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ABSTRACT: Compact and cost-effective systems for in vivo fluo-
rescence and near-infrared imaging in combination with activatable
reporters embedded inside the skin to sample interstitial fluid or blood
can enable a variety of biomedical applications. However, the strong
autofluorescence of human skin creates an obstacle for fluorescence-
based sensing. Here we introduce a method for quantitative
fluorescence sensing through highly autofluorescent, scattering, and
absorbing media. For this, we created a compact and cost-effective
fluorescence microscope weighing <40 g and used it to measure various concentrations of a fluorescent dye embedded
inside a tissue phantom, which was designed to mimic the optical characteristics of human skin. We used an elliptical
Gaussian beam excitation to digitally separate tissue autofluorescence from target fluorescence, although they severely
overlap in both space and optical spectrum. Using ∼10-fold less excitation intensity than the safety limit for skin radiation
exposure, we successfully quantified the density of the embedded fluorophores by imaging the skin phantom surface and
achieved a detection limit of ∼5 × 105 and ∼2.5 × 107 fluorophores within ∼0.01 μL sample volume that is positioned 0.5
and 2 mm below the phantom surface, corresponding to a concentration of 105.9 pg/mL and 5.3 ng/mL, respectively. We
also confirmed that this approach can track the spatial misalignments of the mobile microscope with respect to the
embedded target fluorescent volume. This wearable microscopy platform might be useful for designing implantable
biochemical sensors with the capability of spatial multiplexing to continuously monitor a panel of biomarkers and chronic
conditions even at patients’ home.

KEYWORDS: fluorescent sensing through skin, skin autofluorescence, wearable imaging and sensing, mobile microscopy,
wearable microscopy

Fluorescent biomarkers have become an important tool
for biotechnology since they can offer specificity and
sensitivity in detecting and monitoring various bio-

chemical reactions that are of interest for medical diagnostics
and therapy and are being routinely used, e.g., the detection of
cancer, tracking of biomolecular dynamics of various analytes,
drug delivery/release, and measurement of enzymatic reactions
within their native environments.1−15 Recently, with the
emergence of highly stable and biocompatible fluorescent
dyes, opportunities are created for noninvasive sensing and
quantification of biomarkers through the skin. On the other
hand, the detection of fluorescent objects or reactions through
skin is challenging due to the presence of inherent biological
fluorophores in the tissue itself. Among others, collagen,
tryptophan, melanin, and nicotinamide adenine dinucleotide
create a strong autofluorescence background with a broad
emission bandwidth in the visible spectrum, which makes it

quite difficult to detect fluorescent biomarkers or reactants
through human skin.16−18 Various methods have been
implemented to investigate this challenging problem using
different spectroscopy and sensing systems.19 Some of these
include ratiometric techniques that take into account the
measured fluorescence emission in addition to the reflected
excitation light,20 techniques that can selectively record
photons that propagate a short distance in tissue,21,22 among
other theoretical and numerical methods.23−25 Different than
these previous approaches, in this manuscript we focus on
quantitative fluorescence sensing through highly autofluores-
cent, scattering, and absorbing media using an imaging system,
i.e., a wearable microscope.
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Even though the skin’s autofluorescence emission decreases
toward longer excitation wavelengths,26,27 complete spectral
separation is not feasible in the visible part of the spectrum, and
therefore the shot noise of the autofluorescence provides a
significant limitation for subcutaneous detection of target
fluorescent signals. Several approaches have been developed in
recent years to overcome this obstacle, such as applying
fluorescence lifetime imaging techniques for distinguishing the
target fluorescence signal from tissue autofluorescence.28 Some
other techniques used to increase the target fluorescence
detection sensitivity rely on taking measurements at multiple
excitation and emission bands and applying spectral unmixing

methods to detect the target fluorescence signal.29,30 In one
particular implementation of such techniques, the autofluor-
escent background was approximated using a measurement
with a lower excitation wavelength to only excite the tissue and
then subtracting this background measurement from a
subsequent measurement taken with a wavelength that is
optimized to excite the target dye.31 While these previous
approaches have shown promising results, most of them are
quite expensive and hard to miniaturize in the form of a
wearable imaging and sensing system, e.g., patients to use at
their homes. In addition to the presence of skin autofluor-
escence, the photobleaching of autofluorescence during the

Figure 1. (a) Photograph of the setup showing the mobile fluorescence imaging system together with the microfluidic device holding the skin
tissue phantom. (b) Schematic view of the components in our mobile imaging system.

Figure 2. (a) Processing of the acquired fluorescence images using our mobile microscope. The fluorescence intensity distribution at the skin
surface corresponding to the tissue autofluorescence and the presence of the target fluorophores is imaged at a framerate of 1 fps. The first 10
frames of the measured data are averaged to provide a reference background image corresponding to the initial autofluorescence of the tissue
phantom. During the successive measurements, this averaged background frame is subtracted from each fluorescence image after mean
equalization. The spatial frequency spectrum of the resulting image is then calculated, and the amplitude of the frequency corresponding to
the spatial differences caused by the presence of the target fluorophores is monitored. The inset images correspond to a high concentration of
fluorophores for better visualization of the data processing flow. (b) The detected signal (i.e., the amplitude of the monitored spatial
frequency) is presented over time. The red and green highlighted zones refer to the sequence of fluorescence images used to calculate the
background autofluorescence (AF) and the target fluorescence (TF) signals, respectively.

ACS Nano Article

DOI: 10.1021/acsnano.6b05129
ACS Nano XXXX, XXX, XXX−XXX

B

http://dx.doi.org/10.1021/acsnano.6b05129


exposure of the skin to the excitation light also creates an
intensity-dependent signal variation, which, in conjunction with
the sensor noise and the excitation power fluctuations, adds an
additional challenge to subcutaneously read and quantify target
fluorescent signals or biomarkers using, e.g., a wearable optical
sensor or imager.
Here we demonstrate the use of a custom-designed compact

and cost-effective mobile microscope (Figure 1) to measure the
concentration of a target fluorescent dye that is embedded
within a tissue phantom that mimics the autofluorescence,
scattering, and absorption characteristics of human skin. This
lightweight wearable microscope utilizes a spatial Fourier
transform-based image processing method (see Figure 2) that
takes advantage of the spatial modulation of the excitation
beam to digitally separate the signature of the target fluorescent
signal from tissue autofluorescence, although they severely
overlap in space and optical spectrum. We demonstrated the
success of this approach by detecting various concentrations of
Alexa 647 dye, filling a sample volume of ∼0.01 μL that is
imaged through 0.5 and 2 mm-thick skin phantoms using our
mobile fluorescence microscope. Through these phantom
experiments, using the Alexa 647 dye, we achieved a detection
limit of ∼5 × 105 and ∼2.5 × 107 fluorescent molecules per
sample volume for the 0.5 and 2 mm-thick phantoms,
respectively, both of which come very close to the shot noise
limit of our system. Furthermore, we investigated the sensitivity
of our mobile fluorescence microscope to lateral misalignments
with respect to the embedded fluorescent sample volume and
found that (1) the obtained microscopic images can be used to
track the misalignment in our mobile imaging system and (2) a
lateral misalignment of ∼0.6 mm degrades our limit of
detection by approximately 2-fold. This approach might lead
to powerful techniques for reading and quantification of
subcutaneous fluorescent sensors that can be integrated with
various wearable and mobile optical microscope designs,32−36

which could enable multiplexed monitoring of biomarkers
through patients’ skin, potentially bringing some of the point-
of-care and hospital-based biomedical sensing and diagnostics
tools to the home.

RESULTS AND DISCUSSION
Analysis of Target Fluorescence and Autofluores-

cence Signals. Our excitation beam, due to its oblique
illumination angle on the tissue surface, can be expressed as a
2D Gaussian signal with different widths in the x and y
directions. This Gaussian illumination pattern excites both the
skin autofluorescence and the target fluorescent sample volume,
which can be expressed on the skin surface as

= · ·− −I x y I( , ) e ex w y w
0

2 / 2 /x y
2 2 2 2

(1)

where I0 is a constant that depends on the illumination angle
and the excitation source power, and wx and wy define the
beam’s radius along x and y, respectively. Note that in our
experiments, due to oblique illumination, wx < wy. The
autofluorescence signal on the skin surface, IAF, that is imaged
by our microscope and its emission filters will depend on the
photobleaching rate of the skin tissue and can be approximated
as

= ̂ − ̂ β
I x y t u I x y z( , , ) ( ( , , ))e k u I x y z t

AF
{( ( ( , , )) ) }0 (2)

where the exponential coefficient β ∼ 1, k0 is a decay coefficient
that is inversely proportional to the density/concentration of

autofluorescent molecules inside tissue, t refers to time, and
u(I(̂x,y,z)) is the 2D autofluorescence emission intensity at the
skin surface that is assumed to be a monotonic and smooth
function of the 3D excitation intensity, I(̂x,y,z), that is scattered
within the tissue volume.31,32

We can approximate:
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where σAFx > wx and σAFy > wy due to scattering and spreading
of both the excitation light as well as the autofluorescence signal
in tissue, and A(x,y) = A0 + a(x,y) represents small amplitude
variations due to spatial nonuniformities of the tissue scattering,
absorption, and autof luorescence properties, with mean{A(x,y)}
= A0 and A0 ≫ |a|. With β ∼ 1, the autofluorescence signal that
is imaged at the skin surface can be written as
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where ⊗ refers to the spatial convolution operation. In eq 3, we
assumed that the point spread function (PSF) of our
fluorescence microscope, PSFmic(x,y), is (1) much narrower
compared to σAFx and σAFy and accordingly acts like a Dirac-
delta function in space and (2) broader compared to the scale
of the spatial variations observed in a(x,y).
It is evident from eq 3 that the impact of tissue

photobleaching would be more apparent around the beam’s
center (where the intensity is highest), and it reduces as we
move away from the center. Stated dif ferently, the photobleaching
process introduces a strong spatial modulation to the autof luor-
escence signal, IAF(x,y,t), in addition to a temporal modulation.
On the other hand, the impact of the photobleaching process

is quite different for the target fluorescent (TF) signal that is
imaged on the skin surface, ITF(x,y,t). In fact, since the spatial
width of the target fluorescent sample embedded within the
tissue/skin is much narrower compared to σAFx and σAFy, the
spatial variation of ITF(x,y,t) due to photobleaching can be
ignored compared to IAF(x,y,t). In other words, the photo-
bleaching process mainly introduces a temporal modulation to
ITF(x,y,t),rather than a spatial modulation.
To expand on this last statement, let us denote the

fluorophore distribution inside the small and thin sample
volume as c(x,y). Compared to the spatial widths of IAF(x,y,t)
and the excitation beam profile at the sample depth (i.e.,
K(x,y)) one can write c(x,y) ≈ coδ(x,y), where co is a constant.
This is a reasonable assumption for our experiments since the
fluorescent reservoir width is ∼0.5 mm, which is much smaller
compared to σAFx and σAFy as well as the spatial spread of the
excitation beam at the sample depth, even for a smaller
phantom depth of 0.5 mm. Then, using β ∼ 1, the
spatiotemporal modulation term for the target fluorescent
signal can be expressed as37,38 K(x,y)·c(x,y)·e−k0′K(x,y)t where k0′
is another decay constant that is in general a function of co
e spec i a l l y fo r low fluorophore concen t r a t i on s :

= · · ⊗ λ
− −K x y I x y( , ) [ e e ] PSF ( , )x w y w

T0
2 / 2 /

,
x y

2 2 2 2

ex
a n d

PSFT,λex(x,y) is the average incoherent point spread function
that is introduced by the tissue scattering and absorption that
the excitation beam (λex) faces for a skin thickness of T, i.e.,
c(x,y) lies below the surface of the skin by an amount that is
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given by T (0.5 mm or 2 mm in our experiments). Because
K(x,y) is much broader than c(x,y), we have

· · ≈ · ·− ′K x y c x y K c x y P t( , ) ( , ) e ( , ) ( )k K x y t( , )
0

0 (4)

where K0 = K(x = 0, y = 0) is a constant and P(t) = e−k0′K0t

represents the temporal modulation that the photobleaching
process introduces in ITF(x,y,t).
Based on eq 4, the image of the fluorescent intensity

distribution at the surface of the skin due to the target
embedded fluorophores can be expressed as
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where PSFT,λem(x,y) is the average incoherent point spread
function that is introduced by tissue scattering and absorption
corresponding to the emission wavelength (λem), for a given
skin thickness of T. Note that, similar to eq 3, the incoherent
PSF that is introduced by our fluorescence microscope is much
narrower in space compared to tissue-induced PSFs (for T ≥
0.5 mm) and therefore PSFT ,λem(x,y)⊗PSFmic(x,y) ≈
PSFT,λem(x,y). Assuming that the average incoherent point
spread function due to the presence of tissue has a Gaussian

distribution,39 i.e., α= ·λ λ
σ− + λx yPSF ( , ) eT T

x y
, ,

{ 2( )/ }T
2 2

,
2
, eq 5

can then be written as
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TF 0
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(6)

where K0′ = K0·αT,λem. Note that eq 6 is valid after the
fluorescent sample has been introduced or embedded into the
tissue, which in our notation covers t > 0.

Both ITF and IAF spectrally and spatially overlap during our
imaging experiments, i.e., Imic(x,y,t) = ITF(x,y,t) + IAF(x,y,t). By
comparing eqs 3 and 6, we can see that a major difference
between these two signals is that the photobleaching process
introduces a strong spatiotemporal modulation in IAF, whereas
it only introduces a temporal modulation, P(t), in ITF· This
feature helps us to separate these two signals from each other
using their different spatial distributions, imaged through the
surface of the skin using our mobile microscope. For this end,
we acquire a background image at t = 0 (see Figure 2) without
the presence or implantation of the target fluorophores in the
sample volume, i.e., Iback = Imic(x,y,t = 0) = IAF(x,y,t = 0). Then,
as illustrated in Figure 2, for any microscopic image acquired at
t > 0, we calculate:

α α

α

= · − = ·

+ · − =

g x y t t I x y t I t I x y t

t I x y t I x y t

( , , ) ( ) ( , , ) ( ) ( , , )

( ) ( , , ) ( , , 0)
mic back TF

AF AF (7)

where α(t) = mean{Iback}/mean{Imic(x,y,t)}. The function of
α(t) is to equalize the signal means, which also removes the
effect of potential illumination fluctuations. Following this
mean equalization procedure, we have mean{g(x,y,t)} = 0, and
the nominal value of α(t) in our experiments is ∼1.01.
As a function of the target dye concentration and time,

ITF(x,y,t) will cast its signature in the form of a spatial
distribution change in g(x,y,t), and therefore one of the best
ways to monitor the target fluorescent signal or its
concentration would be through a 2D spatial Fourier transform
( ) of g(x,y,t), i.e., =G f f t g x y t( , , ) ( ( , , ))x y . To better

visualize and investigate this, based on the mathematical
formalism and the equations that we outlined above, we created
a numerical simulation framework to understand the evolution
of the spatial frequencies of g(x,y,t) as a function of both the
target fluorescent molecule concentration as well as time. These

Figure 3. Simulation results for |G( f x,f y,t)| corresponding to our fluorescence imaging conditions for various target fluorophore
concentrations and time points. For a given target dye concentration that is constantly replenished, as time progresses, the amplitude of the
monitored spatial frequency on the f y axis (white arrow) remains approximately constant. As expected, for a given t value, the amplitude of the
monitored spatial frequency increases with the increasing concentration of the target dye. T = 0.5 mm. The origin is at the center of each
spatial frequency image.

ACS Nano Article

DOI: 10.1021/acsnano.6b05129
ACS Nano XXXX, XXX, XXX−XXX

D

http://dx.doi.org/10.1021/acsnano.6b05129


simulations results, as summarized in Figure 3, illustrate that
the amplitude of G( f x,f y,t) exhibits some characteristic peaks;
the amplitudes and specific locations of these peaks depend on
the illumination profile, tissue photobleaching as well as the
target dye concentration and its spatial function, c(x,y). In our
simulation results (Figure 3), two of these peaks that are
approximately centered at ( f x,f y) = (±0.24 mm−1, 0) very well
represent the behavior of the autofluorescence signal for a
background image or for images acquired at very low target
fluorophore concentrations, whereas the other two peaks at
( f x,f y) = (0, ± 0.4 mm−1) can be used to track the target
fluorescent signal defined by c(x,y). As desired, Figure 3
illustrates that the amplitude of this target spatial frequency (0,
± 0.4 mm−1) at a given t value gets larger as a function of the
concentration of the fluorophores within the target sample
volume; and for a given target dye concentration that is
constantly replenished, as time progresses, the amplitude of the
same target spatial frequency remains approximately constant
(in addition to Figure 3, also see Figure 2b for an independent
experimental confirmation of this). These simulations assumed
the same range of physical parameters as we used in our
experiments (see Table 1), and overall, they provide very good

agreement to our experimental results, which are summarized
in Figure 4. In these simulations and experimental results
(Figures 3 and 4), we have wx < wy due to our oblique
illumination angle (∼70°). If one switches the illumination
angle such that wy < wx, the spatial frequency peaks that
represent background autofluorescence and target fluorescence
signals will also switch or rotate 90° in the f x−f y plane.
We further investigated the effect of the incidence angle, thus

the ellipticity of our Gaussian illumination profile on the
performance of this fluorescence imaging system. Using a laser

diode with an oblique illumination angle is especially practical
in a wearable system, as it makes the imaging setup extremely
compact while also avoiding a direct reflection of the excitation
beam off the skin surface to enter into the wearable microscope.
In addition to these advantages, as demonstrated in Figure 4
this oblique illumination angle also helps us to separate the
contributions of the tissue autofluorescence from the target
fluorescent signal in the spatial frequency domain by perturbing
the 2D functional form of the autofluorescence signal at the
skin surface to be different than the functional form of the
target fluorescent signal that is imaged through our mobile
microscope (i.e., eqs 3 vs 6). Figure 5 further illustrates that

oblique illumination angles greatly reduce the impact of the
autofluorescence signal, measured at the spatial frequency that
is used to track the presence of the target fluorescent sample
(i.e., ( f x,f y) = (0, ± 0.4 mm−1) for our choice of c(x,y)).
However, further increasing the incidence angle over ∼70°
would provide a diminishing return and more importantly

Table 1. System Parameters Used in Our Numerical
Simulations

σAFx
(mm)

σAFy
(mm)

c(x,y)
(mm) co

σem
(mm)

T
(mm)

K0′
(Θ = 70°)

2.2 6.2 Ø 0.5 no. of molecules, as
reported in each
figure

0.62 0.5 0.18

Figure 4. A comparison of our experimental results (a) and numerical simulations for |G( f x,f y,t = 175 s)| as a function of the target dye
concentration. T = 0.5 mm. The colorbar in each image was optimized to maximize the visibility of the image at that particular concentration.
The origin is at the center of each spatial frequency image.

Figure 5. Simulation results illustrate, as a function of the
illumination angle of the excitation beam, the magnitude of the
Fourier transform of the tissue autofluorescence signal (without
any target fluorophore present) at the same spatial frequency that is
normally used to track the target fluorescence signal. Increasing the
illumination angle minimizes the contribution of the autofluor-
escence signal at the target spatial frequency. In our experiments,
we used an illumination angle that is approximately labeled with the
green transparent bar on the plot. T = 0.5 mm.
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rapidly reduce the intensity of the excitation beam on the skin
surface for a given power level of the illumination source and
therefore waste the available photon budget for the limited
field-of-view (FOV) of a wearable imaging system.
Investigation of the Limit of Detection, Repeatability,

and Alignment Sensitivity of the Mobile Microscope.
After establishing the mathematical background of our
approach and its experimental validation, next we investigated
how it performs for the detection of low concentrations of
fluorescent dyes in the presence of a spectrally overlapping and
time-dependent autofluorescent and scattering background.
The key aspect of our Fourier transform-based method, as
detailed in the previous subsection, is to utilize a nonuniform
excitation profile using, e.g., an oblique illumination angle. The
use of a simple elliptical Gaussian intensity profile for the
excitation beam allows us to modulate the spatial frequency
distribution of the tissue autofluorescence response and
separate it from the target fluorescence response embedded
within the tissue.
Using our mobile fluorescence microscope shown in Figure

1, we measured the limit of detection and the linearity of our
target signal extracted using our Fourier transform-based
processing approach by imaging a sample well of 0.01 μL
volume, filled with various concentrations of Alexa 647 dye
through 0.5 and 2 mm-thick skin tissue phantoms (see Figure
6). The limit of detection was determined by comparing our
measurements for different concentrations of fluorophores to
the mean plus three times the standard deviation of the
measurements made using pure DI water. The results revealed
that the limit of detection for a well-aligned imaging system
using our mobile microscope is 5 × 105 Alexa 647 dye
molecules per 0.01 μL sample volume that is embedded within
the 0.5 mm-thick tissue phantom, which corresponds to a dye
concentration of 105.9 pg/mL. As expected, the limit of
detection for the 2 mm-thick skin phantom degraded due to the
increased light absorption, scattering, and autofluorescence
inside the thicker tissue phantom and was measured as ∼2.5 ×
107 Alexa 647 dye molecules per 0.01 μL sample volume,
corresponding to a fluorophore concentration of 5.3 ng/mL.
Next we investigated the tolerance of our imaging system to

spatial misalignments, as one would expect to have in any
wearable imaging and sensing system. For this purpose, we
introduced 0.6 mm lateral misalignment within the FOV of our
mobile microscope with respect to the embedded fluorescent
sample volume, which is normally positioned to be at the center
of our FOV. As illustrated in Figures 7 and 8, due to this lateral
misalignment, our limit of detection degraded approximately by

a factor of 2 for both the 0.5 and 2 mm-thick tissue phantoms.
For a tightly placed wearable microscope, this level of
misalignment can be tolerated. In fact, for a given misaligned
imaging system, the location of the embedded fluorescent
sample beneath the tissue surface can be independently inferred
by low-pass filtering of the background subtracted image frames
to remove the high-frequency noise of the image sensor (e.g.,
see Figures 7a and 8a). Based on these filtered images, one can
periodically estimate the amount of misalignment in the
wearable imager and adaptively correct it through, e.g., steering
of the excitation beam. The large FOV of our mobile
fluorescence microscope design with a diameter of ∼4 mm

Figure 6. Average and the standard deviation of the detected signal for various dye concentrations for T = (a) 0.5 and (b) 2 mm tissue
phantom thicknesses. The detection limit is set to be the mean plus 3 times the standard deviation of the DI water measurements. For T = 0.5
mm our detection limit is ∼5 × 105 fluorophores per 0.01 μL sample volume, while for T = 2 mm, it increases to ∼2.5 × 107 fluorophores for
the same volume.

Figure 7. Tolerance of the mobile fluorescence microscope-based
sensing system to 0.6 mm horizontal and vertical misalignments for
T = 0.5 mm. (a) Measured fluorescent responses due to the target
dye (after background subtraction) are shown for well aligned,
vertically misaligned, and horizontally misaligned microscopes. In
each case, the left image is before, and the right image is after the
noise reduction by a low pass spatial filter. High-intensity spot of
each filtered image corresponds to the location of the embedded
fluorescent sample, tracking the amount of misalignment in the
imaging system. (b) The change in the detected signal for
horizontal and vertical misalignments (using ∼106 fluorophores
per sample volume, 0.01 μL). (c) Measurements for various
fluorescent dye concentrations with and without 0.6 mm vertical
misalignment. The linearity of the detected signal vs the target
concentration is preserved.
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permits the use of such an adaptive correction procedure by
simple steering of the excitation beam, even by a few degrees
through e.g., a microelectromechanical system (MEMS)-based
mirror that can be integrated into the excitation beam path.
This would mean that a given misalignment of the wearable
imaging system can be estimated and accordingly corrected,
and the system can be realigned through such an adaptive
approach by making use of the spatial redundancy of our large
imaging FOV compared to the small embedded sample/sensor
area.
Future Design Considerations and Challenges toward

an Ultrathin Wearable Microscopy and Sensing System.
In a wearable optical sensor design, compactness, lightweight,
and robustness are important requirements. Mostly driven by
the consumer electronics industry (in particular mobile phone
manufacturers), camera modules are becoming increasingly
more compact and thinner; however lens-based imaging
systems inherently have a physical limit on their minimal size.
As an alternative to lens-based designs, lens-free imaging
technologies have already been developed40,41 for computa-
tional microscopy and sensing applications42−44 aiming to
provide thinner, more compact, wider FOV and more cost-
effective imagers compared to their lens-based counterparts,
and here we will discuss the design considerations as well as
potential advantages and disadvantages of lens-free imaging
techniques toward the design of next generation wearable
sensor platforms.
One potential candidate to replace lens-based image relay

systems for a wearable sensor design involves the use of a fiber
optic faceplate in a lens-free on-chip imaging geometry.42,44

Each faceplate consists of thousands of optical fibers bonded
together in a bundle with a light absorbing material placed in
between them. Its function is to transmit the intensity
distribution on one of its surfaces (e.g., in contact with the
skin) to the opposite surface, where we can directly place an
optoelectronic sensor array, e.g., a CMOS imager chip without
any alignment or focusing needed, forming a lens-free contact
imaging and sensing system on the skin surface.
Using such a fiber-optic faceplate-based lens-free on-chip

microscope design for fluorescence imaging and sensing
applications creates opportunities to minimize the thickness
and weight of the wearable microscopic sensor while also
significantly increasing the imaging FOV; for example, an

imager thickness of <0.5−1 cm, a device weight of <10−20 g,
and a FOV of >20−30 mm2 can be achieved using this on-chip
contact microscopy design. However, there are also challenges
that need to be addressed. As in any fluorescence imaging
system, one needs to provide the excitation to the sample and
then filter the excitation light out to measure the target
fluorescent signal. Since the faceplate forms a contact imaging
system, delivering the excitation light onto the skin is less
straightforward due to the lack of space between the faceplate
and the skin. Excitation light can potentially be provided right
next to the faceplate, however this would also limit the usable
FOV of the wearable sensor as the excitation light would need
to travel within the skin to reach the target sample volume
under the faceplate. In an alternative design (see Supple-
mentary Figure S1), the excitation light can also be provided by
channeling it through the fibers of the same faceplate by, e.g.,
integrating an array of laser diodes within the wearable sensor
assembly, coupling the excitation light through the other side of
the faceplate without blocking the FOV of the imager chip. In
both of these cases, a relatively small area on the skin surface
will be illuminated by the excitation light, and therefore, one
needs to be careful about the skin exposure safety limits since
higher excitation intensities would be needed to efficiently
excite the target sample volume embedded in the skin.
In addition to providing a compact, thin, and wide-field

imager design, fiber optic faceplates possess an additional
advantage as they can be manufactured to reach a numerical
aperture (NA) of ∼1, providing an excellent light collection
efficiency at the areas filled by the fiber cores. The parts of the
faceplate volume occupied by the cladding and the stray light
absorber (i.e., the extramural absorption, EMA) material will
not effectively transmit light, thus the maximum possible
transmission at the fluorescent emission band is limited by the
fill factor of the faceplate (typically e.g., 70−80%). One must
also carefully consider the potential autofluorescence of the
utilized absorptive materials in the faceplate design to avoid
sensitivity loss for the wearable system.
In addition to the efficient delivery of the excitation beam

into the sample volume, the design of emission filter is equally
important for high-quality fluorescence sensing and imaging.
Absorption-based filter coatings have been demonstrated to
work well with lens-free fiber-optic faceplate-based fluorescence
sensing systems.42−44 However, the edge steepness of the
transmission spectra of absorptive materials is in general lower
than their thin-film counterparts, and therefore in a lens-free
design, it is advantageous to select fluorophores with a relatively
wide spectral gap between their absorption and emission
maxima. Also, the transmittance efficiency of absorption-based
filters in the emission band of a target fluorophore is generally
lower, especially at high optical densities (e.g., OD6+) which
would be required for a wearable sensor due to, e.g., the
backscattered excitation light from the skin surface.
Thin-film-based filter coatings can overcome some of the

above-discussed shortcomings of absorption filters, however,
they also introduce their own challenges. Due to the spectral
shift of thin-film filters at increased incidence angles, one must
limit the NA and therefore the light collection efficiency of the
faceplate, to prohibit the light passing through the filter coating
to couple into the fibers of the faceplate. These rays, however,
can still propagate as cladding modes in the faceplate, thus
additional EMA material is necessary, and potentially the
overall thickness of the faceplate would need to be increased to
reach the required optical density for the rejection of the

Figure 8. Same as in Figure 7, except for 0.6 mm vertical
misalignment using ∼7.5 × 107 fluorophores per sample volume
(0.01 μL) and T = 2 mm. The thicker skin tissue phantom causes a
wider distribution of the fluorescence signal, which still tracks the
misalignment/displacement in the imaging system as shown in (a).
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excitation light. The angular dependence of the transmission
spectrum of the thin-film filter can especially become a major
limiting factor for fluorophores, where the excitation and the
emission peaks are close to each other, since it can severely
limit the maximum NA of the faceplate, or otherwise the cut-on
wavelength of the emission filter will need to be shifted toward
higher wavelengths resulting in a loss of detection sensitivity at
low emission angles.
Another parameter to consider when designing a fiber-optic

faceplate-based lens-free fluorescent imaging system on a chip
is the bond between the faceplate and the sensor chip surfaces.
The pixel size of the sensor chip and the fiber optic array
orientation of the faceplate should be chosen to avoid aliasing
related spatial artifacts arising from the two periodic patterns.
Typically, microlenses are also employed on CMOS image
sensor chips to increase the sensitivity of these devices for light
rays arriving at higher incidence angles. However, their cutoff
angle is well below an NA of 1 in air, which also needs to be
taken into account when choosing the NA of the faceplate.
Furthermore, for smaller pixel size sensors that are especially
employed in mobile phone cameras, the microlens array
distribution on the image sensor chip is specially designed in
conjunction with the lens of the camera assembly, such that the
microlenses are laterally shifted from the center position of the
pixel area toward the edges of the sensor FOV in order to
provide better sensitivity at higher chief ray angles. Using these
types of image sensors can yield loss of sensitivity near the
edges of the FOV, when they are coupled to a faceplate with a
uniform angular emission across the entire FOV. Therefore, for
a wearable fluorescence imaging platform, one must carefully
consider and choose the image sensor chip together with the
properties of the fiber optic faceplate, the filter coating, as well
as the target fluorescent dye spectrum in order to exploit the
potential advantages of such compact, thin, and wide-field lens-
free imager designs for wearable sensor applications.

CONCLUSIONS
In this work, we demonstrated the design of a compact and
cost-effective mobile microscope for sensing small quantities of
fluorescent dye molecules in the visible part of the spectrum
through a highly autofluorescent, scattering, and absorbing
phantom that mimics human skin. Using this mobile
microscopy platform along with a spatial frequency-based
signal processing scheme, we achieved a detection limit of ∼5 ×
105 and ∼2.5 × 107 Alexa 647 fluorescent molecules within a
sample volume of ∼0.01 μL that is positioned 0.5 and 2 mm
below the surface of a skin tissue phantom, which correspond
to a dye concentration of 105.9 pg/mL and 5.3 ng/mL,
respectively. We also demonstrated that this approach can be
used to track the spatial misalignments of the mobile
microscope with respect to the location of the embedded
target fluorescent sample and that a lateral misalignment of
∼0.6 mm degrades our limit of detection approximately by 2-
fold. All of these experimental results were achieved using an
excitation intensity level that is approximately an order of
magnitude below the safe long-term exposure limit of the
human skin. With rapid advances in optical sensor technologies,
we believe that the presented approach might prove useful for
designing fluorescence sensors that can be read subcutaneously
using wearable microscopes, enabling various powerful device
concepts for multiplexed, continuous monitoring, and
quantification of a panel of biomarkers and chronic conditions
at home or at point-of-care settings.

METHODS
Optical Imaging Setup. Our optical setup consists of four main

parts: the excitation source, the image relay lenses, the emission filters,
and the image sensor chip. All the imaging components are enclosed
within a custom-designed 3D printed opto−mechanical interface,
which weighs <40 g (see Figure 1). The excitation light is provided by
a laser diode (Thorlabs LP642-FS20) at 642 nm. The output of the
laser is collimated to have a beam diameter of ∼4.4 mm, and the
Gaussian beam of this excitation source illuminates the skin phantom
at an incidence angle of ∼70°. The average intensity of the beam is
0.24 mW/mm2, which is ∼8-fold smaller than the safe long-term
exposure limit for human skin.45 The image of the object is relayed by
a pair of lenses (Evetar M13B1618IR) achieving a magnification of
0.85×. The excitation light is filtered by a pair of thin-film filters
(Chroma ET700/75m and Semrock BLP01−664R-25), one placed
between the lenses and the other one placed before the front lens,
respectively. These two filters were selected by considering the angle-
dependent transmission characteristics of thin-film filters in con-
junction with the properties of the lenses in our design. In our
compact wearable imaging geometry, the lenses are positioned in close
proximity to each other to maximize the FOV of the system and
reduce vignetting effects. Due to their short focal lengths and low f-
numbers, this dual filter geometry was utilized to block the excitation
light from reaching the image sensor chip regardless of the sample
position within the FOV, while still allowing the majority of the
emission spectrum of the target dye to pass. The fluorescence image of
the skin phantom is captured using a board level CMOS camera
(Basler Dart daA1280−54um). The diameter of the FOV of our
imaging system is ∼4 mm.

Skin Phantom. The tested skin phantom samples were fabricated
at Verily to mimic the autofluorescence, scattering, and absorbing
characteristics of human skin46 at our excitation and emission
wavelengths. The phantom substrate was made out of PDMS
(Sylgard(R) 184 Silicone Elastomer Kit), and the scattering and
absorbance properties were adjusted by adding TiO2 particles (<5 μm
in diameter, from Sigma-Aldrich, SKU-248576-100G) and carbon
black (Sigma-Aldrich, 699632-25g), respectively.47 To mimic the
autofluorescence characteristics of Caucasian human skin, specifically
the forearm, Disperse Red (Sigma-Aldrich, 344206-5G) was used as
the fluorescent dye embedded within the phantom. The absorption
(μa) and isotropic scattering (μs′) coefficients, the anisotropy (g), and
the refractive index (n) of the skin phantom for the excitation and
detection wavelengths utilized in our fluorescence imaging experi-
ments are summarized in Table 2. The isotropic scattering and

absorption coefficients were measured using the double integrating
sphere48 technique and the inverse adding-doubling49 method, and the
anisotropy was calculated using the Mie theory.50 Each phantom is
bonded on the top of a microfluidic channel, containing a cylindrical
reservoir with a diameter of 0.5 mm and a sample volume of ∼0.01 μL
connected to a microfluidic system with an inlet and outlet, which are
used to introduce varying concentrations of fluorophores into the
sample volume. In our experiments we used 0.5 and 2 mm-thick skin
phantoms to evaluate the effect of tissue thickness on our
measurement sensitivity.

Measurement Workflow. We prepared various concentrations of
the target fluorescent dye (Alexa 647) for our measurements. Alexa
647 was selected in our experiments as it can be excited by and emits
at the far-red part of the electromagnetic spectrum, where the skin’s
autofluorescence and absorption are both reduced compared to lower
wavelengths. This fluorescent molecule also has a relatively high
quantum efficiency of ∼0.33 which is important due to the limited

Table 2. Optical Properties of the Skin Tissue Phantom That
We Used in This Work

λ (nm) μa (1/mm) μs′ (1/mm) g n

650 0.06 2.61 0.7 1.42
700 0.06 2.42 0.7 1.42
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excitation photon budget that is enforced by the human skin radiation
exposure safety limits. Furthermore, it can be efficiently excited by
cost-effective laser diodes available on the market, and conventional
CMOS-based image sensors have good external quantum efficiencies
at its emission wavelengths. The embedded chamber within the tissue
phantom is first located, for alignment of the mobile microscope, by
filling it with a high-concentration dye solution (∼2 μg/mL, i.e., ∼
20,000-fold higher than our detection limit), and it is accordingly
positioned to be in the middle of the FOV of the mobile microscope.
The chamber is then washed with a continuous flow of DI water (∼3
mL) using a syringe pump (Chemyx Fusion 200). After this washing
step, the excitation light and the image sensor are turned on. The
chamber is then filled with the target concentration of the fluorophore
during continuous pumping for 180 s at a flow-rate of 60 μL/min. The
dye enters the chamber and into the FOV of our imager at around 90 s
and is constantly refreshed until the pumping stops. The fluorescent
emission through the skin phantom is continuously imaged by our
mobile fluorescence microscope during and after the pumping process
for 5 min. The CMOS image sensor chip is set to operate without
gain, and the exposure time is set to be 1 s.
Processing of Fluorescence Microscopy Images. Figure 2

provides an overview of our algorithm that is used for processing of
the acquired fluorescence images. Each captured sequence of images in
a given measurement is divided into two subsets. The first 10 frames
are used to create an autofluorescence background image by averaging
them to reduce noise. This background image is used as a reference for
subsequent images acquired during a measurement; for a wearable in
vivo sensing system, the same background image can be calculated by
acquiring images at a sensor-free part of the skin surface with a small
lateral offset or alternatively before the activation or implantation of
the sensor, as we can assume that the skin does not experience
significant changes in its autofluorescence behavior at the selected spot
during the operation of the wearable sensing system. To reduce the
intensity noise arising from the stability of the laser diode-based
excitation, the mean of each image frame is equalized to the
background image before subtraction (see Figure 2). As detailed in
the Results and Discussion section, the spatial distribution of each one
of these mean equalized and background subtracted images is strictly
related to two simultaneous processes that happen during a
fluorescence measurement: (1) the change of the skin’s autofluor-
escence emission distribution due to spatially and temporally varying
photobleaching, and (2) the presence of the target fluorescent dye
within the embedded sample/sensor volume. The excitation beam
profile mainly determines the former, while the latter is influenced by
the size, shape, and location of the embedded sample volume
containing the target dye. Note that here we ignore any spatial
modulation in a fluorescence image that might be introduced by
potential photobleaching or degradation of the target fluorescent
sample within the skin. As detailed in the Results and Discussion
section, this is a reasonable assumption since the width of the
implanted target fluorescent volume would be negligible compared to
the width of the scattered excitation beam within human skin. This is
certainly the case for our phantom experiments where the fluorescent
reservoir width is ∼0.5 mm, whereas the excitation beam width within
the phantom approaches ∼1 cm after tissue scattering, even for a
smaller phantom depth of 0.5 mm.
In order to separate these two contributions from each other (tissue

autofluorescence vs target dye fluorescence) and be able to measure
the changes in the spatial distribution of our images caused by the
presence of the dye in the target sample volume, we take a 2D spatial
Fourier transform of each one of the mean equalized and background
subtracted frames, as shown in Figure 2. We then locate and measure
the amplitude of a spatial frequency (refer to the Results and
Discussion section for details) that is linked to the target fluorescent
dye volume embedded within the skin phantom and track it as a
function of time using our mobile microscope with a frame rate of 1
fps.
Our Results and Discussion section also provides a mathematical

analysis of the above outlined image processing flow to shed more

light into how it is used to separate the true fluorescent signal that is
generated by the target dye volume from tissue autofluorescence.

Measuring the Lateral Misalignment Tolerance of the
Mobile Microscope. In our experiments, we initially align the
sample chamber containing the target dye to be in the middle of the
FOV of our mobile microscope. To test misalignment tolerances of
this imaging system, the phantom is then laterally shifted using a
translation stage along either the major or the minor axis of our
elliptical excitation beam profile, which is followed by the same
detection/imaging process that is detailed earlier.
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