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Abstract: We report that the Raman spectrum obtained from porcine skin varies significantly 
with the change of skin water content. At different water contents from 40 to 55 wt.%, the 
Raman spectra results using confocal Raman spectroscopy show that the spectral variation of 
porcine skin is highly affected by skin water content. Experimental data are consistent with 
the Monte Carlo calculation and it is proved that the intensity of the Raman spectrum depends 
on the angle distribution and collection efficiency of backscattered light from the sample 
surface for a varied water content. It is suggested that water content for a given skin sample 
should be controlled carefully to minimize errors and deviations in the Raman peak analyses. 
© 2017 Optical Society of America 

OCIS codes: (170.1870) Dermatology; (170.5660) Raman spectroscopy; (170.6510) Spectroscopy, tissue 
diagnostics; (290.5860) Scattering, Raman. 

References and links 
1. E. Vargis, E. M. Kanter, S. K. Majumder, M. D. Keller, R. B. Beaven, G. G. Rao, and A. Mahadevan-Jansen, 

“Effect of normal variations on disease classification of Raman spectra from cervical tissue,” Analyst (Lond.) 
136(14), 2981–2987 (2011). 

2. S. Feng, D. Lin, J. Lin, B. Li, Z. Huang, G. Chen, W. Zhang, L. Wang, J. Pan, R. Chen, and H. Zeng, “Blood 
plasma surface-enhanced Raman spectroscopy for non-invasive optical detection of cervical cancer,” Analyst 
(Lond.) 138(14), 3967–3974 (2013). 

3. R. Shaikh, T. K. Dora, S. Chopra, A. Maheshwari, D. Kedar K, R. Bharat, and C. M. Krishna, “In vivo Raman 
spectroscopy of human uterine cervix: exploring the utility of vagina as an internal control,” J. Biomed. Opt. 
19(8), 087001 (2014). 

4. M. Gniadecka, P. A. Philipsen, S. Sigurdsson, S. Wessel, O. F. Nielsen, D. H. Christensen, J. Hercogova, K. 
Rossen, H. K. Thomsen, R. Gniadecki, L. K. Hansen, and H. C. Wulf, “Melanoma diagnosis by Raman 
spectroscopy and neural networks: structure alterations in proteins and lipids in intact cancer tissue,” J. Invest. 
Dermatol. 122(2), 443–449 (2004). 

5. C. A. Lieber, S. K. Majumder, D. Billheimer, D. L. Ellis, and A. Mahadevan-Jansen, “Raman microspectroscopy 
for skin cancer detection in vitro,” J. Biomed. Opt. 13(2), 024013 (2008). 

6. H. Lui, J. Zhao, D. McLean, and H. Zeng, “Real-time Raman spectroscopy for in vivo skin cancer diagnosis,” 
Cancer Res. 72(10), 2491–2500 (2012). 

7. I. P. Santos, P. J. Caspers, T. C. Bakker Schut, R. van Doorn, V. Noordhoek Hegt, S. Koljenović, and G. J. 
Puppels, “Raman spectroscopic characterization of melanoma and benign melanocytic lesions suspected of 
melanoma using high-wavenumber Raman spectroscopy,” Anal. Chem. 88(15), 7683–7688 (2016). 

8. H. Krishna, S. K. Majumder, P. Chaturvedi, M. Sidramesh, and P. K. Gupta, “In vivo Raman spectroscopy for 
detection of oral neoplasia: a pilot clinical study,” J. Biophotonics 7(9), 690–702 (2014). 

9. M. S. Bergholt, W. Zheng, K. Y. Ho, M. Teh, K. G. Yeoh, J. B. Yan So, A. Shabbir, and Z. Huang, “Fiberoptic 
confocal raman spectroscopy for real-time in vivo diagnosis of dysplasia in Barrett’s esophagus,” 
Gastroenterology 146(1), 27–32 (2014). 

10. J. Wang, K. Lin, W. Zheng, K. Y. Ho, M. Teh, K. G. Yeoh, and Z. Huang, “Comparative study of the 
endoscope-based bevelled and volume fiber-optic Raman probes for optical diagnosis of gastric dysplasia in vivo 
at endoscopy,” Anal. Bioanal. Chem. 407(27), 8303–8310 (2015). 

11. J. Addis, N. Mohammed, O. Rotimi, D. Magee, A. Jha, and V. Subramanian, “Raman spectroscopy of 
endoscopic colonic biopsies from patients with ulcerative colitis to identify mucosal inflammation and healing,” 
Biomed. Opt. Express 7(5), 2022–2035 (2016). 

12. I. Pence and A. Mahadevan-Jansen, “Clinical instrumentation and applications of Raman spectroscopy,” Chem. 
Soc. Rev. 45(7), 1958–1979 (2016). 

13. J. Zhao, H. Zeng, S. Kalia, and H. Lui, “Wavenumber selection based analysis in Raman spectroscopy improves 
skin cancer diagnostic specificity,” Analyst (Lond.) 141(3), 1034–1043 (2016). 

                                                                                Vol. 8, No. 2 | 1 Feb 2017 | BIOMEDICAL OPTICS EXPRESS 1130 

#280599  
Journal © 2017

https://doi.org/10.1364/BOE.8.001130 
Received 10 Nov 2016; revised 13 Jan 2017; accepted 22 Jan 2017; published 26 Jan 2017 



14. L. Lim, B. Nichols, M. R. Migden, N. Rajaram, J. S. Reichenberg, M. K. Markey, M. I. Ross, and J. W. Tunnell, 
“Clinical study of noninvasive in vivo melanoma and nonmelanoma skin cancers using multimodal spectral 
diagnosis,” J. Biomed. Opt. 19(11), 117003 (2014). 

15. M. H. Khan, B. Choi, S. Chess, K. M Kelly, J. McCullough, and J. S. Nelson, “Optical clearing of in vivo human 
skin: implications for light-based diagnostic imaging and therapeutics,” Lasers Surg. Med. 34(2), 83–85 (2004). 

16. C. G. Rylander, O. F. Stumpp, T. E. Milner, N. J. Kemp, J. M. Mendenhall, K. R. Diller, and A. J. Welch, 
“Dehydration mechanism of optical clearing in tissue,” J. Biomed. Opt. 11(4), 041117 (2006). 

17. N. Nakagawa, M. Matsumoto, and S. Sakai, “In vivo measurement of the water content in the dermis by 
confocal Raman spectroscopy,” Skin Res. Technol. 16(2), 137–141 (2010). 

18. M. G. Shim and B. C. Wilson, “The effects of ex vivo handling procedures on the near-infrared Raman spectra 
of normal mammalian tissues,” Photochem. Photobiol. 63(5), 662–671 (1996). 

19. R. M. Lavker, G. Dong, P. S. Zheng, and G. F. Murphy, “Hairless micropig skin. A novel model for studies of 
cutaneous biology,” Am. J. Pathol. 138(3), 687–697 (1991). 

20. N. J. Vardaxis, T. A. Brans, M. E. Boon, R. W. Kreis, and L. M. Marres, “Confocal laser scanning microscopy 
of porcine skin: implications for human wound healing studies,” J. Anat. 190(4), 601–611 (1997). 

21. J. W. Pickering, S. A. Prahl, N. van Wieringen, J. F. Beek, H. J. C. M. Sterenborg, and M. J. C. van Gemert, 
“Double-integrating-sphere system for measuring the optical properties of tissue,” Appl. Opt. 32(4), 399–410 
(1993). 

22. S. A. Prahl, M. J. C. van Gemert, and A. J. Welch, “Determining the optical properties of turbid mediaby using 
the adding-doubling method,” Appl. Opt. 32(4), 559–568 (1993). 

23. S. A. Prahl, “Inverse adding-doubling,” http://omlc.org/software/iad/index.html. 
24. J. Zhao, H. Lui, D. I. McLean, and H. Zeng, “Automated autofluorescence background subtraction algorithm for 

biomedical Raman spectroscopy,” Appl. Spectrosc. 61(11), 1225–1232 (2007). 
25. L. Wang, S. L. Jacques, and L. Zheng, “MCML--Monte Carlo modeling of light transport in multi-layered 

tissues,” Comput. Methods Programs Biomed. 47(2), 131–146 (1995). 
26. L. Wang, S. L. Jacques, and L. Zheng, “CONV--convolution for responses to a finite diameter photon beam 

incident on multi-layered tissues,” Comput. Methods Programs Biomed. 54(3), 141–150 (1997). 
27. L. Wang and S. L. Jacques, “Monte Carlo modeling of light transport in multi-layered tissues in standard C,” 

http://omlc.org/software/mc/index.html. 
28. S. Tfaili, C. Gobinet, G. Josse, J. F. Angiboust, M. Manfait, and O. Piot, “Confocal Raman microspectroscopy 

for skin characterization: a comparative study between human skin and pig skin,” Analyst (Lond.) 137(16), 
3673–3682 (2012). 

29. V. V. Tuchin, I. L. Maksimova, D. A. Zimnyakov, I. L. Kon, A. H. Mavlyutov, and A. A. Mishin, “Light 
propagation in tissues with controlled optical properties,” J. Biomed. Opt. 2(4), 401–417 (1997). 

30. M. Motamedi, S. Rastegar, G. Lecarpentier, and A. J. Welch, “Light and temperature distribution in laser 
irradiated tissue: the influence of anisotropic scattering and refractive index,” Appl. Opt. 28(12), 2230–2237 
(1989). 

31. S. Rastegar, M. Motamedi, A. J. Welch, and L. J. Hayes, “A theoretical study of the effect of optical properties 
in laser ablation of tissue,” IEEE Trans. Biomed. Eng. 36(12), 1180–1187 (1989). 

1. Introduction 
Over the past decades, applications of Raman spectroscopy have been actively investigated 
for disease diagnosis in various tissues and organs such as cervix [1–3], skin [4–7], and 
gastrointestinal tract [8–11]. Among them, skin provides the easiest access to researches with 
Raman spectroscopy; however, its complex and turbid nature make it one of the most 
challenging clinical targets [12]. Since Raman scattering signal is as weak as ~10−6 of the 
intensity of Rayleigh scattering [11] and is often overwhelmed by fluorescence background 
signal, skin disease diagnosis based on Raman spectroscopy has suffered from low accuracy 
and poor signal to noise ratio. To overcome these inherent disadvantages, a variety of 
techniques that can achieve a high diagnostic accuracy have been suggested. For example, 
Zhao et al. reported that the diagnostic specificity for fixed sensitivity of 0.99–0.90 was 
improved from 0.17–0.65 to 0.20–0.75 with wave-number selection based on a leave-one-out 
cross-selection procedure [13]. Lim et al. suggested that a combination of three fiber-optic-
based optical spectroscopy modalities (diffuse optical spectroscopy, laser-induced 
fluorescence spectroscopy, and Raman spectroscopy) is necessary for accurate and 
noninvasive diagnosis of both melanoma and non-melanoma skin cancers in vivo [14]. 

Although diagnostic accuracy in Raman spectroscopy is strongly dependent on the 
instrumental systems and the data processing algorithms, it can be also affected by the 
experimental condition of the skin sample. It is because a variation of optical property by skin 
condition change may induce a significant contrast in Raman scattering signals even under 
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the same experimental condition. In terms of water content, one of the key parameters for 
skin conditions, earlier studies reported that optical properties of skin tissue such as 
absorption and scattering coefficients are influenced by a degree of the water content [15,16]. 
Interestingly, it has been known that the water content of human skin changes with body parts 
and measurement time. Nakagawa et al. found that water content in forearm skin of healthy 
male increased up to 5.7 wt.% in the afternoon compared to the value in the morning [17]. 
Hence, due to the time- and point-varying optical properties of target skin, which is 
accompanies by its water content change, it is likely that the same skin sample may produce 
different results in Raman scattering spectrum profile. 

Despite a lot of Raman spectroscopy studies on improving the instruments and data 
processing techniques in skin disease diagnosis [4–7,13,14], the water content effect on the 
Raman signal measure has been relatively less taken into account [18]. In this study, we 
intend to present an influence of water content on the Raman spectroscopy experimentally 
using confocal Raman microscope with a 785 nm excitation laser. Especially, it is 
demonstrated that the Raman spectrum profile obtained from a skin tissue changes with its 
water content and the Monte Carlo simulations are well consistent with the experimental 
measurement. 

2. Materials and methods 

2.1 Sample preparation 

Abdominal porcine skin obtained from a local abattoir immediately after postmortem was 
used as the sample because of its similarity in structural characteristics to human skin [19,20]. 
The porcine skin samples were stored in a saline solution at 4°C to minimize dehydration and 
structural change until experiments. All experimental results were made at room temperature 
within 12 h from the collection. 

The water content of porcine skin samples in weight percent wt (wt.%) was estimated 
using the following equation: 

 100.wet dry
t

wet

M M
w

M

−
= ×  (1) 

where Mwet is the mass of either native or partially dehydrated samples and Mdry is the mass of 
dehydrated samples which are air-dried at room temperature for 24 h. During the experiment, 
the water content of native samples was reduced by blowing with a cold dryer to ensure 
uniform drying conditions. Based on Eq. (1), the water content of ten native samples was 
estimated to be ~55 wt.%. Five samples of them was used for optical property measurement 
and the others was used for Raman measurement. 

2.2 Measurement of optical properties 

The optical properties of absorption and reduced scattering coefficients of porcine skin were 
obtained over the water content ranging from 40 to 55 wt.% at a step of 5 wt.%. For each 
water content condition, five samples were tested and each sample was measured five times at 
different positions. The size of each sample is about 10 mm × 10 mm × 0.56 mm. First, the 
total reflectance and transmittance at each water content were measured using a double-
integrating sphere (AvaSphere-30, Avantes, port diameter = 6 mm) [21]. And then, from the 
measured data, the optical properties were calculated using an inverse adding-doubling 
program [22,23]. Specifically, the program repeatedly calculated the total reflectance and 
transmittance with trial values of optical properties until the calculated total reflectance and 
transmittance matched the measured values. 

In double-integrating sphere measurements, the sample thickness is recommended to be 
~1/10 of the port diameter or smaller to reduce an edge loss [23]. The thickness of native skin 
samples was ~560 μm by digital vernier calipers (CD-20CP, Mitutoyo Corp.) and the value 
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was decreased with dehydration to ~540, 510, and 490 μm at the water content of 50, 45, and 
40 wt.%, respectively. In addition, the edge loss compensation function of an inverse adding-
doubling program was applied in computing the optical properties. 

2.3 Raman spectroscopy 

Five abdominal porcine skin samples were used for Raman spectral measurements. The 
samples were collected from the same abdominal skin of a porcine (20 mm × 20 mm × 1 
mm). The size of each sample is about 5 mm × 5 mm × 1 mm. Each native sample (55 wt.%) 
was dehydrated to 50, 45, and 40 wt.%. For each water content condition, each sample was 
measured five times at different positions. As a result, the average Raman spectrum at each 
water content condition was calculated from the twenty-five measurements obtained from the 
five samples. The Raman spectra of the samples were measured at the sample surface using a 
confocal Raman microscope system equipped with a 785 nm laser module 
(I0785MM0350MF, Innovative Photonic Solutions) as shown in Fig. 1. The laser power and 
spot diameter on the sample surface were 50 mW and 120 μm, respectively. The Raman 
scattering signals were collected in a 10 × objective lens (LDJ 10, Shibuya Optical Co., LTD., 
NA 0.3) and detected by a Czerny-Turner spectrograph (SR-303i-A, Andor Technology) with 
a low dark current deep-depletion CCD (iVac, Andor Technology). All Raman spectra of the 
samples at varying water content condition were acquired in the range of 600 to 3600 cm−1 
with a spectral resolution of 0.8 cm−1. The acquisition time of 60 s was required to accomplish 
a good signal to noise ratio (SNR) in Raman spectra. The minimum SNR was ~5.3. 

After the Raman measurements, the instrument and CCD noise were removed from the 
measured Raman spectra and then, the noise-corrected Raman spectra were smoothed by the 
Savitzky-Golay digital filter with smoothing width of 9 and degree of 3 [11], followed by 
baselining using improved modified multi-polynomial fitting [24]. 

 

Fig. 1. Schematic of the confocal Raman microscope system using the fiber core as pinhole. 

2.4 Monte Carlo simulation 

A Monte Carlo model of steady-state light transport in tissue [25] and the corresponding 
convolution program [26] were used to calculate diffuse reflectance on the porcine skin 
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surface in the cylindrical coordinate system. For simplicity, the layered structure of porcine 
skin was approximated into a single layer and its equivalent optical properties were measured 
using the porcine skin samples of thickness 560 μm as explained in section 2.2. Through the 
Monte Carlo simulation based on probability distribution analysis, impulse responses of 
photons within the single layer porcine skin were first calculated using the infinitely narrow 
photon source. The photons of 109 were used to yield an acceptable results. And then, the 
responses to photon source of finite size were calculated using the convolution program based 
on Green function. The laser spot radius of 60 μm in Raman experiments was used for this 
simulations. The detail simulation code is presented in Ref [27]. 

3. Results and discussion 
Figure 2 shows the Raman spectra of porcine skin samples measured at varying water 
content. Each Raman spectrum represents the average (solid and dashed lines) and standard 
deviation (filled areas). All Raman spectra contain the peaks that are consistent with normal 
skin samples, for example, polysaccharide (855 cm−1), C-C stretching in α-helix (940 cm−1), 
phenylalanine ring breathing (1005 cm−1), Amide III in proteins (1270 cm−1), CH2 
deformation (1450 cm−1), Amide I in proteins (1660 cm−1), CH2 stretching (2880 cm−1), CH3 
stretching (2940 cm−1), and OH stretching (3260 cm−1) [4,7,18,28]. It is interesting to note 
that the peak intensity of the Raman spectra varies with the water content of the sample, even 
though the laser power on the sample surface is kept constant during the experiment. From all 
the Raman peaks obtained, it is observed that a significant decrease of the peak intensity takes 
place as the water content increases from 40 to 55 wt.%. For a confocal Raman microscope, 
the intensity of Raman scattered light depends on the concentration of the Raman-active 
molecules, the volume of the sample illuminated by the Raman excitation laser, the intensity 
of the Raman excitation laser, and the scattering properties of the sample [11]. In our 
experimental conditions, the possibility of concentration change of the Raman-active 
molecules is very little because the sample was identical and the external form of the sample 
showed little change with a varied water content. Therefore, it seems that the intensity change 
of Raman scattering is associated with the change of the scattering properties of the sample in 
different water content condition. 

 

Fig. 2. Raman spectra of porcine skin in (a) fingerprint and (b) high wave-number measured at 
varying water content. 
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Fig. 3. (a) Absorption (μa) and reduced scattering (μs') coefficients and (b) diffuse reflectance 
in different water content samples. The error bars is for standard deviation. 

Figure 3(a) shows the calculated absorption (μa) and reduced scattering (μs') coefficients 
of porcine skin samples at a wavelength of 785 nm. It is found that μs' increases up to twice as 
the water content varies from 40 to 55 wt.%. The observed increase of μs' may be attributed to 
the refractive index mismatch between collagen fibrils and interstitial space as a result of the 
increased water concentration within the interstitial space [29]. On the other hand, μa is not 
highly influenced by the change of water content conditions, which is probably due to the 
absence of blood perfusion in the in vitro sample. Based on the variation of μa and μs', it is 
presented that the amount of backscattered light from the sample surface is governed by the 
variation of μs'. Previous studies on the biological tissues demonstrated that if μs' is much 
larger than μa and μa remains constant, an increment of μs' leads to a notable increase of 
backscattered photons from the tissue surface [30,31]. 

Figure 3(b) shows the diffuse reflectance, defined as the ratio of laser power of the 
backscattered light to that of the incident light, using a single-integrating sphere system [21]. 
The specular reflectance for the normal incident light is simply subtracted from the measured 
raw data. It should be emphasized that an increase of backscattered light is found with a 
growing water content, resulting in an increase of μs'. This observation is not consistent with 
the variation of Raman peak intensity in Fig. 2 because the peak intensity decreases as the 
water content increases. Such conflicting experimental results can be understood by 
suggesting that the collection efficiency of an objective lens for backscattered light varies 
with the water content of the sample. Practically, when confocal Raman microscope is 
employed, intensity of the measured Raman spectra depends not on the amount of 
backscattered light from the sample surface but on the backscattered light of which 
reflectance angle is within the acceptance angle of an objective lens (θa, the half-angle of the 
acceptance cone of an objective lens). In an air environment, the acceptance angle is 
determined by the numerical aperture (NA) of an objective lens, i.e., θa = sin−1NA, which is 
equal to 0.3 rad in this study. 

To estimate the reflectance angle distribution of the backscattered light from the sample 
surface, the Monte Carlo simulation is carried out at a wavelength of 785 nm for each water 
content condition from 40 to 55 wt.%. The water content-dependent μa and μs' data in Fig. 
3(a) and the laser power of 50 mW and spot radius of 60 μm in Raman experiments are used 
for the reflectance angle calculations. Figure 4(b) exhibits the calculation results of the 
normalized diffuse reflectance profiles as a function of reflectance angle and radial position 
for different water content conditions. The zero values for reflectance angle and radial 
position indicate the normal direction to the sample surface and the distance from the center 
of laser spot on the sample surface, respectively. 
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Fig. 4. (a) Single layer model of porcine skin for Monte Carlo simulation and (b) simulation 
results of diffuse reflectance profiles in different water content porcine skin. 

In Fig. 4(b), notable change in diffuse reflectance profile is found according to the water 
content condition. For a low water content, backscattered light from the sample surface 
mostly occurs within the range of the laser spot radius of 60 μm. A significant portion of the 
backscattered light appears to be included in the acceptance angle of the objective lens. On 
the contrary, the backscattered light by the 55 wt.% condition spreads out over the angular 
and radial range. These simulation results suggest that the portion of the backscattered light 
collected by the objective lens is eventually decreased as the water content of the porcine skin 
sample increases. For 40, 45, 50, and 55 wt.% conditions, the portion of the backscattered 
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light considered to be collected by the objective lens used in the Raman experiments is 
calculated using the results of Fig. 4(b) to be reduced as 85, 66, 54, and 35%, respectively. 
Considering these values, the measured diffuse reflectance in Fig. 3(b) is replotted in Fig. 5 as 
the calculated diffuse reflectance, showing that the diffuse reflectance considered to be 
collected by the objective lens is decreased as the water content of the sample increases. An 
overall trend in Fig. 5 is exactly consistent with the decrease of the intensity of the Raman 
spectra with an increasing water content from 40 to 55 wt.% as shown in Fig. 2. 

For an accurate diagnosis of skin cancers such as melanoma, basal cell carcinoma (BCC), 
and squamous cell carcinoma (SCC) using Raman spectroscopy, the spectral alterations 
reflecting changes in composition and structure of proteins and lipids have been carefully 
investigated [4–6]. To discriminate between normal and cancerous skin, Gniadecka et al. 
compared the ratio of Raman peak intensities between CH2 deformation and Amide I in 
proteins (I1450 cm

−1 / I1660 cm
−1) [4]. They found that when is compared with normal skin, the 

ratio value of melanoma is about two times higher, whereas that of BCC is lower. Lieber et al. 
reported that the peak at Amide I in proteins (1660 cm−1) is higher in BCC and SCC than in 
normal skin [5]. 

 

Fig. 5. Calculated diffuse reflectance considered to be collected by the objective lens (10 × , 
NA 0.3) in different water content samples. 

It is interesting to find in Fig. 6 that the intensity ratio between CH2 deformation and 
Amide I in proteins (I1450 cm

−1 / I1660 cm
−1) varies due to the change in water content of the 

porcine skin sample independent of skin cancers. The variation of the intensity ratio is 
possible because the protein vibrational modes are being disrupted by dehydration [18]. 
Although the peak intensity at Amide I in proteins (1660 cm−1) increases with a decreasing 
water content as shown in Fig. 2, it appears to be not due to skin cancers such as BCC and 
SCC as explained above. As a result, in this study, we confirm that the spectral alterations due 
to the variation of skin water content may affect the diagnostic accuracy for skin cancers. In 
practical Raman experiments, it is suggested that water content for a given skin sample 
should be kept constant and controlled carefully to minimize errors and deviations in the 
Raman peak analyses. 
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Fig. 6. The ratio of Raman peak intensities between the CH2 deformation and Amide I in 
proteins (I1450 cm

−1 / I1660cm
−1) in different water content samples. The error bars is for standard 

deviation. The p-value calculated using the ANOVA of mean differences is less than 0.001. 

4. Conclusion 
In this study, we presented that the Raman spectrum and its peak intensity ratio changed 
significantly as the water content of porcine skin varied in the range between 40 and 55 wt.%. 
More specifically, as the water content increased, the spreading of the backscattered light 
over a larger angular range, rather than the increase in its intensity, became the dominant 
factor in the variation observed in the intensity of the Raman spectra. Since the spectral 
alterations of the Raman scattering signals are critical for disease diagnosis, our experimental 
and numerical results implies that the water content dependency of the skin Raman spectrum 
should be considered for an accurate diagnosis of skin diseases. 
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