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Abstract: High-resolution microendoscopy (HRME) uses epi-fluorescence 
imaging with a coherent fiber-optic bundle to enable in vivo examination of 
cellular morphology. While the HRME platform has recently gained 
popularity as a simple alternative to confocal endomicroscopy, the axial 
response of HRME in thick, scattering tissue has yet to be described 
quantitatively. These details are important because when analyzing images 
collected by HRME, out-of-focus light may affect the accuracy of 
quantitative parameters such as nuclear-to-cytoplasm ratio, which has been 
proposed as a diagnostic indicator of dysplasia or cancer. In this study we 
investigated the imaging properties of the HRME system by using 
phantoms simulating scattering tissue with fluorescently labeled nuclei. We 
directly compared HRME imaging with confocal endomicroscopy in 
phantoms and in vivo human tissue. HRME images defocused (deep) 
objects with apparent diameters and intensity levels that are in agreement 
with a simple geometric model. Out-of-focus nuclei contribute a relatively 
low, uniform background level to images which neither leads to the 
erroneous appearance of large nuclei from deep layers, nor prevents 
accurate imaging of superficial nuclei with high contrast. 
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1. Introduction 

Visual examination of tissue architecture at the cellular scale required for clinical diagnosis 
and staging of many types of cancer. Histopathology is by far the most commonly employed 
technique for examination of cellular morphology, but requires invasive biopsy collection, 
processing, and reading by an expert pathologist. Screening and surveillance requires the 
collection of a biopsy from any suspicious site; in some diseases such as Barrett’s esophagus, 
multiple biopsies are collected from the entire segment at risk [1]. This approach can result in 
a large number of unnecessary biopsies being collected, or in truly abnormal tissue being 
missed. The ability to view tissues with cellular-scale resolution in situ would allow directed 
collection of biopsies, possibly improving diagnostic yield and reducing cost. 

Techniques such as confocal and multiphoton microscopy have shown feasibility of 
imaging with sub-cellular resolution in intact tissues, with fiber optic components providing 
access to sites within the body for microscopic imaging in situ [2]. Single fiber delivery 
systems require a compact scanning mechanism at the distal tip [3–7]. Alternatively, this 
miniaturization can be avoided by scanning the beam at the proximal end of a coherent fiber-
optic bundle [8–10]. Both single fiber and bundle based endomicroscopy systems can also 
incorporate miniature focusing optics at the distal tip, either in a fixed position (which defines 
the axial location of the image plane), or with an axial translation mechanism to obtain optical 
sections at specific depths within the imaging range [2]. 

High-resolution microendoscopy (HRME) is a fiber-optic bundle based epi-fluorescence 
imaging modality which is capable of providing sub-cellular level resolution imaging in vivo. 
The simplicity, low cost, and real-time imaging performance of the HRME system have led to 
its use by several research groups in laboratory studies [11–24] and in vivo clinical 
investigations [25–28]. However, the imaging properties of the HRME system have not been 
fully characterized; in particular, the axial imaging range and sensitivity to out-of-focus light 
have to the best of our knowledge, not been quantitatively studied. The purpose of this paper 
is to quantitatively examine the imaging properties of the HRME system with regard to 
defocus in scattering media. This is important because unlike optical sectioning techniques, 
the HRME system possesses no inherent ability to reject out-of-focus light. When the distal 
tip of the fiber is placed on the tissue, fluorescence from both in-focus and defocused objects 
will be collected by the system. Out-of-focus light could in principle reduce the signal-to-
background level and result in the appearance of defocused objects in the image, which may 
affect the accuracy of image analysis algorithms which quantify morphological features such 
as nuclear size, spacing, and nuclear-to-cytoplasm ratio. 

In this paper we have investigated the imaging performance of the HRME system both 
with and without the fiber bundle with regard to defocus, specifically as it relates to apparent 
particle size and intensity. We compare the imaging performance of HRME to a simple 
geometric model for a 2-D phantom, we quantify the effect of defocus (object depth) on 
apparent image feature size in 3-D phantoms with varying scattering coefficients, and we 
compare the imaging properties of HRME directly to those of confocal endomicroscopy in 
biological tissue in vivo. 

#192408 - $15.00 USD Received 17 Jun 2013; revised 23 Aug 2013; accepted 30 Aug 2013; published 25 Sep 2013
(C) 2013 OSA 1 October 2013 | Vol. 4,  No. 10 | DOI:10.1364/BOE.4.002247 | BIOMEDICAL OPTICS EXPRESS  2249



2. Materials and methods 

2.1 HRME system 

Assembly of the HRME system has been described in detail elsewhere [18]. Light from a 455 
nm LED (Thorlabs M455L2), is collected by a condenser lens (Olympus Plan N 4x 
objective), passed through a 430-475 nm bandpass excitation filter (Semrock), reflected at a 
485 nm edge dichroic beamsplitter (Chroma), to an infinity-corrected objective lens 
(Olympus Plan N 10x). A silica fiber-optic bundle (Sumitomo, IGN-08/30) with 720 μm 
imaging diameter, comprising 30,000 individual fibers each 2.1 μm in diameter with NA 0.35 
is positioned with its proximal end face at the objective’s working distance (Fig. 1(a)). 

At the distal end of the fiber, excitation light generates fluorescence from a labeled 
sample. With the LED at full power, the illumination intensity was measured to be 1.13 
mW/mm2 at the proximal end of the fiber and 1.03 mW/mm2 at the distal end. Fluorescent 
light is collected by the fiber bundle and relayed back through the objective lens, through the 
dichroic mirror and 506-594 nm bandpass emission filter (Semrock), and a 150 mm focal 
length tube lens (Thorlabs) which images the fluorescent emission onto a CCD sensor (Point 
Grey Research, Grasshopper 2). 

 

Fig. 1. Schematic diagram of the optical setup. For microendoscopy, one end of a fiber-optic 
bundle is placed at the working distance of the objective lens. (a) Confocal and HRME beam 
paths are combined with a flip mirror. L1-4: lenses, Ex: excitation filter, Em: emission filter, 
Obj: Objective lens. (b) Ray diagram for the geometric model used to examine HRME imaging 
with defocus. An object located at distance u from the objective lens (defocus of u – fobj) will 
form a focused image at v, and a blurred image of radius R on the camera at s = ftube. The 
objective lens and tube lens have diameters D1 and D2 respectively, and are separated by 
distance d. 

2.2 Confocal microendoscope system 

A point-scanning confocal microendoscope system was assembled (Fig. 1(a)), using a 488 nm 
fiber-coupled laser (Blue Sky Research) for fluorescence excitation. A dichroic mirror with 
488 nm edge (Semrock) and lenses L1-3 (focal lengths 35 mm, 50 mm, and 100 mm, 
respectively) form a collimated excitation beam, pivoting at the back aperture of the same 
shared 10x / 0.25 objective lens used by the HRME system. In the detection arm, fluorescence 
is transmitted by a separate emission filter with the same 506-594 nm bandpass range as in 
the HRME, focused by a 50 mm focal length lens (L4) through a 25 μm pinhole, and 
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collected by a photomultiplier tube (Hamamatsu). The axial resolution of the confocal 
microendoscope was measured by removing the emission filter and recording the signal 
intensity as a mirror was translated away from the bundle’s distal face in 1 μm increments. 
The distance at which the intensity dropped to half the value at contact was 6 μm. Imaging 
with the confocal microendoscope was performed with the fiber bundle’s distal tip placed 
directly in contact with the sample; no additional optics were used. To enable direct 
comparison between images acquired with the HRME and the confocal microendoscope, the 
systems were coupled together with a flip mirror positioned immediately behind the objective 
lens to enable rapid selection of either imaging mode without repositioning the sample. 

2.3 Geometric model 

We developed a simple geometric model to predict the effect of defocus on an object’s 
apparent size and intensity as measured by the HRME system (Fig. 1(b)). The purpose of this 
model was to allow for comparison with experimental data, and was not an attempt to predict 
object depth in HRME images. This analysis was based on a model from the literature which 
derived an expression for the blur spot radius (R) as a function of CCD camera position (s) for 
a fixed object (u) [29]. For the HRME system, the CCD camera is instead considered fixed at 
the focal plane of the tube lens (s = ftube) and object position u is variable (u – fobj equals 
defocus). v is the distance from the tube lens to the image plane. Using similar triangles in 
Fig. 1(b) and the Gaussian equation for a two lens system for v, we obtain: 
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In this model, R is the radius of the blurred image of a point object, formed at the camera 
plane. To obtain the apparent physical radius of the object (AR), we divide R by the system 
magnification, M = ftube / fobj : 

 obj

tube

fR
AR R

M f
= =  (2) 

The image formed from an extended object is the image of a point object (Eq. (2)) convolved 
with the object function, which for the experiments conducted here is a spherical fluorescent 
bead of 14.8 μm diameter. Due to the convolution of the blur radius with the extended object, 
the apparent radius of the object is equal to the sum of the object’s radius and the blur radius. 
The apparent diameter, AD is twice that value, where r is the radius of the object: 

 2 obj

tube

f
AD r R

f

 
= + 

 
 (3) 

Since the total amount of light imaged onto the camera from each object is essentially 
constant for small amounts of defocus, we can express the light flux, F, from each object as: 

 0 0 blur blurF I A I A= =  (4) 

where Ī0 is the mean intensity of the focused particle, A0 is the area of the focused particle, 
Īblur is the mean intensity of the blurred image, Ablur is the area of the blurred image: 
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Equations (3) and (5) are used to model the apparent diameter and intensity of defocused 
objects in this paper. 

2.4 Optical phantoms 

A 2-D monolayer of 14.8 μm diameter green fluorescent beads (Life Technologies, F-21010) 
was prepared by applying 5 μL of beads in suspension to a microscope slide and allowing the 
droplet to dry. The slide was mounted on a motorized translation stage (Newport MFA-CC, 
on-axis accuracy ± 4 μm), and images were collected with the slide located at discrete 
positions (u in Fig. 1(b)) between −200 μm and + 200 μm relative to the objective’s focal 
plane (the fiber bundle was not used at this stage). Images were collected with the camera’s 
proprietary software (FlyCap2, Point Grey Research, Firmware version 1.6.3.0); the gain was 
fixed at 0 dB and the exposure time was 6.59 ms. Each image was then analyzed in ImageJ 
(NIH version 1.46r), with each bead defined as a region-of-interest by manual segmentation 
using the circle tool. The diameter and mean intensity of each ROI was then calculated by 
analysis within ImageJ, following subtraction of the background (dark) level for each image. 

Three-dimensional phantoms were made with 14.8 μm diameter green fluorescent beads 
dispersed within non-scattering (NS), low-scattering (LS), and high-scattering (HS) 
phantoms. We used an intralipid-agar phantom system which has previously been used to 
simulate biological tissue [30–32]. 0.1 g of agar (Sigma, A9799) and 0.2 g of fluorescent 
beads in solution were mixed with varying amounts of DI water; 10.0 mL for the NS 
phantom, 9.75 mL for the LS phantom, 9.0 mL for the HS phantom. Each mixture was 
vortexed until the agar was dispersed, then immersed into boiling water for 10 minutes. 20% 
Intralipid (Sigma, I141) was then added to the fluorescent bead mixture in varying quantities; 
no Intralipid was added to the NS phantom, 0.25 mL was added to the LS sample, 1 mL to the 
HS sample (NS = 0%, LS = 0.5%, HS = 2.0% Intralipid solids). The mixture was then 
vortexed again, poured into a 60 mm diameter petri dish and allowed to cool to room 
temperature overnight. We used a spatial frequency domain imaging system [33] to measure 
the reduced scattering coefficients of the phantoms containing Intralipid, obtaining values of 
1.08 mm−1 and 2.54 mm−1 for the low and high scattering phantoms, respectively, at a 
wavelength of 520 nm. 

2.5 Three-dimensional imaging 

The agar phantoms were mounted on the same motorized stage as used for the 2-D phantoms 
and translated such that a focused image of the phantom surface was seen on the HRME 
camera. This location was then considered to be depth z = 0 for the phantom under study. 
Images were then collected as the phantom was moved toward the objective lens in 10 μm 
steps, with fluorescent beads at different depths moving through the focal plane. Several axial 
scans at different lateral regions were collected, allowing us to obtain image data from beads 
located at a range of depths within each phantom. Images were collected at 0 dB gain and 
exposure times of 5.00 ms, 6.00 ms, and 3.00 ms, respectively, for the NS, LS, and HS 
samples. 

2.6 Fiber-optic imaging 

For imaging with the complete HRME system, the fiber bundle was placed in the system with 
its proximal end at the working distance of the objective lens. The distal end of the bundle 
was brought into gentle contact with the surface of the agar phantoms and images were 
acquired at several different lateral regions on the phantom surface. Each of these regions was 
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then imaged without the fiber bundle, with images taken over an axial scan range as described 
in section 2.5. The same field-of-view in the sample was located by placing an ink mark on 
the sample surface adjacent to the fiber bundle tip, to guide us to the same region when the 
fiber bundle was removed. We then identified the exact same region by carefully searching 
visually for the same distribution of fluorescent beads. This process allowed us to determine 
the depth of each fluorescent bead in the fiber-optic bundle images without physically 
advancing the bundle into the phantom. Fiber-optic HRME images were taken with 0 dB 
camera gain and 15.00 ms exposure. The non-fiber-optic images were taken at the same 
exposure settings as described in section 2.5; 5.00 ms, 6.00 ms, and 3.00 ms, respectively, for 
the NS, LS, and HS samples. 

2.7 In-vivo imaging 

Images of normal human oral mucosa were acquired with the HRME and confocal 
microendoscope, following topical application of proflavine solution (0.01% w/v in sterile 
PBS). Images with each system were recorded in quick succession by use of the flip mirror 
(Fig. 1(a)). Human subject imaging was performed under a protocol approved by the Rutgers 
University IRB. 

3. Results 

3.1 Epi-fluorescence imaging of phantoms 

Figure 2 shows images of a 2-D monolayer of fluorescent beads imaged with the HRME 
(panels a-d) and the confocal microendoscope (panels e-h), as a function of defocus. It can be 
seen that with HRME, the apparent diameter of the beads increases, and mean intensity 
rapidly decreases with defocus, leading to nearly uniform background intensity for defocus 
greater than approximately 250 μm. With confocal microendoscopy, as expected, the intensity 
of out-of-focus beads is rapidly attenuated, preventing significant elevation of background 
arising from defocused objects. 

Figures 2(i) and 2(j) quantify the apparent diameter and mean intensity, respectively, of 
14.8 μm fluorescent beads as a function of defocus when imaged with HRME, alongside the 
theoretical predictions from the geometric model described in section 2.3. Good agreement 
between the measured bead diameters and predicted values supports our use of manual 
delineation of beads. 

Figure 3 shows the apparent diameter and mean intensity of fluorescent beads as a 
function of bead depth within thick 3-D phantoms. These images were acquired without the 
fiber bundle, with the surface of the phantom positioned at the working distance of the HRME 
objective lens; “bead depth” is thus equivalent to defocus. These results maintain good 
agreement with predictions from the geometric model under all three levels of scattering 
tested, even though the model neglects the effects of scattering. Here, the reduced scattering 
coefficients are on the order of cm−1, whereas defocus reduces the imaged mean object 
intensity significantly over distances on the order of tens of micrometers. A 50% reduction in 
mean intensity occurs with defocus of approximately 5 μm and a 90% reduction in mean 
intensity after approximately 25 μm (Fig. 3(d)-3(f)). While it appears that higher levels of 
scattering reduce the maximum achievable imaging depth (NS ~500 μm, LS ~300 μm, HS 
~250 μm), the effect of scattering at levels simulating biological tissue appears small 
compared to the effect of defocus; the predicted mean intensity of a bead located at a depth 
(defocus) of 240 μm is only ~1% of that of a bead located at the surface (in focus). 
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Fig. 2. HRME (a-d) and confocal microendoscopy (e-h) imaging of a monolayer of 14.8 μm 
diameter beads as a function of defocus (distance from the monolayer to the fiber bundle’s 
distal tip). All images are 720 μm in diameter. (i) Measured (dots) and theoretical prediction 
(line) for bead diameter as a function of defocus. (j) Measured (dots) and theoretical prediction 
(line) for the mean bead intensity as a function of defocus. 

 

Fig. 3. (a,b,c) Apparent diameter of 14.8 μm fluorescent beads in NS, LS, and HS phantoms as 
a function of bead depth beneath the phantom surface. (d,e,f) Normalized mean intensity of 
imaged fluorescent beads as a function of depth beneath the phantom surface in NS, LS, and 
HS samples. Circles: experimental data, line: predicted values from model. 
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3.2 Fiber-optic HRME imaging of 3-D phantoms 

Figure 4 presents a side-by-side comparison of 3-D phantom imaging with the HRME, both 
without (Fig. 4(a)-4(c)) and with the fiber-optic bundle (Fig. 4(d)-4(f)). All images have been 
brightened by the same amount in order to make the dimmer beads more apparent. Figure 
4(g)-4(i) shows the apparent diameter of the beads in the HRME images as a function of bead 
depth within the 3-D phantom. Figure 4(j)-4(l) shows the normalized mean intensity of the 
beads in the HRME images as a function of bead depth. These data suggest that the HRME 
fiber-bundle based system displays similar imaging performance with respect to the effect of 
defocus, to the epi-fluorescence microscope; the fiber bundle confers no sectioning ability. 

 

Fig. 4. (a-f) Comparison between images of 3-D phantoms taken without (a-c) and with the 
fiber bundle (d-f) in NS (a,d), LS (b,e), and HS (c,f) samples. Scale bar = 100 μm. (g-i) 
Apparent diameter at surface of 14.8 μm fluorescent beads in NS, LS, and HS phantoms. (j-l) 
Normalized intensity at phantom surface in NS, LS, and HS samples. (Squares: data from fiber 
optic images, circles: data from non-fiber-optic images, solid line: expected values from 
model). 

3.3 Comparison of HRME and confocal microendoscopy 

Figure 5 shows images of in vivo human oral mucosa taken using the HRME system (Fig. 
5(a)) and confocal microendoscopy (Fig. 5(b)). These images were acquired nearly 
simultaneously, with the only delay arising from activating the flip mirror which allowed us 
to switch between systems (Fig. 1(a)). Following staining with topical proflavine (0.01% 
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w/v), cell nuclei appear as discrete bright dots within each image. The confocal image (b) 
appears to exhibit lower background and higher contrast which allows nuclei to be identified 
more easily in regions which have more crowded or overlying cells. However, the HRME still 
retains the ability to resolve nuclear detail in most parts of the image, without being adversely 
affected by defocused objects. 

 

Fig. 5. In vivo imaging of human oral mucosa with HRME (a) and confocal microendoscope 
systems (b). 

4. Discussion & conclusions 

We quantitatively examined the axial response of a recently developed high-resolution 
microendoscope (HRME) system in a series of optical phantoms. Phantoms were designed to 
simulate fluorescently labeled nuclei distributed at varying depths within scattering tissue, 
mimicking the proflavine-stained epithelium imaged in earlier HRME studies. The HRME 
has no optical sectioning ability with which to eliminate out-of-focus light when imaging 
thick tissue, but nevertheless can clearly delineate epithelial nuclei in normal and neoplastic 
tissues [26–28]. We showed here that the HRME system produces images of deep lying 
(defocused) objects with apparent diameters as predicted by a simple geometric model. This 
could in principle lead to the apparent size of deep nuclei being mistakenly overestimated by 
morphologic analysis algorithms. However, the average intensity of defocused objects was 
also shown to rapidly decrease with defocus within a few 100 μm. In a scattering matrix, the 
intensity of defocused objects attenuated even more rapidly, resulting in a non-zero 
background level contributing to HRME images, but not sufficient to reduce contrast of the 
most superficial nuclei. 

Confocal endomicroscopy appears to provide higher contrast than HRME when nuclei are 
particularly crowded, and can offer the ability to examine tissue across the full thickness of 
the epithelium. Use of fluorescent contrast agents such as fluorescein and indocyanine green 
which distribute non-specifically throughout tissue would also benefit from the ability of 
confocal methods to prevent out-of-focus light from reaching the detector and lowering 
contrast. Interestingly, our findings appear complementary to those of El Hallani et al., who 
recently demonstrated that independent of imaging system, limited diffusion of the proflavine 
contrast agent restricts imaging to depths of only 50-100 μm in epithelial tissues [34]. Thus it 
would appear that the effects of defocus shown here, in addition to the biodistribution of 
contrast agent, both enable HRME to effectively resolve cell nuclei within only the most 
superficial layers of the epithelium with minimal effect from out of focus light. Previous and 
future studies which quantify nuclear morphology for tissue classification [16, 26–28], should 
not be adversely affected by fluorescence from nuclei located deeper within the epithelium. 
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