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Polarization-sensitive full-field optical coherence tomography

We present a polarization-sensitive full-field optical coherence tomography system that can produce highresolution images of the linear retardance and reflectivity properties of biological media. En face images can be delivered at a frame rate of 3.5 Hz by combination of interferometric images acquired by two CCD cameras in an interference microscope illuminated with a tungsten halogen lamp. Isotropic spatial resolution of ϳ1.0 m is achieved. The technique is demonstrated on ex vivo muscle tissues.

Optical coherence tomography (OCT) is a technique of choice for noninvasive three-dimensional imaging of biological tissues with micrometer-scale resolution [1,2]. OCT measures the amplitude of the light backscattered by the object illuminated by a broadband source. Polarization-sensitive OCT (PS-OCT) is an extension of OCT that provides additional information on the polarization properties of the tissues. PS-OCT can be performed in the time domain [3][4][5][6][7] or in the frequency domain [8,9]. The sensitivity advantage of frequency-domain OCT over time-domain OCT can be used either to shorten the acquisition time or to improve the signal-to-noise ratio. Many biological tissues exhibit birefringence related to various components such as collagen, myelin, and elastic fibers. PS-OCT can offer enhanced contrasts and specificity in structure identification. Conventional PS-OCT experimental setups require scanning the sample transversally to build up images. Fullfield OCT, also sometimes referred to as full-field optical coherence microscopy, was proposed a few years ago as an alternative method to perform ultrahighresolution OCT using a CCD camera to avoid lateral scanning and using a simple white-light source such as a tungsten halogen lamp [10][11][12]. We present in this paper a new full-field OCT technique that can also provide linear retardance measurements in real time.

The schematic of the experimental setup is represented in Fig. 1. It is based on a bulk Michelson interferometer with identical water-immersion microscope objectives in both arms. This configuration is referred to as a Linnik interference microscope [13]. A reference mirror with 2% reflectivity is realized by the interface between the polished surface of a Y 3 Al 5 O 12 (YAG) crystal and water. Ultrastable highpower spatially and temporally incoherent illumination is achieved by using a 12 V, 100 W Köhler halogen illuminator with a stabilized DC power supply. Light is linearly polarized by a polarizer (P) oriented at a 0°angle and split into the reference and sample arms by a broadband polarization-insensitive beam splitter (BS). Light in the reference arm passes through an achromatic quarter-wave plate (AQWP) oriented at a 22.5°angle to the incident polarization, is then reflected by a reference mirror, and passes through the AQWP again. Reference light is thus linearly polarized at a 45°angle to the incident polarization. Light in the sample arm passes through an identical AQWP oriented at a 45°angle, so that the sample is illuminated with circularly polarized light. Returning from the sample and passing through the AQWP, light has an arbitrary (elliptical) polarization state due to the optical anisotropy properties of the sample. After recombination by the beam splitter, the sample and reference images interfere. The interferometric signal is split into two orthogonal polarization components by a polarizing beam splitter (PBS) oriented at 0°( ʈ ) and 90°(Ќ) angles to the incident polarization. The two resulting images are projected onto two CCD arrays (Dalsa 1M15, 1024 ϫ 1024 pixels, 12 bits) by an achromatic doublet lens with a 300 mm focal length. 2 ϫ 2 binning is applied to increase the effective dynamic range of the CCD cameras. Because of the spectral response of the silicon-based CCDs and the use of a long-wave-pass filter, the effective spectrum of the illumination light has a width of ⌬ = 300 nm (FWHM) centered at = 750 nm, which fits the bandwidth acceptance of the achromatic wave plates. The reference mirror is attached to a piezoelectric translation stage (PZT) to make it oscillate at the frequency f = 3.5 Hz. This oscillation generates a sinusoidal phase modulation in the interferometer. The intensity on each pixel ͑x , y͒ of the CCDs is then time modulated at the frequency f. The CCD cameras are triggered at 4f = 14 Hz and synchronized with the PZT oscillation. The CCD cameras capture four images per modulation period. An adjustable number N of series of four images are accumulated in four buffers on the computer. By combining the four frames

E 1 Ќ , E 2 Ќ , E 3 Ќ , E 4 Ќ , and E 1 ʈ , E 2 ʈ , E 3 ʈ , E 4
ʈ , acquired by CCD 1 (Ќ) and CCD 2 ( ʈ ) respectively, according to

⌫ Ќ = ͑E 1 Ќ -E 2 Ќ ͒ 2 + ͑E 3 Ќ -E 4 Ќ ͒ 2 , ⌫ ʈ = ͑E 1 ʈ -E 2 ʈ ͒ 2 + ͑E 3 ʈ -E 4 ʈ ͒ 2 ,
we can show, using the Jones matrix formalism, that

⌫ Ќ ϰ R cos 2 ͑͒, ⌫ ʈ ϰ R sin 2 ͑͒,
where denotes the single-pass phase retardation due to the object birefringence and R is the object reflectivity. Phase-retardation images ͑x , y͒ are then obtained by calculating the ratio ⌫ ʈ / ⌫ Ќ . Polarizationindependent tissue reflectivity images R͑x , y͒ can also be obtained from the sum ⌫ Ќ + ⌫ ʈ . Data acquisition, computation, and display of the computed images are performed by home-written Visual C + + software. Images are produced at a frame rate of several hertz, depending on the accumulated image number N (3.5 Hz for N =1). Conventional PS-OCT requires a large depth of field to avoid focus adjusting while acquiring the axial dimension of the image. Very low numerical aperture (NA) objectives are therefore used, which limits the transverse resolution ͑10-20 m͒. Our fullfield OCT technique produces en face tomographic images, which eliminates the limitation to such low NA values. We use here water-immersion microscope objectives with a moderate NA value of 0.3, which yields a theoretical transverse resolution of ϳ1 m without introducing detectable polarization artifacts that could be present with a higher NA. The axial resolution of the images is determined here by the effective coherence length of the illumination source and not by the objective NA. In a medium with refractive index n = 1.33 (water), the theoretical axial resolution is ⌬z =1 m. Since biological tissues consist mainly of water, the use of identical waterimmersion microscope objectives minimizes dispersion mismatch when imaging deep inside the tissues. Nevertheless, residual dispersion mismatches and optical aberrations due to refractive index inhomogeneities within the tissues inevitably cause a slight degradation of the axial and transverse resolutions compared with the theoretical value of 1 m.

The instrument accuracy for linear retardance measurements was tested by measuring the phase retardation introduced by a Babinet compensator placed into the sample arm between the the quarter wave-plate (AQWP) and the microscope objective (MO). A glass plate with appropriate thickness was placed in the other arm of the interferometer to compensate for the dispersion. A phase retardation varying between 0°and 225°was generated by the calibrated Babinet compensator. Figure 2 compares the measured phase retardation with the true phase retardation introduced by the compensator. The RMS error was 3°(7% average error over the whole scale). The error may result from the calculations, which assume a monochromatic illumination. A rotation of the Babinet compensator in the plan orthogonal to the optical axis had no effect on the measured value of the phase retardation, which was a confirmation of the insensitivity of the setup to the object orientation. When imaging a birefringent object with a microscope objective, the angle between the optical rays and the birefringence optic axis is not as well defined. It has recently been shown that a substantial discrepancy between measured retardance and true retardance can be induced by variations in this angle [14]. We also point out that the phase retardation at a depth z under the object surface does not represent a strictly depth-resolved measurement [15], but the accumulated linear retardance, i.e., the linear retardance integrated along the depth z and over the optical ray angle distribution. To illustrate the system performances for biomedical applications, we imaged fresh muscle tissues extracted from a shrimp tail. The tissues were placed in a tank filled with phosphate-buffered saline (PBS, pH 7) for preservation. En face oriented images are shown in Fig. 3 using 256 gray levels. Linear retardance varies from 0°(black) to 90°(white). Intensity, on a logarithmic scale, varies from -90 dB (black) to -45 dB (white). Couples of images were acquired at two different depths within the tissues, separated by 70 m. Intensity images and phase images exhibit different and uncorrelated contrasts. One can notice a dark area on Fig. 3(c) that becomes bright on Fig 3(d), indicating a variation of ϳ70°in phase retardation, whereas the gray levels in some other areas remain almost unchanged. This clearly reveals optical anisotropy inhomogeneities in the tissues.

In summary, we have developed a polarizationsensitive full-field OCT system that produces images of biological media with both intensity-based and linear-retardance-based contrasts. Compared with conventional full-field OCT, polarization-sensitive full-field OCT provides additional information related to the object polarization properties. With a moderate increase in experimental setup complexity and price, polarization full-field OCT offers larger potentialities for biomedical applications.
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 1 Fig. 1. Experimental arrangement. P, polarizer; BS, beam splitter (broadband, nonpolarizing); PBS, polarizing beam splitter (broadband); MO, microscope objective (water immersion, ϫ10, 0.3 NA); L, achromatic doublet lens (300 mm focal length). The reference mirror (2% reflectivity) oscillates at 3.5 Hz. The synchronized CCD cameras are triggered at 14 Hz to acquire four images per modulation period.
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 2 Fig. 2. Measured versus actual phase retardation introduced by a calibrated Babinet compensator.
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