occurs as a consequence of 

dehydration, and the two mechanisms cannot be physically uncoupled, this type of 

refractive index matching is due to native materials and a passive process, and we wish to 

differentiate it from index matching due to foreign chemicals such as hyperosmotic 

agents intentionally introduced to the tissue.  The space between fibrils and organelles is 

occupied by water and suspended proteoglycans.  As water is removed from the intra-

fibrillar or intracellular space, we expect proteoglycans become more concentrated and 

refractive index increases.  The resulting intrinsic refractive index matching between 

fibrils or organelles and their surrounding media may significantly contribute to optical 

clearing. 

Investigation of the transient volumetric and refractive index excursion of 

individual cells to 2.8 M glycerol indicates refractive index matching of glycerol to 
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cellular organelles is the dominant clearing mechanism.  There are several explanations 

for the apparent discrepancy between this experiment and the TEM images showing very 

high organelle volume fraction in the glycerol and air immersed specimens.  First, high 

concentrations of glycerol or DMSO (>25% volume) inhibit the Na+,K+-ATPase.  In the 

absence of the ion transport pump, water leaks in, causing the cells to swell and 

eventually lyse [67].  Second, rapid dehydration may cause the cell membrane to lyse and 

remain fixed in a dehydrated state.  Further investigation of the osmotic response of 

cellular tissue is warranted.           
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CONCLUSIONS 

 Dehydration induced by evaporation or osmotic stimuli such as hyperosmotic 

chemical agents appears to be a primary mechanism of optical clearing in collagenous 

and cellular tissue.  OCT and photographic images indicate that air-dried skin and tendon 

samples are as transparent as hyperosmotic agent treated samples.  In addition, skin 

immersed in high refractive index DMSO does not optically clear as predicted by the 

hypothesized refractive index matching mechanism. 

 TEM images reveal that dehydration causes individual scatterers (collagen fibrils 

and organelles) to become more closely packed, but does not cause a noticeable change 

in scatterer size.  Rayleigh-Gans theory predicts this ultrastructural change contributes 

substantially to optical clearing.   
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Chapter 6.  Conclusions and Future Directions 
 

CONCLUSIONS 

The work contained in this dissertation centered around the application of a 

differential phase contrast optical coherence microscope to measure the transient 

transport of hyperosmotic agents across cell membranes and resulting optical clearing.  

Results of this research include development of a novel quantitative phase contrast 

microscope which was used to measure cell dry mass and the transport properties of cell 

membranes.  Simulated light scattering effects due to measured dynamic excursions of 

cellular refractive index and volume were performed using Rayleigh-Gans theory.   

In chapter 2 a fiber-based DPC-OCM capable of recording quantitative phase 

contrast images of individual cells with sub-cellular resolution is demonstrated. A fiber-

based DPC-OCM has the potential to substantially improve in vivo imaging of epithelial 

tissues for a variety of clinical diagnostics and monitoring applications.  Results of 

studies using DPC-OCM to compare normal and cancerous cell populations are presented 

in chapter 3.  Because the DPC-OCM can record transient changes in optical path length, 

the system may be used to record quantitative optical path length alterations of cells in 

response to various stimuli.  Results of studies of optical path length change of cells in 

response to a chemical stimulus are discussed in chapter 4.   

In chapter 3 DPC-OCM was used to measure en face area and dry mass of normal 

and cancerous populations of human fibroblast and prostate cells.  Area and mass 

population averages are greater in the cancerous versus normal state.  There was a 

significant difference (p>0.05) between normal and cancer population averages of dry 
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mass and area.  However, the use of linear discriminant analysis was 75-79% accurate at 

best.  Mass was a better classifier than area for both cell types.  It is unlikely that area and 

mass alone are sufficient parameters to discriminate normal and cancerous cells, 

however, the combination of these with additional independent experimental parameters 

may prove an effective discriminant analysis tool.          

In chapter 4 a novel approach is presented to determine cell membrane transport 

properties using optical path length (Φ) images acquired with DPC-OCM and a model 

relating Φ to the forces and flows that characterize the transport process.  Experimental 

dynamic en face cell images provide quantitative data from which physical parameters 

including intra- and extracellular chemical concentration and transient cell volume may 

be derived.  Hydraulic conductivity, Lp (1.33±1.16 µm/(min*atm)), solute permeability, 

Ps (163±142 µm/min), and inactive volume fraction, Vb (0.13±0.07) were determined for 

human keratinocytes (n=16) at 25 oC.  The Φ experimental/modeling technique possesses 

several salient features over the conventional transport modeling technique.  First, the Φ 

method works for unknown or irregularly shaped cells.  Second, the Φ model is capable 

of simultaneously obtaining the dry mass (protein) of the cell using the principals of 

immersion refractometry, obviating the need for independent inactive volume fraction 

measurement using the Boyle-Van’t Hoff technique.  Third, the extracellular solution 

concentration in direct contact with an individual cell can be explicitly measured and 

therefore the conventional assumption of a step change in concentration is not required. 

In chapter 5 the prominent role of the dehydration mechanism of tissue optical 

clearing was presented and explained.   Dehydration induced by evaporation or osmotic 
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stimuli such as hyperosmotic chemical agents appears to be a primary mechanism of 

optical clearing in collagenous and cellular tissue.  OCT and photographic images 

indicate that air-dried skin and tendon samples are as transparent as hyperosmotic agent 

treated samples.  In addition, skin immersed in high refractive index DMSO does not 

optically clear as predicted by the hypothesized refractive index matching mechanism. 

TEM images reveal that dehydration causes individual scatterers (collagen fibrils and 

organelles) to become more closely packed, but does not cause a noticeable change in 

scatterer size.  Rayleigh-Gans theory predicts this ultrastructural change contributes 

substantially to optical clearing.   
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FUTURE DIRECTIONS 

Depth-Resolved DPC-OCM for in-vivo Cancer Diagnosis 

 DPC-OCM was successfully applied to measure cell dry mass, a parameter which 

may be used to differentiate between normal and cancerous populations.  Phase-sensitive 

optical coherence imaging techniques such as DPC-OCM are well suited for 

tomographich refractive index profiling of tissue.  Since refractive index is an intrinsic 

parameter related to cell dry mass and protein concentration, DPC-OCM may be capable 

of in-vivo cancer detection.  Further studies are warranted.  

 

Cell Membrane Permeability Measurements 

 Keratinocyte cell membrane permeability parameters to water and glycerol were 

determined using DPC-OCM and a novel optical path length model.  This cell type was 

selected because of its relevance to optical clearing of skin.  Analysis of sixteen 

experimental samples resulted in a large standard deviation of water and glycerol 

permeablilty values.  The large standard deviation of the experimentally measured 

parameter values may be attributed to variability in keratinocyte maturation.  As 

keratinocytes mature, they undergo the process of cornification and become less 

permeable.  A suggestion for future experiments is use of a cell type with well-

characterized and constant permeability parameters.   
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Tissue Clearing Mechanisms  

 Tissue ultrastructural imaging using TEM was performed to better understand the 

mechanisms of tissue optical clearing.  One concern regarding this invaluable data is the 

degree of ultrastructural modification induced by the required sample preparation 

technique.  Procedures to reduce this undesirable artifact including the “freeze fracture 

technique” should be investigated for future TEM sample preparation.   

 More rigorous light scattering modeling techniques, such as the finite difference 

time domain (FDTD) method, should be investigated to simulate scattering effect due to 

ultrastructural tissue modification.   

  

Alternative Methods of Tissue Optical Clearing 

 Based upon a better understanding of the prominent role of the dehydration 

mechanism of tissue optical clearing, a novel method and device to induce tissue 

dehydration was invented and a patent has been filed.  This method uses mechanical 

rather than osmotic driving forces to distribute tissue water and other chromophores, 

thereby engineering the tissue’s optical properties.  Benefits of this alternative technique 

include: 1) non-invasive (no chemicals), 2) quick transient response, 3) pain-free, and 

others.  Other means of dehydrating and reducing scattering of tissue should be 

investigated.  
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Appendix 

Table of Nomenclature (Φ model parameters, description, units, and values) 

Parameter symbol Description Units Simulation Values Inverse Model 

n   refractive index of pure species -    

  nw refractive index water - 1.33 1.33

  nper refractive index permeable solute - 1.47 1.47

  nimp refractive index impermeable solute - 1.54 1.54

  npro refractive index protein - 1.54 1.54

Vfe   volume fraction of extracellular species -    

  Vfwe volume fraction of extracellular water - 0.9962 to 0.7981 0.9962 to 0.7981

  Vfper
e volume fraction of extracellular permeable solute - 0 to 0.1981 1 to 0.1981

  Vfimp
e volume fraction of extracellular impermeable solute - 0.0038 0.0038

  Vfpro
e volume fraction of extracellular protein - 0 0

Ṽ   partial molar volume of species um^3/mol     

  Ṽw partial molar volume of water um^3/mol 1.80E+13 1.80E+13

  Ṽper partial molar volume of permeable solute um^3/mol 7.10E+13 7.10E+13

  Ṽimp partial molar volume of impermeable solute um^3/mol 2.70E+13 2.70E+13

  Ṽpro partial molar volume of protein um^3/mol 7.50E+16 7.50E+16

Me   molarity of extracellular species mol/um^3    

  Mw
e molarity of extracellular water mol/um^3 calculated calculated

  Mper
e molarity of extracellular permeable solute mol/um^3 calculated calculated

  Mimp
e molarity of extracellular impermeable solute mol/um^3 calculated calculated

  Mpro
e molarity of extracellular protein mol/um^3 calculated calculated

Vfi   intracellular volume fraction -    

  Vfwi intracellular volume fraction of water - calculated calculated

  Vfper
i intracellular volume fraction of permeable solute - 0 0

  Vfimp
i intracellular volume fraction of impermeable solute - calculated calculated

  Vfpro
i intracellular volume fraction of protein - Vb Vb

Mi   molarity of intracellular species mol/um^3    

  Mw
i molarity of intracellular water mol/um^3 calculated calculated

  Mper
i molarity of intracellular permeable solute mol/um^3 calculated calculated

  Mimp
i molarity of intracellular impermeable solute mol/um^3 calculated calculated

  Mpro
i molarity of intracellular protein mol/um^3 calculated calculated

Ni   moles of intracellular species moles    

  Nw
i moles of intracellular water moles calculated calculated

  Nper
i moles of intracellular permeable solute moles calculated calculated

  Nimp
i moles of intracellular impermeable solute moles calculated calculated

  Npro
i moles of intracellular protein moles calculated calculated

Vi   volume of intracellular species um^3    

  Vw
i volume of intracellular water um^3 calculated calculated

  Vper
i volume of intracellular permeable solute um^3 calculated calculated

  Vimp
i volume of intracellular impermeable solute um^3 calculated calculated
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  Vpro
i volume of intracellular protein um^3 calculated calculated

Vtot
i   total cell volume um^3 calculated calculated

A   cell surface area um^3 calculated static input

R   universal gas constant um^3atm/(mol*K) 8.2x10^13 8.2x10^13

T   absolute temperature K 295 295

ni   intracellular refractive index  - calculated calculated

Φin   intracellular optical path length um calculated dynamic input

ne   extracellular refractive index - calculated calculated

Φex   extracellular optical path length um dynamic input dynamic input

∆Φ   differential optical path length um calculated calculated

dVw   differential change in intracellular volume of water  um^3 calculated calculated

dNper   differential change in intracellular moles of permeable solute  moles calculated calculated

dNw   differential change in intracellular moles of water  moles calculated calculated

dVper   differential change in intracellular volume of permeable solute um^3 calculated calculated

t_ch   perfusion chamber thickness um calculated calculated

Lp   hydraulic conductivity (water permeability) um/(min*atm) 0.1 or 1 calculated

Ps   solute permeability um/min  10 or 100 calculated

Vb   osmotically inactive volume fraction  - 0.1 or 0.3 calculated
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