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E N G I N E E R I N G

Needle-compatible miniaturized optoelectronic sensor 
for pancreatic cancer detection
Seung Yup Lee1*, Julia M. Pakela2,3, Kyounghwan Na4, Jiaqi Shi5, Barbara J. McKenna5, 
Diane M. Simeone6†, Euisik Yoon1,4, James M. Scheiman7‡, Mary-Ann Mycek1,2,8§

Pancreatic cancer is one of the deadliest cancers, with a 5-year survival rate of <10%. The current approach to 
confirming a tissue diagnosis, endoscopic ultrasound-guided fine-needle aspiration (EUS-FNA), requires a time- 
consuming, qualitative cytology analysis and may be limited because of sampling error. We designed and engineered 
a miniaturized optoelectronic sensor to assist in situ, real-time, and objective evaluation of human pancreatic 
tissues during EUS-FNA. A proof-of-concept prototype sensor, compatible with a 19-gauge hollow-needle com-
mercially available for EUS-FNA, was constructed using microsized optoelectronic chips and microfabrication 
techniques to perform multisite tissue optical sensing. In our bench-top verification and pilot validation during 
surgery on freshly excised human pancreatic tissues (four patients), the fabricated sensors showed a comparable 
performance to our previous fiber-based system. The flexibility in source-detector configuration using microsized 
chips potentially allows for various light-based sensing techniques inside a confined channel such as a hollow 
needle or endoscopy.

INTRODUCTION
Pancreatic ductal adenocarcinoma (PDAC) is the third leading cause 
of cancer death in the United States in 2019 (1) and is the only major 
cancer with a survival rate less than 10%. Pancreatic cancer deaths 
have been projected to double over the next 20 years and will become 
the second leading cause of cancer-related death by 2030 (2). Current 
diagnostic methods, including computed tomography, magnetic 
resonance imaging, and endoscopic ultrasound (EUS), have clini-
cally relevant limitations in providing an accurate diagnosis either 
by failing to identify small lesions or by failing to accurately differ-
entiate masses as either adenocarcinoma or chronic pancreatitis (CP) 
(inflammation of the pancreas) (3).

The challenges to accurate pathological diagnosis of suspected 
pancreatic neoplasm may occur because of characteristic stromal 
reaction with intense fibrosis associated with both PDAC and CP. 
This common feature notably complicates attempts to differentiate 
between similar-appearing lesions on imaging, even with cytological 
evaluation of EUS–fine-needle aspirations (EUS-FNAs), as chal-
lenges in targeting the neoplasm are problematic (4). In addition, 
EUS-FNA suffers from low cellularity, leading to multiple insertions 
of the FNA needle with few cells to examine (5). Furthermore, 
well-differentiated tumors may provide challenges to the subjective 
cytological assessment.

Optical biopsy via light-based spectroscopy has been proposed 
as a complementary tool to EUS-FNA for minimally invasive, quan-
titative assessment. A multimodal approach combining diffuse re-
flectance and steady-state fluorescence spectroscopy has accurately 
distinguished malignant tissues from benign tissues in studies on 
freshly excised pancreatic tissues using histopathologic analysis as 
the gold standard (6–8). Furthermore, in a pilot study examining 
intact pancreas in vivo during pancreatic surgery (9), our group 
demonstrated a good agreement between in vivo and ex vivo mea-
surements. Recently, one group has demonstrated technical feasibility 
of single-fiber reflectance spectroscopy during EUS-FNA procedure 
(10). Another group has also used light scattering spectroscopy with 
a fiber-optic probe through a hollow FNA needle during EUS eval-
uation of pancreatic cystic neoplasms and demonstrated 95% sensi-
tivity (11). However, the fiber-optic probe delivered through the 
hollow FNA needles (19 or 22 gauge) only enables a single-point 
measurement with a very confined optical interrogation volume 
formed by a single fiber or dual fibers with a short source-detection 
separation. Accurate evaluation would require repetitive insertions 
of the needle and fiber, which could lengthen the overall procedure 
and increase the possibility of infection and/or pancreatitis.

Here, we have designed, fabricated, and validated a proof-of-concept 
19-gauge (internal diameter, ~850 m) FNA needle–compatible minia-
turized optoelectronic (OE) sensor that integrates multiple sensing 
units, a pair of light sources [light-emitting diode (LED)], and a de-
tector (phototransistor) for volumetric sensing. To build and test 
the entire sensing system, we have (i) performed engineering analysis 
on optical and thermal design, (ii) fabricated the microscale printed 
circuit board (PCB) and assembled the LED and phototransistor 
chips, (iii) developed a custom electronics and graphic user interface 
(GUI) program, (iv) characterized optical and electrical performance 
of the assembled sensor, (v) verified the entire system performance 
in tissue-simulating liquid phantoms in comparison with a referent 
fiber optic–based diffuse reflectance spectroscopy (DRS) system, 
and (vi) validated on freshly excised pancreatic tissues during the 
Whipple or pancreatectomy procedure (total 24 tissue sites from 
four patients). The following section is structured in this order to 
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show the results of each step, with the exception of steps (ii) and 
(iii), which are described in Materials and Methods.

RESULTS
Design concept
Figure 1A illustrates the concept of multipoint optical sensing via 
the miniaturized OE sensor during the EUS-FNA procedure. Through 
a side-cut window of the FNA needle in a commercial EUS-FNA 
device (EchoTip ProCore HD, Cook Medical), multiple sensing 
units placed in a lateral direction can interrogate tissue surrounding 
the needle. Our OE sensor design is based on our previous studies 
using DRS, which demonstrated that the reflectance intensity ratio 
between 460 and 650 nm (R460/R650) has the diagnostic potential to 
distinguish malignant tissues from benign tissues (6, 12). Differences 
in diffuse reflectance spectra (400 to 750 nm) measured on three 
different pancreatic tissue types including adenocarcinoma (PDAC), 
CP, and normal tissues from 105 sites in 22 patients are observable 
(Fig. 1B) (8), and the computed R460/R650 is significantly different 
between three tissue types (Fig. 1C). Although these findings simplify 
sensor implementation using a single phototransistor and sequen-
tial illumination of two LEDs with discrete wavelengths, integrating 
all the components in a miniaturized form that can fit into a 19-gauge 
needle is challenging. Figure 1D shows a schematic of our miniaturized 
OE sensor compatible with the 19-gauge FNA needle. The single 
sensing unit consists of one phototransistor, as well as one 460-nm 
LED and one 650-nm LED, each located ~660 m away from the 
phototransistor at each side. This distance is the same source-detection 
separation with our previous fiber optic–based reflectance spectros-
copy system (6–8), maintaining the same penetration depth (about 
a few hundred micrometers in a superficial layer) for the purpose of 
validation. A microfabricated PCB provides a base for microsized 
OE chip assembly via the deposited eutectic alloy and electrical in-
terconnections. Despite the fact that monolithically fabricating an 
LED and photodetector on a single wafer is technically feasible for 

biomedical applications (13), we selected unpackaged die-level 
LEDs and a phototransistor available on the market to reduce the 
complexity and cost of the manufacturing process (14). Given that 
the dimension of one sensing unit is ~2 mm by 0.6 mm, multiple 
sensing units can be placed in a row inside the hollow FNA needle. 
An ultrasmall form factor of the sensor enables integration onto a 
stylet, a thin flexible guide filling a hollow channel during delivery 
of the needle through endoscopy and removed before FNA. This 
assembly strategy would permit colocalized optical sensing and 
FNA within the same needle. The potential clinical user scenario is 
described in fig. S1. Note that because the focus of this proof-of-
concept study is on the technical feasibility of the miniaturized OE 
sensor, here, the fabricated OE sensor is directly attached to the in-
side of the needle rather than onto the stylet.

Optical design
The unpackaged die-level LED chips were selected for 460 nm 
(460DA3547, Cree) and 650 nm (C4L 12T5, Chip4Light) for their 
sufficient light emission with relatively low electrical power con-
sumptions. We also choose an unpackaged phototransistor (T1090P, 
Vishay) with a high radiant detection efficiency and adequate sensi-
tivity in the visible range. The feasibility of optical sensing using the 
selected OE components was verified computationally via the Monte 
Carlo (MC) embedded function available through the commercial 
ray-tracing software Zemax (Zemax 12). The simulation predicts 
that when the LED emitted 0.5 mW of angularly distributed power, 
the phototransistor detected a power of >3 mW/cm2, generating a 
photocurrent of >50 A. Given that the dark current of the photo-
transistor is 1 nA, the expected theoretical signal-to-noise ratio 
(SNR) is >90 dB; however, the SNR is expected to be lower as a re-
sult of additional noise sources from the custom LED driver and 
transimpedance amplifier (TIA). In addition, the MC simulation 
visualized the trajectory paths of individual photons detected by the 
phototransistor, as shown in Fig. 2A, representing an optical inter-
rogation volume formed by the current source-detector geometry. 

Fig. 1. Design concept of a miniaturized needle-compatible OE sensor. (A) Illustration depicts an application scenario of 19-gauge needle–compatible miniaturized 
sensor through a commercial EUS-FNA device for enlarged optical interrogation volume with multiple sensing units. (B) Mean normalized reflectance spectra acquired 
from our previous ex vivo DRS measurements on human pancreatic tissues (a total of 22 patients and 105 sites including normal tissue, CP, and PDAC) establish that the 
spectral shape of each tissue type is different. The wavelengths showing the maximum (blue shaded) and minimal (red shaded) difference between different tissues can 
be selected for a ratiometric analysis. (C) The reflectance ratios (R460/R650 nm) computed from DRS are significantly different between three pancreatic tissues (*P < 0.001, 
Wilcoxon rank sum test). Error bars are SEs. (D) Three-dimensional (3D) design concept of the miniaturized OE sensor.
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The penetration depth is roughly estimated to be ~350 and ~500 m 
for 460 and 650 nm, respectively, and the total interrogation volume 
is estimated to be ~0.25 mm3, assuming that the volume is a hemi-
sphere. This estimated volume is close to the simulated volume in-
terrogated by the fiber-optic probe used in our previous study and 
also comparable to the volume of a smeared tissue sample obtained 
during EUS-FNA.

Furthermore, we evaluated the ability to distinguish three differ-
ent tissue types. The MC simulations run on the optical models of 
normal pancreatic tissues, CP, and PDAC at 460 and 650 nm. The 
LED light intensities are set to 0.6 and 0.5 mW for the 460- and 650-nm 
LEDs, respectively, according to their specifications. The simulat-
ed R460/R650 are 0.76, 0.91, and 1.21 for normal pancreas, CP, and 
PDAC, respectively. To account for the difference in excitation in-
tensity of the two LEDs, the R460/R650 of PDAC is scaled to 0.71 (the 
averaged ratio from the experiments shown in Fig. 1C), which re-
sults in 0.44 and 0.53 for normal pancreatic tissues and CP, respec-
tively. This result reveals that our OE sensor measuring reflectance 
intensity ratio at specific wavelengths can differentiate PDAC from 
both normal pancreas and CP. Last, to investigate the sensitivity to 
the environment temperature, we simulated the reflectance ratios 
using optical properties with wavelengths that were 5 nm longer to 
mimic the increased peak emission wavelength, corresponding to a 
temperature increase of 50°C (15). The simulated R465/R655 of all 
three tissue types are within 1% of R460/R650, confirming stable op-
tical performance of the sensor against the potential temperature 
variation in an in vivo tissue environment.

Thermal design
LED emission generates heat due to energy dissipation by conver-
sion from electrical to optical power. Thus, a critical design factor is 

to ensure that there will be no tissue damage from heat during OE 
sensor operation in human pancreatic tissues. To estimate temperature 
changes by LED emission, heat transfer was simulated using finite 
element analysis implemented through Ansys software (Ansys). 
The sensor assembly, consisting of two LEDs located 1.2 mm apart 
from each other atop a silicon wafer attached on a guide stylet, was 
modeled using a realistic dimension and the properties related to 
heat transfer (Fig. 2B; see Materials and Methods). LED power was 
set to 1 mW (double the power used for optical simulation) operat-
ing with 10 mW of electrical power. After 1-s emission of both 
LEDs, the maximum temperature reaches 37.4°C (Fig. 2C). One 
second is a sufficiently longer time scale than our expected optical 
sensing time (<0.5 s) for real-time feedback. While the maximum 
temperature occurs inside the LED body, the maximum tempera-
ture of the surrounding pancreatic tissues is found to be around 
37.0°C, less than an increase of 1°C from the initial tissue tempera-
ture of 36.5°C. In a steady-state model, temperature stabilizes in 
38.1°C at 10 s, and the maximum tissue temperature is about 37.6°C 
(Fig. 2, D and E). It is also noted that the area with temperature 
changes is limited to within 5 mm around the sensor. These results 
demonstrate that our sensor contributes a negligible temperature 
increase in a very limited area and is unlikely to cause tissue dam-
age. This simulation carries the assumption of a perfect contact be-
tween LEDs and the surrounding tissues, indicating no thermal contact 
resistance. In reality, the maximum tissue temperature would be 
further reduced.

Engineered devices
Figure 3 shows an engineered proof-of-concept prototype of a needle- 
compatible OE sensor. The handheld probe module (Fig. 3A) is com-
prised of a sensor assembly on the microfabricated PCB, 19-gauge 

Fig. 2. Computational design analysis. Computational design tools perform engineering analysis and confirm feasibility of optical sensing and thermal safety of the 
miniaturized sensor. (A) MC simulation visualizes the path traveled by photons (blue, 460 nm; red, 650 nm) collected by the phototransistor inside a pancreatic tissue 
model. (B) 3D model of the integrated sensor for heat transfer analysis given the heat dissipation from two LEDs and the heat capacitance of each component. (C and 
D) Side view of temperature distribution after (C) 1 s of LED illumination and (D) in equilibrium after about 10 s shows that the maximum temperature increase is only 
1° right on the LEDs and the temperature increase in adjacent pancreatic tissues is minimal. (E) Time series maximum temperature profile shows that the temperature 
stabilizes after 10 s with continuous LED illumination.
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FNA needle (ECHO-HD-19-C, Cook Medical), and the connecting 
PCB for electrical connection to the custom control electronics and 
space to be held by finger (Fig. 3B). Figure 3D displays a zoomed-in 
image of the sensor assembly inside the needle. Depending on the 
number of LEDs and the number of sensing units, a variety of de-
sign configurations is feasible, including a basic sensing unit with 
460- and 650-nm LEDs (Fig. 3E), an advanced unit with additional 
near-infrared (NIR; 785 nm) LED (Fig.3F), and a dual-unit module 
that aligns two sub-single units (Fig. 3G). For demonstration pur-
pose, all of the sensors shown here are imaged before the epoxy en-
capsulation process, which is the final step to provide a transparent 
protective window for the sensor. Further details on the fabrication 
and assembly process are described in Materials and Methods, and 
a step-by-step recipe can be found in notes S1 and S2 and fig. S2.

Electrical and optical characterization
The electrical and optical properties of the LED and phototransistor 
assembled onto the fabricated PCB were evaluated. Figure 3H shows 
If (forward current)–Vf (forward voltage) characteristic curves of each 
LED. The measured optical powers from each LED are linear to the 
input forward current (Fig. 3I). To assess the effectiveness of the LED 
assembly, we measured a well-plug efficiency, defined as output op-
tical power divided by input electrical power, of 21.7 ± 2.9% (for 460 nm, 
±SD), 21.2 ± 4.2% (for 650 nm), and 22.1% (for 785 nm). The mea-
sured peak wavelengths by spectrometer are 458 ± 15 nm (peak ± 

full width at half maximum), 644 ± 15 nm, and 783 ± 18 nm (Fig. 3J). 
The performance of the assembled phototransistors was indirectly 
evaluated by measuring the detection voltage under conditions of con-
stant LED output onto a tissue-simulating phantom with increasing 
concentrations of 20% Intralipid (scattering agent). The detection 
voltage reading increases as the concentration increases (Fig. 3K).

Tissue-simulating liquid phantom study
The optical sensing capability was evaluated using a set of tissue- 
simulating liquid phantoms. The phantoms were mixtures of de-
ionized water and microspheres (scattering agent) titrated with a 
hemoglobin powder in increments of 5 M (Fig. 4A) to alter the 
reflectance spectrum (Fig. 4B). Each phantom was measured by both 
our developed OE system using one single-unit sensor (Fig. 2E), one 
dual-unit sensor (Fig. 2G), and our fiber optic–based DRS system 
(12, 16). Figure 4B displays the measured reflectance spectra from 
each phantom (solid lines) and the measured reflectance by the OE 
system using a single-unit sensor at 460 and 650 nm (diamond 
makers), indicating excellent agreement between the two devices. 
When the hemoglobin concentration increases from 10 to 40 M, 
R450 decreases by ~30%, while R650 stays consistent. The R460/R650 
measured by three independent sensing units agrees well with DRS- 
measured R460/R650 on each phantom as shown in Fig. 4C. Despite 
slight differences in absolute R460/R650 between the different sensing 
units, OE-measured R460/R650 shows a linear correlation with the DRS 

Fig. 3. Fabricated OE devices and characterization of their basic performance. The 19-gauge needle–compatible miniaturized OE sensor has been successfully devel-
oped for a proof-of-concept study of pancreatic cancer detection. Basic electrical and optical performance of the assembled OE sensor has been characterized. (A) The 
handheld sensor module consists of a 19-gauge needle and a fabricated PCB, which the OE components are assembled on. The PCB is connected to another large-scale 
PCB to provide electrical connection to the control electronics. (B) Photo of the sensor module held by hand (C) size comparison with a U.S. dime. (D) A zoomed-in photo 
(scale bar, 1 mm) displays one type of the sensing unit, consisting of one phototransistor and three LEDs that are shown through a side-cut window of the hollow needle 
(internal diameter, 850 m) in the commercial EUS-FNA unit. (E to G) LED light emission from different types of the fabricated sensors. (E) Single-unit type 1: 460- and 
650-nm LEDs located on either side of a single phototransistor; (F) single-unit type 2: 460-nm LED located on one side, and 650-nm LED and NIR LED located on the other 
side of a single phototransistor; (G) dual unit: two single units (type 1) with a distance of ~5 mm between two phototransistors. (H) Forward voltage versus forward current 
curves of three assembled LEDs (n = 5 for 460- and 650-nm LEDs and n = 1 for 785-nm LED) (I) Linear relationship between forward current and optical power of three 
assembled LEDs. (J) Emission wavelengths of three LEDs measured by spectrophotometer. (K) The voltage detected by the phototransistor under constant LED power 
increases with the increase of the scatterer [Intralipid (IL)] concentrations for both the blue and red LEDs. The error bars represent SDs. Photo credit: Seung Yup Lee and 
Brandon Baier, University of Michigan.
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measurements (Pearson’s correlation = 0.96; Fig. 4D). The measured 
SNRs are 55.92 ± 2.07 and 55.98 ± 3.61 dB for 460 and 650 nm, 
respectively. There was no observed breakdown or performance 
degradation of the fabricated sensor after submersion into the liquid 
phantom, which demonstrates water resistance.

Ex vivo human pilot study
Last, we validated the developed OE sensor prototypes on freshly 
excised human pancreatic tissues during pancreatic surgery (four 
patients and 48 sites: 20 PDAC, 18 CP, 2 adipose tissue, and 8 normal 
pancreas), as shown in Fig. 5, A to C. To acquire site-matched biopsies 
for the gold standard histology, the dual-unit sensor (Fig. 3G) without 

the FNA needle was placed on the surface of the pancreatic tissues. One 
placement of the dual-unit sensor sequentially measured two sites. 
Multiple (four to seven times) placements were made for each pancreas. 
No physical damage to the measured tissue sites was observed during 
histopathological analysis, confirming the safety of optical sensing. 
Among the 48 measured sites, 8 sites (1 normal, 3 CP, and 4 PDAC) 
were excluded on the basis of our predetermined criteria considering 
blood contamination, bad contact between tissue and sensor, or motion 
artifacts. Two sites were adipose tissues of no interest in this study.

Figure 5D shows the measured reflectance ratios by one of the 
subunits on the individual sites from all four patients. The R460/R650 
of PDAC (red) is consistent (0.59 to 0.84) across three different 

Fig. 4. Results of the bench-top experiments with tissue-simulating phantom. (A) The developed OE sensing system has been verified using a set of liquid phantoms 
with varying hemoglobin concentrations ([HbT]) in comparison with our DRS system. (B) The measured relative reflectance at both wavelengths by DRS (solid lines) and 
the OE sensing system (diamond markers) are comparable across the different [HbT]. a.u., arbitrary units. (C) The reflectance ratios R460/R650 decrease as [HbT] increases in 
all of three single sensing units: Two units (OE D1 and OE D2) are from the same dual-unit sensor; the third one (OE S) is from a single-unit sensor. (D) The averaged 
R460/R650 measured by three OE units and DRS-measured R460/R650 are linearly correlated (Pearson’s correlation r = 0.96). Error bars represent SDs of the values from three 
units. Photo credit: Seung Yup Lee, University of Michigan.

Fig. 5. Results of the pilot study on human tissues. The developed OE sensing system has been validated in ex vivo measurements on resected human pancreas 
(a total of four patients and 48 sites) during pancreatic surgery. The freshly excised human pancreas is measured by our fabricated dual-sensing-unit OE probe [(A) pan-
creatic cancer; (B) normal; (C) CP]. (D) Scatter plot of reflectance ratios (R460/R650) acquired using the subunit 1 from all the sites and all the patients. (E) The differences in 
the measured reflectance ratios R460/R650 between normal, CP, and PDAC are statistically significant (*P < 0.001 and **P = 0.007, Wilcoxon rank sum test). The error bars 
represent SEs. Photo credit: Seung Yup Lee, University of Michigan.
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patients, clearly distinguished from the normal pancreas sites (black, 
0.17 to 0.27). The R460/R650 of CP is between that of PDAC and nor-
mal tissues with a relatively higher variation. Figure 5E displays the 
averaged R460/R650 of all sites of three tissue types, demonstrating 
that the reflectance ratios can significantly differentiate three pan-
creatic tissue types. Moreover, the OE-measured R460/R650 of each 
tissue type is comparable with the DRS-measured R460/R650 (normal, 
0.163 ± 0.027 versus 0.315 ± 0.013; CP, 0.355 ± 0.041 versus 
0.430 ± 0.133; and PDAC, 0.661 ± 0.031 versus 0.690 ± 0.029; 
mean ± SE). The measured R460/R650 per tissue type is slightly dif-
ferent between two sensing units (subunits 1 and 2) but not sub-
stantial, as shown in fig. S3.

DISCUSSION
We have proposed an optical sensing technique based on OE chips 
to overcome the low sampling area in pancreas that the needle- based 
fiber-optic spectroscopy can interrogate. The lateral alignment of 
multiple sensing units (a pair of source and detector) can assess 
multiple pancreatic tissue sites simultaneously throughout the side-
cut window of the FNA needle. To achieve an ultraminiaturized 
form factor of the sensing unit beyond the limit of conventional 
techniques (i.e., soldering the packaged chips onto a PCB), unpack-
aged OE chips have been directly bonded onto the microfabricated 
PCB. Optical and thermal simulations have confirmed the feasibility 
of optical sensing (SNR and capability to differentiate pancreatic 
tissue types) and thermal stability. The integrated sensing system 
(microprobe + custom electronics + GUI) has been verified in tissue- 
simulating phantoms and further validated on freshly excised human 
pancreatic tissues. Table S1 summarizes the overall engineering 
specification of the developed system, demonstrating the potential 
of rapid, multisite, and quantitative pancreatic tissue assessments in 
comparison with our group’s trimodal optical spectroscopy system 
called the reflectance and fluorescence lifetime spectrometer (RFLS). 
Despite the tremendous reduction of footprint (l000-fold smaller) 
and power consumption (100-fold lower), our OE system holds 
promise to replace our cart-held RFLS. This is further supported by 
our recent study (8) finding that only reflectance spectroscopy has a 
comparable diagnostic performance with combined reflectance and 
fluorescence spectroscopy.

The apparent difference in the OE-measured reflectance ratio 
(R460/R650) between three pancreatic tissue types is consistent with 
our previous ex vivo human studies measuring a full reflectance 
spectrum (420 to 750 nm) of pancreatic tissues (8). Using a semiem-
pirical analytical model, these studies have revealed that distinctive 
spectral features are associated with changes in the wavelength de-
pendence of scattering by morphological alteration during tumor 
progression such as nuclear enlargement or stromal reaction with 
increases of collagen contents (16, 17). Nuclei and collagen are two 
of the major light scatterers inside tissues, and their size and density 
are known to considerably affect the spectral scattering patterns 
(18–21). On the basis of our full spectrum dataset, there exists a 
number of other discrete wavelengths that could serve as valuable 
alternatives for our OE sensor. For example, the NIR regions (690 to 
750 nm) enable deeper penetration into tissues due to substan-
tially lower hemoglobin absorption. Moreover, the rate of reduced 
reflectance beyond 650 nm may provide an additional metric to dif-
ferentiate cancerous tissues, as the slope of decreasing reflectance 
between 650 to 760 nm is different in Fig. 1B. These possibilities 

motivate the integration of the NIR LED into our sensor as a tech-
nical demonstration, although we did not perform any validation 
using this version of the sensor.

The key limitations of our study are design limitations necessary 
for this early-stage technical demonstration, ex vivo validation, and 
low patient number. Thus, this work should be considered to be a 
pilot study to demonstrate a proof-of-concept OE sensor that fits 
through a 19-gauge needle. Although the excised pancreatic tissues 
would not reflect a completely intact tissue environment (due to 
loss of blood vessels), site-level histopathology can serve as a gold 
standard for validation of our OE sensor. During our measurements 
on resected pancreas, the sensor readout was sensitive to unreliable 
contact between sensor and tissues and motion artifacts due to 
manual holding, resulting in the exclusion of ~15% of the obtained 
data. However, this issue is less of a concern for real clinical applica-
tions because our sensor will be inserted into bulk pancreatic tis-
sues. Once the needle is inserted, the OE sensing window will be 
surrounded by soft pancreas, forming a solid, stationary contact 
whose motion can be controlled by clinicians operating the EUS-
FNA. The real-time display of reflectance ratio can provide an indi-
cator of good contact. Our ex vivo dataset can serve as a guideline of 
a normal range of the ratios.

For in situ assessment of pancreatic tissue during the EUS-FNA 
procedure, our next step is to implement an electrical connection 
through a 1-m-long FNA channel. Before in situ testing, it will also 
be important to ensure the mechanical integrity of the sensor given 
that the OE sensor will be subject to a bending deformation while 
the EUS probe is being delivered to the duodenum or stomach. The 
anticipated maximum bending angle that the OE sensor undergoes 
would be around 30° when it comes out of the EUS probe (fig. S4A). 
Although our initial testing on a silicon substrate on a bare stylet 
has confirmed its ability to endure that bending angle (fig. S4B), we 
will perform a more relevant bench-top testing using the commer-
cial EUS endoscopy, EUS-FNA device, and a biologic endoscopy 
simulator (22). Last, we will extend our study on the precursor 
lesions of PDAC such as pancreatic mucinous cysts for early diag-
nosis that would significantly enhance the patient outcomes and 
management guidance. Our preliminary study on intraductal papillary 
mucinous neoplasm (IPMN), a precancerous neoplasm type that can 
progress to PDAC, has exhibited that the IPMN shares similar re-
flectance spectral features with PDAC (17).

The main technical challenges when fabricating the OE sensor 
include (i) establishing an optimal thermal profile for a eutectic- 
bonding process of two different types of LEDs, (ii) manual 
alignment of the LEDs and phototransistor onto the pads of the 
PCB before the bonding process, and (iii) manual epoxy encapsulation. 
Instead of carrying out the thermal bonding process via an annealing 
tool, a flip chip bonder can be used for more precise bonding in the 
future. The manual epoxy packaging process may contribute to the 
slight differences in the measured R460nm/R650nm between each 
engineered sensing unit (fig. S2P) because it is hard to control the 
formed curvature of the ultraviolet (UV)–curable epoxy droplet on top 
of each LED and phototransistor. This curvature can affect LED emis-
sion or detection angle of the phototransistor, which can alter photon 
travel paths determining the degree of light attenuation by absorption 
like the numerical aperture effect for the fiber optic–based DRS (23).

Compared to the traditional fiber-based light sensing in biologi-
cal tissues, OE-based sensing has multiple advantages summarized 
in table S4. First of all, the OE-based technique has huge flexibility 
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in the geometric configuration of the source and detector. For ex-
ample, source-detection separation, which is critical for determin-
ing SNR, interrogation depth, and dependence with phase function 
in DRS analysis (24), is limited in the applications where the sites of 
interest require a very confined channel to access. A small single or 
dual fiber (<200-m core size) for the source and detector with a 
small fiber can fit through the channel; however, these could suffer 
from a low SNR or too-shallow penetration depth. Another advan-
tage of the OE-based technique is a high SNR. Since light emission 
and detection occur at the measuring sites for the OE sensors, there 
might be less optical loss compared to using optical fibers to and 
from a remote source and detector, which require a coupling scheme 
between optics and fibers (25). In this way, our fabricated OE sensor 
produces a comparable SNR without bulky and expensive high-end 
detectors such as a photomultiplier tube or an intensified charge-coupled 
device usually used in a fiber optic–based spectroscopy system. More-
over, the sensing unit’s miniaturized footprint (<1.5 mm by 1.5 mm) 
can become a modular platform unit adaptable to many applications. 
For hollow-needle compatibility, this approach can be readily ap-
plied to other organs such as the liver and the lung (26), in which 
fiber optic–based spectroscopy has already been attempted. Coupled 
with the recent advances in flexible electronics (27), the OE sensing 
unit can be extended to two-dimensional mapping in a wearable 
device (28) or used as an implantable sensor (29). Wireless commu-
nication can be readily implemented on the converted electrical sig-
nals through near-field communication technology (30, 31). The 
extremely light weight of the OE sensor can also avoid the significant 
distortion of reflectance and fluorescence spectra measured on soft 
biological tissues due to pressure effects (32, 33) on the fiber-optic 
probes typically held by the operator’s hands. However, the current 
biggest hurdle for widespread use of the OE approach is that more 
advanced optical sensing techniques, such as full-spectrum DRS or 
fluorescence spectroscopy and frequency- or time-domain sensing 
are limited because of scarcity of adequate miniaturized OE compo-
nents. So far, only simple techniques based on continuous intensity 
monitoring such as pulse oximetry (31), continuous-wave NIR 
spectroscopy, and four-color spectroscopy (30) have been demon-
strated. Moreover, temperature management and hermetic sealing 
of the OE sensor is more critical than for the fiber-optic probe, which 
is inherently inert to biological tissues. The ongoing technical inno-
vation in materials, optoelectronics, and microfabrication with com-
putational power will enable the development of various OE sensing 
techniques for biomedical applications (34).

In summary, we have successfully designed, engineered, and vali-
dated a proof-of-concept miniaturized OE sensor that is compatible 
with a 19-gauge FNA needle for rapid, volumetric, and quantitative 
assessment of pancreatic tissue. The prototyped device has shown 
comparable optical sensing performance with a conventional DRS 
system and the potential to distinguish pancreatic cancer from benign 
tissues. This fiber-less optical sensing technology in an ultraminia-
turized form factor is highly configurable in terms of source-detection 
geometry and, thereby, can serve as a platform technology for a 
variety of light-based sensing techniques in biological tissues.

MATERIALS AND METHODS
Optical simulation: Zemax
The embedded MC function in the Zemax nonsequential mode 
was used to simulate photon propagation and detection by the LEDs 

and phototransistor in pancreatic tissues. LEDs (460 and 650 nm) 
were modeled as rectangular sources featured by their angular emis-
sion distributions and optical powers. The active area of the pho-
totransistor was also modeled as a rectangular detector. For simulation 
simplicity, angular responsivity was not implemented; thus, any 
launched photons hitting the detection area were read in their total 
weights. All geometrical dimensions used (size of chips and source- 
detector separation) were consistent with the physical realization. 
The samples (i.e., pancreatic tissues) were modeled as a big cube 
(10 cm by 10 cm by 100 cm, width by depth by height) to ensure a 
semifinite medium. The optical properties of three pancreatic tissues 
(normal, CP, and PDAC) were input into the Zemax bulk scattering 
mode using a mean free path length and transmission. Both parameters 
were computed from the estimated wavelength-resolved absorption 
(a) and scattering (s) coefficients in our previous study using a 
semiempirical analysis model in human pancreatic tissues (see the 
parameters used in table S2) (16). To computationally explore the 
effect of temperature change on the OE sensor performance, we used 
a and s at 465 and 655 nm under the assumption of a 50°C increase 
because the LED emission wavelength roughly increases at 0.1 nm/°C 
(15). Although the forward voltage of the LED is known to decrease 
with increasing temperature (35), this effect was not included because 
our LED operated with a constant-current driver. The temperature 
dependence of the phototransistor was also not considered under 
the assumption that the ratiometric approach would cancel out that 
effect. The Henyey-Greenstein phase function was selected for scat-
tering direction, and anisotropy was fixed to 0.9 to mimic highly 
forward scattering in biological tissues. For each simulation, a total 
of 100 million photons were launched to ensure a high SNR.

Thermal simulation: Ansys
A human pancreatic head was modeled as a cube with an edge of 
3 cm. For the sensor assembly, two LEDs were simulated 1.2 mm 
apart from each other on a 150-m-thick silicon wafer that was at-
tached onto a steel stylet shaped in a half cylinder (Fig. 2B). The 
properties related to heat transfer, including heat capacity, density, 
and thermal conductivity, of the pancreatic head, silicon wafer, and 
steel stylet were inputs to the model for both steady-state and time- 
transient simulations (table S3). Because of the symmetrical struc-
ture of the model, the simulation was performed only on one-half 
of the model. Around 230,000 nodes were used to analyze this 
model. Finer-sized elements were meshed around the LEDs and the 
silicon wafer because significant temperature variations exist in 
these areas. The power due to heat was determined by equating it 
to the electrical power of 10 mW, which is the power necessary to 
emit the required optical power of ~1 mW, estimated from the pre-
vious optical simulations. The initial temperature of the pancreas 
was set to 36.5°C.

Fabrication and assembly
Our PCB (30 mm by 0.7 mm by 0.15 mm, width by length by 
thickness) was fabricated on a silicon wafer with 500-m thickness 
(2-m-thick oxide layer on top for insulation) following a well- 
established “Michigan probe” microfabrication technology (36, 37). 
Each step of the fabrication and assembly is listed in notes S1 and S2 
and illustrated in fig. S2. Briefly, Ti/Pt/Au and Au/In layers were 
patterned by lift-off process for the bottom pad contacts of the LED 
and phototransistor and interconnections to external pads for the con-
necting PCB board (Fig. 3A). The unpackaged LEDs and phototransistor 
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were bonded onto this fabricated PCB via two sequential eutectic 
bonding processes to attach with the bottom electrodes of the LEDs 
and phototransistors (fig. S2, M and N). Then, wire bonding followed 
to connect the top electrodes of those components with the pads on 
the PCB (fig. S2O). Given the size of the PCB (widths between 
interconnections and pads) and die-level components, all bonding pro-
cesses were performed within ±20-m precision. The UV-cured trans-
parent epoxy encapsulated the sensor assembly for protection. Each 
pad at the other end of the PCB was connected to the connecting PCB 
via additional wire bonding (Fig. 3A). These bonded wires were en-
closed with the same UV-cured epoxy, and Omnetics connectors 
(A79002-001 and A79005-001, Omnetics Connector Corporation, 
Minneapolis, MN) were used for electrical interfacing with external 
control electronics.

Custom electronics and GUI program
Custom control electronics were designed and developed to drive two 
LEDs and read the detection signals from the phototransistor via the 
TIA. The microcontroller based on a 32-bit ARM core (ST32F405OE, 
STMicroelectronics, Geneva, Switzerland) was the central unit to 
control the illumination sequence of two LEDs, set the gains on a 
programmable gain amplifier (PGA), read the analog-to-digital 
converted voltage values from the TIA coupled with PGA, and send 
this voltage data to a remote laptop computer via USB connection 
for data processing and storage. The low-noise LED current driver 
was implemented using a digital-to-analog converter (AD5452, An-
alog Device, Norwood, MA). The TIA was designed to convert the 
phototransistor current to a voltage signal with amplification of 105 
and first-order low-pass filtering with a cutoff frequency of 1 kHz. 
The PGA (LTC6910, Linear Technology, Milpitas, CA) enabled ad-
ditional gain adjustment through digital control, providing a high 
dynamic range. The amplified voltage was subsequently filtered for 
a high SNR. The 16-bit analog-digital converter (ADS1115, Texas 
Instruments, Dallas, TX) read the resulting voltages at 50 kHz. The 
GUI program was written in C# to provide user input operation, 
display, and save the voltage data.

Calibration and data processing
The corrected reflectance (Rcorr) was obtained from a calibration pro-
cess represented by Eq. 1. The reflectance intensities (Rmeas_sample) 
measured by our OE sensor were subtracted by the baseline mea-
surements (Rmeas_water) and corrected for the system spectral response 
characterized by measuring a calibration phantom (Rmeas_std) with 
known reflectivity (rstd). Because of an extremely small gap between 
the LED and phototransistor, manual epoxy encapsulation covered 
all components together (fig. S2P), which caused phototransistor 
readings without sample measurements via either direct LED light 
incidence or total internal reflection at the interface between epoxy 
and air. These default baseline readings were measured in water be-
cause water provided a close refractive index to biological tissues 
(n = 1.33) but no scattering. The calibrating liquid phantom was 
prepared every time before our measurement using 1-m-sized 
polystyrene microsphere (07310-15, Polysciences, Warrington, PA) 
in deionized water. Its reflectivity (rstd) was estimated using our fiber 
optic–based DRS system coupled with the Spectralon diffuse reflec-
tance standard (SRS-99-020, Labsphere, North Sutton, NH). The mea-
sured reflectance of this liquid calibration phantom by our sensor 
(Rmeas_std) was also baseline-subtracted and used as a scaling factor 
to address the spectral response of the system. Then, the reflectance 

ratio is calculated on corrected reflectance at both wavelengths by 
Rcorr_460nm/Rcorr_650nm

   R  corr   =   
 R  meas_sample   −  R  meas_water    ──────────────   R  meas_std   −  R  meas_water  

   ×  r  std    (1)

Phantom experiments
The set of tissue-simulating liquid phantoms was made by titrating 
5 M hemoglobin (H0267, Sigma-Aldrich, St. Louis, MO) to a base 
in which a predetermined concentration of 1-m-sized polystyrene 
microspheres was mixed with deionized water (30 ml) to mimic the 
reduced scattering coefficient of human pancreatic tissues (~10 cm−1). 
The fabricated sensing modules (one single unit and one dual unit) 
were submerged in the phantom while ensuring that the sensing 
unit was located in the middle of the beaker. As a reference reading, 
our DRS system also measured each phantom using the fiber-optic 
probe with a source-detector separation of 660 m. Details on DRS 
acquisition, calibration, and analysis can be found in several of our 
previous studies (12, 16). Each phantom was measured three times 
using both devices. The SNR of the OE sensors was quantified by 
20 log10(σ(I)/(I)) dB. Here, (I) represents the average of 20 data 
points in one acquisition and σ(I) is the SD. The representative 
SNRs for 460 and 650 nm were averaged out across three sensing 
units, three repetitions, and all phantoms.

Ex vivo human tissue measurements
For pilot validation in human tissues, we measured on the resected 
pancreas during the operative procedure (Whipple or distal pancre-
atectomy) in a total of four patients. The study was approved by the 
Institutional Review Board of the University of Michigan School of 
Medicine. Written consent was acquired from each patient before 
surgery. The resected portion of pancreas during the surgery was 
immediately transferred to the gross room. The pathologists cleaned 
excess blood from tissue and cut open the sites of interest for optical 
sensing. Our prototyped dual-unit sensor without the FNA needle 
was placed on the surface of the tissue and held by the operator’s 
hands. The acquisition time was less than 1 s, and three repetitions 
were made per site. Immediately after OE data acquisition, the 
measured tissue sites were extracted in a rectangular shape with a 
size of 1 cm by 0.5 cm for gold standard histopathological analysis. 
The shorter edge of a cut sample was marked with black ink to label 
the site where the subunit 1 measured. All measurements were 
completed within 1 hour after resection. Any site with the mea-
sured R460/R650 lower than 0.01 and SNR < 20 dB was excluded from 
analysis because of excessive blood, motion artifact, or measure-
ment errors.

Statistical analysis
The difference in optical data between the different pancreatic tis-
sue types in the human study was analyzed using Wilcoxon rank 
sum tests, and statistical significance was assessed at the 0.05 level. 
All statistical tests (Pearson correlation and Wilcoxon rank sum 
tests) were conducted using the R statistical package (version 3.4.1, 
R Foundation).

SUPPLEMENTARY MATERIALS
Supplementary material for this article is available at http://advances.sciencemag.org/cgi/
content/full/6/47/eabc1746/DC1
View/request a protocol for this paper from Bio-protocol.

http://advances.sciencemag.org/cgi/content/full/6/47/eabc1746/DC1
http://advances.sciencemag.org/cgi/content/full/6/47/eabc1746/DC1
https://en.bio-protocol.org/cjrap.aspx?eid=10.1126/sciadv.abc1746
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