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Abstract
Optical imaging and spectroscopic modalities are of broad interest for in-vivo molecular imaging, fluorescence guided 
cancer surgery, minimally invasive diagnostic procedures, and wearable devices. However, considerable debate still exists 
as to how deeply visible and near-infrared (NIR) light could penetrate normal and diseased tissues under clinically relevant 
conditions. Here we report the use of surface-enhanced Raman scattering (SERS) nanotags embedded in ex-vivo animal 
tissues for direct and quantitative measurements of light attenuation and spectroscopic detection depth at both the NIR-I and 
NIR-II spectral windows. SERS nanotags are well suited for this purpose because of their sharp spectral features that can be 
accurately differentiated from fluorescence and background emission. For the first time, the spectroscopic detection depth 
is quantitatively defined and measured as the maximal thickness of tissues through which the embedded SERS nanotags 
are still detected at a signal-to-noise ratio (SNR) of three (99.7% confidence level). Based on data from six types of fresh 
ex-vivo tissues (brain, kidney, liver, muscle, fat, and skin), we find that the maximum detection depth values range from 
1—3 mm in the NIR-I window, to 3—6 mm in the NIR-II window. The depth values are largely determined by two factors 
– the intrinsic optical properties of the tissue, and the overall SNRs of the system without the tissue (system SNR, a result 
of nanotag brightness, instrument efficiency, and data acquisition parameters). In particular, there is an approximately linear-
logarithmic relationship between the system SNR and maximum detection depth. Thus, the detection of hidden or occult 
lesions can be improved by three strategies – reducing tissue attenuation, minimizing background noise, and maximizing 
the system’s performance as judged by SNR.
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Graphical Abstract

Highlights

• The spectroscopic detection depth is quantitatively defined and measured as the maximal thickness of tissues through 
which the embedded Raman nanotags are detected at a signal-to-noise ratio of three.

• The intrinsic optical properties of the tissue and the system signal-to-noise ratio are the two deciding factors of signal 
penetration in bio-tissues.

• A generalized linear-logarithmic relationship is revealed between the system SNR and spectroscopic detection depth for 
each tissue.

Keywords Surface-enhanced Raman scattering · Near-infrared window · Biological detection · Detection depth

Introduction

Recent advances in biomedical optics have had a profound 
impact on the diagnosis and treatment of many human 
diseases. In particular, optical imaging and spectroscopic 
modalities have played an important role in surgical navi-
gation and guidance, allowing real-time visualization of 
tumor margins and sensitive detection of metastatic lymph 
nodes. However, a major concern is still the limited pen-
etration of photons in turbid biological tissues [1]. As the 
photons travel through the tissue, absorption and scatter-
ing together cause the light beams to broaden and attenuate, 
and meanwhile autofluorescence leads to the increase of 
noises [2]. Extensive efforts have been made to address this 

problem, including extending the excitation light to longer 
wavelengths [3]. The widely applied NIR-I (Near-infrared-
I) window (650–950 nm in wavelength) shows reduced tis-
sue scattering and absorption compared to the visible spec-
trum (400–700 nm in wavelength) [3]. Further reduction in 
scattering, absorption and autofluorescence is observed at 
the NIR-II window (1000–1700 nm in wavelength), which 
allows deep-tissue detection with the improved signal-
to-noise ratio (SNR), higher sensitivity and better spatial 
resolution [4, 5]. For example, fluorescence at the NIR-II 
window has been shown to penetrate a depth of more than 
2 mm in mouse brain with a high resolution [6], and the 
ex vivo fluorescence penetration in chicken breast tissue was 
reported to be over 8 mm [4]. In general, high penetration in 
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biological tissues is required to achieve high quality in vivo 
bioimaging or detections. The spectroscopic detection depth 
in tissues serves as a strong indicator to evaluate the detec-
tion performance in tissues.

Although substantial attention has been paid to improve 
tissue penetration, not many data of the precise detection 
depths at the NIR window are available in current litera-
ture. These data depend on the sample preparation, measure-
ment process, tissue property and data analysis algorithm. 
The idea of quantitative ex vivo assessments on maximum 
detection depths is underexplored with the lack of system-
atic evaluation data. As far as we know, various procedures 
have been independently used by different research groups to 
estimate the maximum detection depth [7–9]. For instance, 
the assessments were conducted with the imaging agents 
injected into tissues phantoms [7], or coated on a solid sur-
face covered by tissue [10], or filled in a container embedded 
in tissues [4, 11]. The criteria of effective signals were also 
varying, which includes directly reading out the peak heights 
[11, 12], evaluating the ratio between two peaks [10], or 
adopting the retrieved information by principal component 
analysis [13]. These assessments are expected to provide 
new perspectives to a variety of through-tissue detection 
implementations ranging from in vivo molecular imag-
ing to spectroscopic analysis of biological tissues. But the 
inconsistency of measurement methods and criteria makes it 
challenging to directly compare results among different inde-
pendent studies across this field. The quantitative studies, 
such as the tissue attenuation and penetration at the NIR-I 
and NIR-II window are yet to be reported. The fundamental 
questions regarding the tissue optical properties, such as the 
how the tissue attenuation is affected by the measurement 
parameters (such as laser power and integration time) at the 
NIR window also remained unclear.

Here, this challenge is addressed experimentally with our 
systematic assessments of quantitative spectroscopic detec-
tion depth presented by using surface-enhanced Raman 
scattering (SERS) nanotags. Raman spectroscopy is the 
fingerprint spectrum induced by the inelastic scattering 
of the substances upon the interaction with incident light. 
Unlike the fluorescence spectrum that is broad (> 50 nm of 
peak width) and may be interfered by the tissue background, 
Raman peaks are intrinsically narrow (1–2 nm), which can 
be well discriminated from the endogenous chemicals. SERS 
can enhance the normal Raman spectral intensity by over 
up to  101, providing exceptional sensitivity and specificity 
[14]. SERS nanotags, are promising imaging contrast agents, 
composed of the plasmonic substrate and Raman reporter 
molecules. They can be introduced in vivo via intravenous 
injection or local injection, and then accumulate at the tumor 
site through either passive transportation or active target-
ing; and the lesion location can be determined by detecting 
the characteristic spectrum of SERS nanotags [15]. So far, 

SERS nanotags have been reported for the tumor diagno-
sis, tumor boundary identification, surgical guidance, and 
multi-mode theragnostic applications, holding a promise 
for intraoperative imaging with its intrinsic fingerprints 
[16–18]. SERS nanotags at the NIR-II window were also 
explored, with the ability to detect objects buried in deeper 
biological tissues [11, 12, 19, 20]. The SERS nanotags are 
bright, photo-stable, with characteristic peaks, well suitable 
for the quantitative assessments of spectroscopic detection 
depth properties [12].

In this work, we quantitatively evaluated tissue attenu-
ation and penetration at the NIR window with the use of 
SERS nanotags. We started the assessments by defining 
the detection depth based on the spectral SNR. During a 
successful through-tissue detection, the optical informa-
tion is attenuated in propagation processes of both laser and 
emission (Fig. 1). For the first time, the term ‘spectroscopic 
detection depth’ has been quantitatively defined and meas-
ured as the maximum thickness of biological tissues through 
which the embedded SERS nanotags are still detected at a 
SNR of three (99.7% confidence level). The wavelength-
dependent tissue background interferences and signal attenu-
ations were compared between NIR-I (785 nm) and NIR-II 
(1064 nm) window. The weakened tissue background inter-
ference at 1064 nm demonstrated the superiority of NIR-II 
window in deep-tissue detections. A clear linear-logarithmic 
relationship between the SNR of the signal source and the 
detection depth was observed, which opened the possibil-
ity to predict the detection depth with known brightness of 
imaging agents. Using the similar assessment procedure, we 
have also investigated the fluorescence imaging depths on 
a commercial image-guided surgery system. To the best of 
our knowledge, this is the first report on the quantitative 
direct assessments of spectroscopic detection depth at the 
NIR window. This work provides a set of systematic assess-
ment data as fundamental information for the design and 
implementation of in vivo SERS intraoperative applications.

Results

Setup and laser focus optimization

We presented the concept of quantitative assessments and 
the setup to evaluate NIR on spectroscopic detection depth 
on ex-vivo tissues with SERS. To mimic the clinical situa-
tion where the SERS Nanoparticles (NPs) were accumu-
lated at the lesion within the biological tissues, we made a 
SERS gel (served as a lesion phantom tagged by the SERS 
NPs) and covered it with a layer of biological tissue, and a 
handheld Raman probe was utilized on the top to excite and 
collect Raman signals (Fig. 2a). The successful through-
tissue detection is made via two steps: (1) the outside-in 
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propagation of incident radiation by a distance to excite the 
Raman-active signal sources; and (2) the inside-out propa-
gation of scattered Raman photons through the same dis-
tance to be collected by the detector (see Fig. 1). The opti-
cal information is attenuated in both processes. Therefore, 
the spectroscopic detection depth is quantified as the largest 
thickness of tissues covering on a signal source, from which 
an effective signal can still be traced by the detector.

To make SERS gels, Au@Ag SERS NPs were firstly synthe-
sized according to our previous protocols [21, 22], with a petal-
like Au core, a Ag shell and a Raman molecule layer hidden 
in between. TEM images clearly show the rough surface of Au 
cores as well as the smooth morphology after Ag shell coating 
for Au@Ag SERS NPs (Fig. 2b). The UV–Vis spectrum of the 
Au NPs shows a resonant peak at 596 nm, well correspond-
ing to the plasmon resonance of Au nanomaterials (Fig. 2c). 
After Ag shell coating, the NPs show two resonant peaks at 
551 and 435 nm, confirming the successful coating of Ag shell. 
Here, 4-nitrobenzenethiol (4-NBT) was adopted as the Raman 
reporter molecules. The core–shell structure has proven to be 
able to protect the embedded Raman reporters from desorption 
or being interfered with particle aggregates, rendering excel-
lent signal reproducibility for this assessment study [23]. Here, 
we have demonstrated that the NPs have distinguished Raman 
response even with a low concentration of 1 pM (Fig. 2d); they 
also show high detection sensitivity at the NIR-II window, as 
well as good signal stability and storage stability (Fig. S1).

The SERS gels were prepared by mixing the agarose solu-
tion and SERS NP colloids; after the mixture cooled down, 
the gels with SERS response were formed. The concentra-
tion of SERS NPs can be tuned to form SERS gels with 

different brightness (Fig. S2). Since the NPs were dispersed 
in a liquid phase during the cooling process of the mixture, 
in this way, we were able to attain the Raman-active material 
in a solid-state while maintaining the uniform dispersion 
of NPs. As shown in Fig. S3, we have repeated measured a 
SERS gel at 10 random surface positions with the intensity 
deviation of only 5.1%. The SERS NPs and SERS gel exhibit 
characteristic peaks at 1338 and 1575  cm−1 (Fig. 2d), which 
corresponds to  NO2 asymmetrical stretching and C = C 
stretching of 4-NBT, respectively [24]. The strongest mode 
of SERS gels near 1338  cm−1 can be distinguishable from 
that of common biological tissues (Fig. S4).

Our quantitative assessments apply spectral SNR for 
investigation. To process the collected Raman spectra, their 
baselines are firstly corrected to remove the tissue autofluo-
rescence background; then, the signal intensities near peak 
position (usually at 1338 ± 6  cm−1) are calculated, and the 
noises are the standard deviation in a region without any 
Raman peak, for example, the region of 2000–2200  cm−1 
(Fig. 2d). Also, we notice that biological tissues have some 
response near 1338  cm−1, which may bring biases when we 
read the intensity from a mixed Raman spectra contributed 
by tissue covered SERS gels. Therefore, a simple subtrac-
tion of tissue Raman background is conducted to extract a 
real value of signal intensity: we measure the intensity ratio 
of 1338  cm−1 to 1445  cm−1 for Raman spectra collected on 
pure tissues, then the tissue contribution at 1338  cm−1 in 
the mixed spectrum can be determined and subtracted (See 
Experimental section and Fig. S5).

Before our detection depth assessments, we conducted 
the optimization of the laser beam focal plane. With the 

Fig. 1  Quantitative assessments 
of spectroscopic detection 
depth. The SERS gel is served 
as a phantom lesion, i.e., like a 
lesion tagged by SERS nano-
tags. In practical usage, SERS 
nanotags are injected in vivo, 
and accumulate at the lesion 
site. The laser illumination 
excites the Raman photons of 
SERS nanotags. Both the laser 
and Raman emission are attenu-
ated during the transportation 
in tissues 
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Fig. 2  Setup and focal plane optimization. a Scheme of SERS gel preparation and setup. b TEM images and (c) UV–Vis spectra of Au core NPs 
and Au@Ag SERS NPs. d Raman spectra of 100, 10, and 1 pM SERS NP colloids under 785 nm excitation. e Signal attenuation during the 
penetrating outside-in and inside-out process: interface reflection (i), refraction (ii), scattering (iii), absorption (iv), auto-fluorescence (v). f The 
sequential SNR measurements at different probe-tissue distances on SERS gels covered with muscle layers of various thicknesses. The measure-
ments adopted 200 mW power and 10 s integration time. The grey rectangles indicate the optimal focal planes. g Scheme of extended focus and 
defocus induced by tissue refraction or scattering
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light-tissue interactions, a shift of laser focal plane may 
occur. Figure 2e shows the effects of light-tissue interac-
tions [25]. First is reflection at the interface (Fig. 2e, i), such 
as the tumor-normal tissue interface for the in vivo envi-
ronment; then comes refraction when light enters a tissue 
structure with a different refractive index (Fig. 2e, ii); there 
is also intense absorption of photon energy (Fig. 2e, iii) and 
multiple scattering of photons (Fig. 2e, iv); the autofluo-
rescence is usually caused by the biological chromophores 
(Fig. 2e, v). Refraction and scattering are believed to induce 
the shift of laser focal plane, with the former bends light, and 
the latter randomizes the photon propagation direction. To 
determine that how these interactions would affect the focal 
plane and spectral intensity, our optimization procedure 
consists of the sequential acquisitions of Raman spectra on 
tissue-covered SERS gels while tuning the distance from the 
laser probe to gel surface. The focal depth and focal length 
of the laser beam was measured as 6.8 and 1.22 mm, respec-
tively (Fig. S6). As a pure SERS gel was put under the laser 
beam, the strongest signal was obtained when the probe-
gel distance is 4.9 mm (Fig. S7). This indicated that the 
optimal focus position of the pure SERS gel was ~ 1.9 mm 
under the gel surface. This is reasonable, considering the 
common cases that the best laser focus is usually beneath 
the material surface. We then placed porcine muscle tissues 
with a thickness of 1- 6 mm on the gel. As shown in Fig. 2f, 
with 1 mm of muscle tissue on top, the optimal probe-gel 
distance extends; the optimal focal plane is in the range of 
5.91–6.89 mm, with the highest SNR obtained at 6.7 mm, 
very close to the focal length of 6.8 mm (Fig. 2f). Here, 
the optimal focal plane could be regarded as the distorted 
focal length of the laser beam, while it does not follow the 
Gaussian distribution due to the tissue light diffusion. With 
2 or 3 mm muscle tissues on top, the curves become flatter, 
and the optimal focal planes further extend to 6.61–7.0 mm 
and 6.91–7.3 mm, respectively. We have also conducted the 
same measurements on fat and skin tissues (Fig. S8), and 
similar phenomenon were observed, i.e., the flattening of 
the SNR distribution profile as well as the tendency of the 
shift in optimal focal plane. As mentioned above, this could 
be explained by the interface refraction or tissue scatter-
ing. Refraction leads to an extended focal length, since the 
refractive index of tissues (n = 1.4) is higher than that of the 
air (n = 1); Multiple scattering of photons results in light 
diffuse and defocus (Fig. 2g). For thick tissues, scattering 
plays a more important role and can be described by the 
physical parameter, transport mean free path (TMFP). TMFP 
is the mean propagation distance that it takes for photons to 
lose relation to the propagation direction they had before 
entering the tissue. It takes into account the average angle 
by which photons are scattered in each scattering event. 
Depending on the tissue type and wavelength of operation, 
TMFP in muscle at the NIR region (650–1000 nm) was 

reported to be ~ 1.1 mm [26]. Therefore, for thick tissues 
of ≥ 2 mm, the incidence no longer follows the shape of a 
Gaussian beam, and the SNR becomes less sensitive to the 
probe-gel distances (as shown in Fig. 2f). When the tissue 
thickness increases to 3—6 mm, it is hardly able to tell the 
optimal focal plane. All the measurements were repeatedly 
conducted at least 3 times on different batches of tissues and 
SERS gels. The above results demonstrated that the optimal 
probe-gel distances are close to the focal length. To ensure 
the consistency of measurements, in the following stud-
ies, we fixed the distances between probe and gel surface 
the same as the focal length.

Quantitative assessments on tissue attenuation 
and penetration: NIR‑I versus NIR‑II

The tissue attenuation and penetration properties were firstly 
compared on six types of tissues (brain, kidney, liver, mus-
cle, fat and skin) between the first and second NIR win-
dow (Fig. 3). The same batch of tissues and SERS gel was 
adopted for the measurements for both wavelengths. For 
better comparisons, we chose 200 mW power with 0.5—2 s 
integration time for 785  nm, and 450 mW power with 
2—10 s integration time for 1064 nm, making the SERS 
gel to generate comparable spectral intensities at two wave-
lengths. Figure 3a and b shows the profile of normalized 
SNR versus tissue thickness. The curves in Fig. 3a and b 
can be fitted well using an exponential decay model  (R2 over 
0.99). We have also plotted these data using a logarithmic 
y-axis scale (Fig. S9), and they can be fitted well with a log-
linear model. A reduced tissue attenuation can be observed 
at the NIR-II window: under 785 nm excitation, the normal-
ized SNR is attenuated by 80–93% with 1-mm tissue, with 
the most transparent one as the muscle. As for the 1064 nm 
excitation, the corresponding attenuation is reduced to 
66–85%. At the NIR-II window, the penetration of muscle 
and liver is the highest, while kidney remain the most turbid 
tissues for both wavelengths. The attenuation of biological 
tissues mainly determined by its scattering and absorption 
properties [27]. Generally, the hemoglobin in the blood cells 
increases the light absorption, and lipids add in light scat-
tering [28, 29]. Fat and brain tissues are rich in lipids. We 
also notice that the attenuation rates for skin is not uniform 
for skin of less than 1 mm and over 1 mm. We attribute 
this to the natural skin structure. As skin is a heterogeneous 
tissue, consist of epidermis top layer, dermis layer, and sub-
cutaneous tissue layer, these layers exhibit different optical 
properties. Generally, 1-mm skin is mostly the epidermis 
layer (~ 0.3–1.5 mm). Our result shows that epidermis layer 
is easier to penetrate at 1064 nm, indicating that NIR-II win-
dow may be promising for sub-skin lesion detections. This 
may indicate that NIR-II window is promising for sub-skin 
lesion detections.
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Fig. 3  Depth-dependent attenuation of SERS signals in tissue at the NIR-I and NIR-II window. a, b The profile of normalized SNR versus tissue 
thickness at (a) 785 or (b) 1064 nm excitation. The R-squares of exponential fitting are all over 0.99. c Experimental setup and data processing 
procedure. d, e Representative Raman spectra of SERS gels covered with (d) muscle and (e)  fat of different thicknesses. f, g The theoretical 
relationship between the original SNR and the maximum detection depth at the (f) NIR-I or (g) NIR-II window. The x-axis is displayed in the 
ln-scale
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Tissue attenuation coefficient is the property of tissue 
itself, and is a measure of how much the incident beam is 
weakened by tissues it is passing through. Here we define 
�eff  as the effective attenuation coefficients of tissues, 
describing the fraction of the laser beam SNR or Raman 
signal SNR attenuated per unit thickness of the tissue. As 
the photons attenuate exponentially in regard to the tissue 
thickness, here we have

where SNR
0
 represents the original SNR of the pure SERS 

gel, SNRl represents the measured SNR with the tissue thick-
ness of l on the SERS gel surface, c is a constant. The nor-
malized SNR can be expressed as:

Therefore, the fitted exponential decay model can be used 
to calculate �eff  . We repeated the measurements three times 
to get averaged data and deviations, as shown in Table 1. The 
direct comparison quantitatively demonstrates the reduced 
tissue attenuation at the NIR-II window. We have also com-
pared our results to those measured using optical diffuse 
reflectance spectroscopy at the NIR-I window (See Support-
ing Information) [27]. The comparison indicates that the 
results on muscle and brain are close, while a relatively high 
difference exhibits for fat tissues. This may due to errors for 
different methods and measurements applied.

The representative spectra for muscle and liver tissue-
covered SERS gels are shown in Fig. 3c and d. When cov-
ered by tissues, the signal peak (marked in pink) decreased 
dramatically and became unobservable with 5 mm muscle 
(or 2 mm fat) on top at 785 nm (Fig. 3d and e); In contrast, 
this peak is still exhibited with 5 mm muscle (or 3 mm fat) 
tissue on top at 1064 nm. The differences between 0 mm 
(original SERS gel) and 1 mm tissue covered at both wave-
lengths are the most prominent, indicating a better light tis-
sue penetration at the NIR-II window.

(1)SNRl = SNR
0
⋅ e−�eff ⋅l + c

(2)SNRnormalized(%) =
SNRl

SNR
0

= e−�eff ⋅l +
c

SNR
0

We continued to make direct quantitative penetration 
assessments at both wavelengths. The spectral SNR was 
carefully calculated (Fig. 3c). Here, an effective Raman sig-
nal is defined based on the spectral SNR:

which indicates with > 99.7% confidence level that the signal 
is true rather than random noise. We defined the maximum 
detection depth ( d ), which is the largest thickness of tis-
sues with which an effective signal can be detected from the 
tissue-covered SERS gels. According to this, we find that 
the maximum detection depth values range from 1–3 mm 
at the NIR-I window, from 3 to 6 mm at the NIR-II window.

Combining Eq. (1) and (3), SNR with tissue thickness of 
d (maximum detection depth) can be calculated:

Which corresponds to d as

Here, �eff  is known (see Table 1), and c is close to 0, 
which can be obtained through fitting the exponential decay 
model in Fig. 3a and b. In this way, we could calculate rela-
tionship between the original SNR (SNR

0
) and the maximum 

detection depth ( d ). In Fig. 3f and g, we plotted Eq. (5), 
revealing a clear relationship between the maximum detec-
tion depth versus the natural logarithm value of SERS gel 
SNR. The penetration is all improved at the NIR-II window 
for all tissues. Muscle remained the easiest penetrated tis-
sue, and kidney is the hardest. This result provides impor-
tant insights that the maximum detection depths are largely 
determined by two factors – the intrinsic optical properties 
of the tissue, and the overall SNRs of the system without the 
tissue (system SNR, a result of nanotag brightness, instru-
ment efficiency, and data acquisition parameters).

It is interesting that in vivo SERS detection at the NIR-II 
window also benefits from the reduced auto-fluorescence 
from biological chromophores. We measured the Raman 
spectra under both excitations on seven types of tissues, i.e., 
skin, muscle, brain, lung, kidney, liver, and fat. The spec-
tra without baseline corrections were displayed in Fig. 4. 
They were smoothed and normalized by laser power and 
integration time for better comparison. With 638 nm exci-
tation, the Raman peaks are overwhelmed by the strong 
autofluorescence background. With 785 nm excitation, the 
fluorescence background is observed for all tissues, espe-
cially for the liver, kidney and brain due to the enrichment 
of hemoglobin and structural proteins in these tissues [30]. 
Some Raman characteristic peaks of the tissues are buried 

(3)Effective SNR =
Isignal

�noise

≥ 3

(4)SNRd = SNR
0
⋅ e−�eff ⋅d + c = 3

(5)d =
1

�eff

(

lnSNR
0
− ln(3 − c)

)

Table 1  Tissue attenuation coefficients ( �eff  ) of SNR at the NIR-I and 
NIR-II window, calculated according to Fig. 3. The data are presented 
as mean (SD)

Tissue types �eff  at 785 nm excitation �eff  at 1064 nm excitation

Brain 2.068 ± 0.205 1.917 ± 0.170
Kidney 2.629 ± 0.217 2.192 ± 0.329
Liver 2.333 ± 0.072 1.425 ± 0.046
Muscle 1.535 ± 0.082 0.982 ± 0.070
Fat 2.054 ± 0.205 1.737 ± 0.065
Skin 2.040 ± 0.102 1.483 ± 0.099
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Fig. 4  Wavelength-dependent tissue background interferences. a Bright-field image of tissues and (b-d) the original spectra collected at (b) 633, 
(c) 785, and (d) 1064 nm. The tissues are skin, muscle, brain, kidney, liver and fat. The measurements were performed under 633 nm (30 mW, 
5 s integration time), 785 nm (200 mW, 0.5 s integration time), and 1064 nm (400 mW, 5 s integration time) excitation. The spectra intensities 
are normalized by the laser power and integration time. We chose the baseline value near 1445–1446  cm−1 (marked by pink) to compare the nor-
malized background intensity
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in the background interference and hard to recognize, e.g., 
1446 and 1653   cm−1 peak in complex organs like liver 
and kidney. In contrast, all Raman peaks well emerged at 
1064 nm excitation when tissue chromophore fluorescence 
decreases exponentially at longer wavelength [31]. Charac-
teristic peaks in biological tissue samples include modes at 
1445  cm−1, 1660  cm−1, and in the range of 1200–1330  cm−1, 
which correspond to the  CH2 deformation peak, amine I 
band, and amine III band, respectively [32, 33]. These 
results provide an important insight for the in vivo SERS 
applications. The characteristic peaks of SERS NPs should 
be well discriminated with tissue background peaks for 
clear intraoperative imaging. The selected Raman reporter 
molecules are therefore preferred to have peaks within the 
region of 1100–1200  cm−1, 1500–1600  cm−1 and particu-
larly 1800–2200  cm−1 (the biological-silent window) to 
avoid the overlaps with tissue Raman peaks.

We quantitatively calculated the baseline value near 
1446  cm−1 (indicated by pink in Fig. 4b). Since this peak 
is the characteristic Raman peak for most tissues, we use 
the intensity at the base of the peak for comparison. Con-
sidering that different measurements were applied for three 
wavelengths, we normalized the intensity by the laser power 
and integration time (counts/mW·s). As shown in Table 2, 
the background intensity ranges from 58.3 to 311.1 with 
633  nm excitation, and decreases when the excitation 
wavelength moves to 785 nm. However, liver and kidney 
remained with high background interferences. When moving 
to the NIR-II window, all the background noises are dramati-
cally reduced. This makes it possible for us to adopt longer 
exposure time at the NIR-II window. For instance, the back-
ground of kidney is extremely high under 633 and 785 nm 
excitation, and no clear Raman peaks are observed. In this 
case, it will be challenging for us to extend the integration 
time in order to get better SNR, since this may easily cause 
the saturation of charge-coupled device (CCD) detector. 
In contrast, the background intensity drops tremendously 
at 1064 nm excitation even with a longer integration time. 
This benefits in vivo SERS detections where an extended 

collection time may be required compared to the common 
fluorescence imaging.

Deciding factors on spectroscopic detection depth

With known relationship between the spectroscopic detec-
tion depth and SERS gel SNR, we continued to investigate 
the ways to enhance the detection depth at the NIR window. 
The following factors were considered for the investiga-
tions, including the measurement conditions (laser power 
and integration time) and signal source intensities. We chose 
muscle and fat tissues for investigation since they are most 
frequently dealt with in intraoperative studies; also, they 
are easy to obtain and prepare tissue slides. The wavelength 
of 785 nm excitation was applied. The measurements were 
firstly performed using a laser power of 5, 10, 50, 100, 200 
mW with 10 s integration time. As shown in Fig. 5a, the 
SNR attenuation fits well by exponential decay curves  (R2 
of over 0.99). If we further compare different laser pow-
ers, it can be seen that SNR improves with increasing laser 
power, fitted well with power function models (Fig. S10). 
This coincides with the theoretical estimations that SNR is 
proportional to the squat of laser power for spectra of high 
intensities (see more details in the supporting information). 
We should note that although tissue attenuation coefficients 
are not related to laser power, the calculation process may be 
affected by a low laser power, which induces intense noises 
in the Raman spectrum and thus lead to biases in calculat-
ing SNR. For example, we have fitted the data in Fig. 5a on 
muscle tissues and calculated corresponding �eff  values (see 
Table S2). For the laser power of 50 -200 mW, the fitted val-
ues of �eff  have no significant differences with previously 
obtained muscle �eff  (1.535 ± 0.082). While as the power 
decreases to 10 and 5 mW, the differences become larger. 
Therefore, we believe the measurements on �eff  should apply 
high-quality Raman spectra using adequately high laser 
powers.

The extension of integration time also plays an important 
role in improving signal penetration. We measured the SNR 
with a shorter integration time of 1 s and 5 mW power, the 
detection depth was reduced to less than 1 mm for all tis-
sues. The highest detection depth obtained using 200-mW 
laser power and 10-s integration time was 6 and 3 mm for 
muscle and fat. When using a low laser power of 5 mW, 
the maximum detection depths dropped to 3 and 1 mm for 
muscle and fat.

The properties of the SERS gel directly determine the 
SNR of the measurements. Therefore, we have tuned SERS 
gels with different brightness (Fig. 5c). This is achieved by 
applying SERS NPs of different concentrations from 1 to 
100 pM (see Fig. S2 for the photograph of the SERS gel). 
We have also discussed whether NP dose of these SERS gel 
are within a reasonable range (See Supporting Information). 

Table 2  Normalized tissue autofluorescence background intensity 
(counts/mW·s) at 1446  cm−1, under 633, 785 and 1064 nm excitation. 
Data were obtained from Fig. 4

Tissue types 633 nm 785 nm 1064 nm

Brain 58.3 25.8 0.16
Kidney 75 5 0.12
Liver 211.4 216 0.35
Muscle 311.1 236 0.13
Fat 69.7 11.5 0.11
Skin 117.9 26.8 0.11
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Fig. 5  Comparison of the spectroscopic detection depths with varying SNRs of systems under 785 nm excitation. a, b Laser power-dependent 
SNR on muscle and fat tissues. The powers are 5, 10, 50, 100, 200 mW. The integration time is either 10 s (a) or 1 s (b). The SERS NP con-
centration is 100 pM. c SERS NP concentration dependent SNR on muscle and fat tissues. The NP concentration is 1, 3, 10, 30, and 100 pM. 
The power is 200 mW with 10 s integration time. The R-squares of the exponential fitting of the above curves are all over 0.99. d Relationship 
between the SNR of the system and the detection depth measured experimentally. The slopes and R-squares of linear fitting are displayed
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The same measurement conditions were used as 200 mW 
and 10 s integration time. The SNR curve also shows an 
exponential decay in relation to tissue thickness  (R2 of over 
0.99). The increase in SERS gel intensities brought stronger 
signal peaks, leading to higher SNR. The lowest detection 
depths using the 10 pM gel were 3 and 1 mm for muscle and 
fat, respectively. The experimental results indicated that the 
improvement on the brightness of signal source could be a 
direct strategy to improve the detection depths.

We plotted the graph of detection depths versus the corre-
sponding SERS gel SNR measured in the above experiments 
(Fig. 5d). A clear linear-logarithmic relationship between 
the two is revealed for each tissue. For fitting, the point (3, 
0) was included, representing an original SNR of 3 and the 
detection depth as zero. It can be seen that, although the 
intercepts are shifted, the experimental results are close to 
the theoretical calculations in Fig. 3f. For muscle tissues, the 
slope is 0.79 ± 0.05, corresponding to an attenuation coef-
ficient in a range of 1.19—1.35; For fat tissues, the slope is 
0.48 ± 0.07, corresponding to the attenuation coefficient in 
a range of 1.81 – 2.43. The result confirms that the spectro-
scopic detection depth is determined by SNR of the system, 
i.e., the SNR of SERS gels without the tissues covered. Here, 
system SNR is a result of nanotag brightness, instrument 
efficiency, and data acquisition parameters.

The above theoretical and experimental results provide 
a generalized linear-logarithmic relationship between sys-
tem SNR and spectroscopic detection depth. The slope and 
intercept of this relationship are determined by the tissue 
properties. Although we only used SERS NPs with 4-NBT 
molecules in this work, similar trends could be expected 
for other Raman reporters, Raman NPs, or non-Raman 
agents. This result opens the possibility of predicting the 
penetration performance of optical contrast agents in clini-
cal applications. For example, one could estimate the thick-
ness of tissue covered on agent-labeled lesions to calculate 
the SNR required for successful detection. This can help 
to (1) determine the injection dose by considering the tar-
geting efficiency and the brightness of the imaging agent 
measured in vitro, or (2) guide the design of imaging agents 
by deciding whether the imaging agents are bright enough 
when determining the injection dose. For different tissues, 
we assume different penetration depth and SNR due to 
their different optical properties. When it comes to in vivo 
environments, the intercept or slope values of our model 
should be adjusted for several reasons: The first is the more 
complicated in vivo environment, which leads to multiple 
reflection and refraction effects at tissue interfaces. The sec-
ond is the different optical properties between SERS gel 
and real lesions. For example, the reflectance at the inter-
faces between agarose gel and ex vivo tissues in this study 
may slightly decrease the SNR. The third is the dynamic 
changes such as blood flow. We assume that this can be 

mimicked using a theoretical model with slightly different 
optical attenuation coefficients. Overall, our study provides 
the method to assess the penetration performance of imag-
ing agents and benefit their translation to in vivo scenarios.

Spectroscopic detection depth study using 
fluorescence spectroscopy

The concepts and setup presented in this work are not 
restricted to SERS but applicable to many spectroscopy-
based techniques. We additionally performed the penetra-
tion assessment using fluorescence imaging, which provides 
a significant reference for the clinical practices since it has 
been widely used in surgical guidance with the ability to 
offer real-time visualizations on a large area of interests. 
The fluorescence images were captured by a wide-field NIR 
camera of the image-guided surgery system (Fig. S11). 
Therefore, we used the SNR of the fluorescence images to 
evaluate the corresponding detection depth. The image SNR 
was defined as the difference between the average fluores-
cence intensities of sample images and background over the 
standard deviation of the background intensities, as math-
ematically stated by the equation:

The pure agarose gel was adopted as the blank sample 
to provide a background reference, whose image intensity 
deviations were applied as background noise. The NIR fluo-
rophore indocyanine green (ICG) was adopted and a series 
of ICG gels was prepared with the ICG concentration to be 
10 nM, 100 nM, 1 µM, and 10 µM (Fig. 6a). The ICG gels 
were then covered by tissues of 2 to 20 mm for the penetra-
tion assessment. The fluorescence images gave both qualita-
tive and quantitative information about the effect of tissue 
thickness and ICG concentration on fluorescence intensity 
(Fig. 6b). An overall trend of intensity decay over increasing 
tissue thickness was revealed on all ICG gels. The profile of 
intensities versus tissue thickness was fitted well by expo-
nential decay curves. The maximum detection depth was 
defined as the largest thickness via which a statistically sig-
nificant fluorescence signal could be detected. As shown in 
Table S3, the highest detection depth obtained when the ICG 
concentration increased to 1 µM, the results were improved 
to 20 and 18 mm for muscle and fat, respectively. For 10 µM 
gel, the detection depths were slightly decreased, turned out 
to be 20 and 16 mm for muscle and fat. The SNR curve 
of 10 and 1 µM overlapped with large standard deviations, 
indicating they were at the same level. The failure to show 
improvements in penetration for 10 µM gel might be related 
to the increasing photobleaching rate for higher-concentra-
tion fluorophores. This result may suggest a suitable ICG 

(6)SNR =
Isignal − IBakcground

�Background

≥ 3
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concentration of no more than 1 µM is for practical usage to 
avoid severe photobleaching effects.

Whether SERS is better than fluorescence from the 
perspective of detection depth remains a controversial 
topic. Although, in this work, the highest detection depths 
on fluorescence are of 20 and 18 mm for muscle and 
fat, higher than that of Raman spectroscopy, we should 
note that it is not a direct comparison between SERS and 
fluorescence, because their instruments and measure-
ment conditions are very different: the integration time 
of fluorescence is short, restricted by the photobleach-
ing of fluorophores; and SERS usually adopts the higher 
integration time and a point-scanning method, which is 
restricted by the low cross-section of Raman spectros-
copy. By using fiber-optic instruments and brighter SERS 
NPs, the maximum detection depths of SERS could be 
over that of fluorescence, as we demonstrated previously 
[21]. Overall, since fluorescence has been widely used to 
offer real-time visualizations of a large area during open 

surgeries, our ex vivo results of its detection depth offer 
a significant reference for clinical practices.

Conclusion and discussion

We have presented the concept and conducted the quanti-
tative assessments of tissue attenuation and spectroscopic 
detection depth at the NIR window. Based on data from six 
types of fresh ex-vivo tissues (brain, kidney, liver, muscle, 
fat and skin), we obtain the spectroscopic detection depth 
values range from 1–3 mm in the first NIR window, from 
3 to 6 mm in the second NIR window. The results match 
with the previous reports in a wide range of hundreds of 
micrometers to several millimeters [3, 12]. We further 
demonstrate the reduced tissue attenuation coefficients 
and autofluorescence interference at 1064  nm. Under 
785 nm excitation, the normalized SNR is attenuated by 
80–93% with 1-mm tissue; As for the 1064 nm excitation, 

Fig. 6  Spectroscopic detec-
tion depth assessments using 
fluorescence. a Bright-field and 
fluorescence images (pseudo-
color heat map) of ICG gels. 
The gel samples included ICG 
concentrations of 10 µM, 1 µM, 
100 nM and 10 nM as well as 
a blank agarose gel. The fluores-
cence images reveal an overall 
trend of fluorescence inten-
sity decay with respect to the 
decreased ICG concentration. b 
Fluorescence images (pseudo-
color heat map) of ICG gels 
covered by muscle and fat tis-
sues of 0–20 mm. c The decay 
of image SNR as a function of 
tissue thickness on ICG gels 
with different concentrations on 
muscle and fat tissues. Note that 
the fluorescence signals of 1 and 
10 µM ICG gels were saturated 
with their measured intensity as 
255 reaching the threshold, so 
these points were excluded in 
the fitting. The R-squares of the 
exponential fitting of the above 
curves are all over 0.97
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the corresponding attenuation is reduced to 66–85%. The 
penetration of muscle and liver is the highest, followed 
by kidney and brain. Fat and skin remain the most turbid 
tissues for both wavelengths.

By using SERS and fluorescence, we show that the intrin-
sic optical properties of the tissue and the system SNR are 
the two deciding factors of signal penetration in bio-tissues. 
In particular, our theoretical and experimental demonstra-
tions provide a generalized linear-logarithmic relationship 
between the system SNR and spectroscopic detection depth 
for each tissue. Thus, the detection of hidden lesions can 
be improved by two strategies – minimizing tissue attenu-
ation and background noise, and maximizing the system’s 
performance as judged by SNR. Considering that the tissue 
optics are intrinsic properties, and the measurement condi-
tions are usually restricted in medical procedures, the only 
factor that can be largely improved is the nanotag brightness 
intensity. This reasonably explains why a significant number 
of studies has been reported on the invention of ultra-bright 
contrast agents [23]. Therefore, though the maximum detec-
tion depths obtained in this work were limited in the a few 
millimeters, we anticipate better depth detection ability by 
developing brighter SERS nanotags in the future. Also, our 
assessment method can be applied to the detections by deep 
Raman techniques, which have reported to achieve the detec-
tion depths of a few centimeters [34–36].

Overall, our study offers a straightforward method to 
evaluate the performance of optical contrast agents and 
their detection limits in tissues. This work also benefits 
future investigations on a variety of non-Raman contrast 
imaging agents such as fluorescent dyes, up-conversion 
NPs, organic semiconductors, etc. We anticipate that 
the comprehensive combination of innovations in imag-
ing agents and detector systems will constitute the radi-
cal advances for in vivo optical detection, spectroscopic 
wearable devices, and deep-tissue intraoperative imaging 
in practical applications.

Materials and Methods
Materials

All chemicals were used as received without any further 
purification. Cetyltrimethylammonium chloride (CTAC, ≥ 
99.0%), sodium borohydride  (NaBH4, 98%), chloroauric acid 
tetrahydrate  (HAuCl4·4H2O), 4-nitrobenzenethiol (4-NBT), 
bovine serum albumin (BSA), dimethyl sulfoxide (DMSO), 
phosphate-buffered saline (PBS) and ascorbic acid were 
purchased from Sigma-Aldrich. Phosphate-buffered saline 
(PBS) was purchased from Corning. Silver nitrate  (AgNO3, 
99.8%) was purchased from Aladdin (China). Indocyanine 
green (ICG) was purchased from TCI America. Agarose was 
purchased from Fisher Scientific. De-ionized water was used 
in all experiments.

Ex vivo porcine tissues

The fresh ex vivo porcine tissues were purchased from 
grocery stores and frozen before use. The adopted tissues 
included muscle, skin, fat, liver, bone, lung, and kidney. Spe-
cifically, the pork tenderloin was chosen for muscle samples, 
and side pork for skin and fat samples. The skin samples 
were composed of ~1 mm skin layers and subcutaneous fat 
layers. A meat slicer was applied to cut the frozen muscle, 
fat, and skin tissues into thin layers with different thick-
nesses. The length and width of tissues were over 3 cm to 
fully cover the SERS gel. A vernier caliper was adopted to 
measure the thickness of each slice. Considering the soft-
ness of tissue samples, a 5-10% deviation in thickness was 
acceptable.

Preparation of SERS nanoparticles and SERS gels

SERS NPs were synthesized using our reported method [21]. 
The Au core colloids (1 nM) were firstly prepared using a 
seed-mediated method [22]. 4-NBT was used as the Raman 
reporters. Then 500 μL of 4-NBT ethanol solution (10 mM) 
was mixed with 10 mL of Au core colloids under vigorous 
sonication. After 0.5 h, the colloids were centrifuged and 
washed with CTAC aqueous solution (50 mM) to remove 
excess 4-NBT molecules. Then 1 mL of 4-NBT modified 
cores were added into the mixture of 16 mL of CTAC solu-
tion (50 mM), 480 μL of ascorbic acid (40 mM), and 960 μL 
of  HAuCl4 (4.86 mM). The products (0.049 nM) were col-
lected after the 10-min reaction. After that, the colloids (0.6 
nM) were added to a mixture of 2.5 mL CTAC (25 mM), 
400 μL  AgNO3 (14.58 mM) and 1.875 mL ascorbic acid (40 
mM). The mixture was then reacted in a 70 °C water bath for 
3 h. Finally, the products were washed with CTAC (50 mM) 
twice to remove excess molecules and redispersed in CTAC 
aqueous solution (50 mM). The products were characterized 
by the UV-Vis spectrometer (Aucybest, China) and the trans-
mission electron microscopy (JEOL JME-2100F, Japan).

For the preparation of SERS gels, the obtained SERS 
NP colloids were washed by water twice to remove excess 
CTAC, then redispersed in water with the NP concentration 
of 2 nM. Then 1 wt% agarose aqueous solution was heated 
up in a microwave oven until the turbid solution turns clear. 
We mixed 1.9 ml of agarose solution with 0.1 ml of SERS 
colloids, to get the final NP concentration of 0.1 nM. As the 
mixture was in a liquid phase with a high temperature, the 
colloids were sonicated to ensure that the NPs were well dis-
persed. Then 2 mL of mixtures were quickly transferred into 
the wells of a 12-well plate. The slight shaking and swirling 
were applied to ensure that the mixture was well dispersed. 
Let sit at room temperature for 1 h, until the agarose gel 
cooled down and was completely solidified. The SERS gel 
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was carefully removed out of the 12-well plate. The SERS 
gel was finally obtained with a thickness of around 1 cm.

SERS measurement setup

For the SERS measurements, the 785/1064 dual-mode hand-
held Raman spectrometer (Antonpar) and its matching opti-
cal XYZ-linear stage were applied for muscle, fat and skin 
tissues. The spectral resolution was ∼2  cm−1 for 785 nm and 
∼11  cm−1 for 1064 nm measurement. For the liver, kidney 
and brain tissues, the spectrometer was changed due to the 
machine maintenance. We applied the BWTEK i-Raman 
spectrometer (BWS475-785S-HT, BWTEK, USA) for 785 
nm excitation, and the Oceanhood hand-held spectrometer 
(Portman PR1064, Shanghai Oceanhood Optoelectronics 
Tech Co., LTD, China) for 1064 nm excitation. The focal 
length and focal depth were measured as follows [37]: a sili-
con wafer was placed on the stage platform, then the sequen-
tial acquisition of Raman spectra was performed when keep-
ing the laser probe stationary and moving the platform up 
and down vertically with a step of 0.2 mm. The intensity of 
520  cm-1 mode of the silicon wafer was used to calculate the 
SNR. Take the dual-mode hand-held Raman spectrometer 
(Antonpar) for example, the plotted SNR-distance profile 
was a curve of Gaussian distribution with a decrease in both 
sides of the ideally focal plane (Figure S2). For the opti-
mization in the focal plane, the laser probe was fixed on 
top of the stage, and the SERS gel was placed on the glass 
substrate at the stage platform. The frozen porcine tissues 
were sliced into thin layers of 1 - 6 mm, put above the SERS 
gel to fully cover it, ensuring no air bubble in-betweens. The 
sequential acquisitions of Raman spectra on tissue-covered 
SERS gels were performed when moving the optical stage 
in the z-direction. The data were recorded at different z val-
ues from -6 mm to + 7 mm with a step of 0.756 mm. These 
obtained best focus positions were adopted for the SERS 
penetration assessments.

Raman measurements on tissue autofluorescence 
background

For the Raman measurements on tissue autofluorescence 
background, we applied three hand-held spectrometers: for 
633 nm excitation, we used Oceanhood hand-held spectrom-
eter (Portman, Shanghai Oceanhood Optoelectronics Tech 
Co., LTD, China) with 1.63 mW and 5 s integration time; for 
785 nm excitation, we applied BWTEK i-Raman spectrom-
eter (BWS475-785S-HT, BWTEK, USA) with 200 mW, 0.5 
s integration; for 1064 nm excitation, we applied Oceanhood 
hand-held spectrometer (Portman PR1064, Shanghai Ocean-
hood Optoelectronics Tech Co., LTD, China) with 400 mW 
and 5 s integration time.

Raman spectra analysis

The baselines of raw spectra were corrected using the adap-
tive iteratively reweighted Penalized Least Squares (airPLS) 
algorithm to remove the tissue autofluorescence background 
while preserving characteristic Raman peaks. The spectra 
were smoothed using a moving window average algorithm 
with a window size of 5. We do not use peak fitting as the 
peak positions of SERS nanoparticles are known. The inten-
sities of signal peak (1338  cm-1) are calculated by averaging 
the data in the range of 1338 ± 6  cm-1; while the noise is the 
standard deviation in the region of 2100 ± 100  cm-1. 

For a mixed Raman signal collected from SERS gels and 
tissues, we direct calculated the tissue signal and then sub-
tracted it from the mixed spectrum, since the signals from 
NPs and tissues are determined. Figure S5 shows an exam-
ple of a mixed Raman spectrum collected from SERS gels 
covered by muscle tissues (785 nm excitation). The signal 
exhibits contributions from both gel and muscle. The peak 
at 1338  cm-1 of SERS gel was distinguishable yet of a slight 
overlap with tissue peak, so a simple subtraction of tissue 
contribution is performed to extract a real value of  I1338 
based on the intensity ratio of two peaks: since 1445  cm-1 
mode in the mixed spectrum is mainly contributed by the 
muscle, once knowing the ratio of 1338  cm-1 to 1445  cm-1 
for muscle tissues, their contribution at 1338 cm-1 can be 
calculated and determined. This intensity ratio value may 
slightly vary for different batches of porcine tissues, so this 
calibration should be conducted each time before the data 
analysis. We measured at least 10 spectra for each batch. 
For example, a typical intensity ratio of 1338  cm-1 (1338 
± 6  cm-1) to 1445  cm-1 (1445 ± 8  cm-1) is calculated as 
0.36 ± 0.06 for muscle, so the signal intensity is modified 
as  I1338-0.36 ×  I1445. Similar procedures were done for all 
the rest tissues. For fat, skin, brain, kidney and liver tis-
sues, the ratios are 0.09 ± 0.007, 0.35 ± 0.10, 0.30 ± 0.04, 
0.55 ± 0.04, 0.50 ± 0.02, respectively (displayed as mean 
± SD). Nevertheless, we would like to note for kidney or 
brain tissues that have little Raman response near 1338 
 cm-1, it does not make a big difference with or without the 
subtraction.

Fluorescence penetration measurement

The ICG gels were prepared using a similar protocol to the 
SERS gels. First, ICG was dissolved in DMSO to prepare a 
1 mM stock solution. The stock solution was further diluted 
by 10 mM PBS buffer (with 0.1 mM bovine serum albumin) 
to prepare a series of ICG solutions from 100 µM to 10 
nM. Then 2.7 mL of agarose aqueous solution (1 wt%) were 
mixed with ICG solutions in a 9:1 v/v ratio. The mixtures 
were transferred to a 12-well plate and solidified at room 
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temperature to form the ICG-agarose gels. The imaging 
was carried out by a NIR-I fluorescence image-guided sur-
gery system (REAL-IGS, LIFENERGY Nanjing Nuoyuan 
Medical Devices, China) optimized for ICG fluorescence 
detection in medical use (shown in Figure S5). The imag-
ing system consists of a 785 nm planar laser as the exci-
tation source and a NIR-I camera. ICG gel was placed on 
the platform with tissues on top. The frozen porcine tissues 
were sliced into thin layers of 2 mm, constructing tissue 
thickness ranging from 2 mm to 20 mm. The uniform planar 
laser illuminated an area of 10 cm×10 cm with the working 
distance of the laser probe to the samples as 50 cm. The 
laser output power was set as 480 mW with the power den-
sity at the sample of around 4.5 mW/cm2. The shutter time 
was 792 µs. The pure agarose gel was adopted as the blank 
sample, whose image intensity deviations were applied as 
background noise. We calculated the temporal noises from 
a series of images on agarose gel.

When imaging the pure ICG gel without tissues on top, 
the camera gain was 350 for better contrast; when imaging 
the ICG gels with tissues, the camera gain was adjusted to 
the maximum of 593 for the better penetration performance. 
The captured grayscale fluorescence images were further 
processed by ImageJ and MATLAB (Mathworks) to dis-
play a pseudocolor heatmap for visualization. The intensity 
of each image was read from the region of interest (ROI) 
that was carefully selected as a circle with a diameter of 
350 pixels. The circle was slightly smaller than the gel area 
and leaving a 0.5 - 1 cm margin to reduce the effects of the 
glowing edges. 
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