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1 Introduction

Various imaging modalities are used in medical imaging. In most of them, some kind
of energy is emitted toward the patient. The energy interacts within the patient’s
tissues. The interaction leads to the creation of a signal that can be measured
with detectors, usually placed outside the patient. If the measured signal is used
to create an image, there is a need to map it to the location within the patient.
To get a meaningful image, the measured characteristics of the signal have to
differ depending on the type of the tissue or its state. Different modalities of
medical imaging can show various characteristics of the tissue because they are
based on various physical interactions. In ultrasonography, a mechanical wave with
ultrasonic frequency is reflected by the tissues, which differ by acoustic impedance.
In magnetic resonance imaging, an electromagnetic wave with radiofrequency gets
absorbed by the tissues placed in a magnetic field and then is reemitted from the
tissues. The intensity of reemitted wave depends on proton density and relaxation
times. The wave’s frequency depends on local magnetic field induction, allowing to
separate signals from different locations.

Medical X-ray imaging is based on a measurement of the X-ray beam atten-
uation. The attenuation is different for different tissues and may be additionally
modified by the presence of contrast agents (e.g., intravenously administered iodine)
if needed. There are several X-ray modalities widely used in medicine. Depending
on their application, they can utilize different energies of radiation (e.g., lower
energy in mammography than in radiography), or a different method of image
creation (radiography vs computed tomography), but the basic scheme is always
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kept: the patient is placed between a radiation source and radiation detector. The
information from the detector is used to create an image.

2 Radiography

In the early days of X-ray imaging, glass plates with photographic emulsion were
used as detectors, later replaced with films. The film is coated with a thin layer
of photographic emulsion containing silver halide, which is not a very efficient X-
ray absorber. The film performs much better in detecting visible light than X-rays.
This is why the film has been quickly accompanied with an intensifying screen. The
intensifying screen is a sheet of fluorescent material, converting the energy of each
absorbed X-ray photon to many visible light photons. When the screen is in direct
contact with the film, the film gets exposed by visible light. A combined screen-film
detector has a much higher sensitivity for X-ray detection than the film alone. The
sensitivity depends on the material used in the screen. As an example, screens with
rare earth elements more effectively absorb and convert X-ray radiation compared
to calcium tungstate screens (CaWOy). With screen-film detectors, it is possible to
obtain a radiographic image with a reasonably low patient dose. In medicine, the
film is almost always used with intensifying screens, placed permanently in a light-
tight radiographic cassette. In most cases, two screens are placed on both sides of
the film, which has two layers of emulsion on both sides (Fig. 1a). The light emitted
from the intensifying screen can penetrate the film base, reaching the second layer of
emulsion and causing image blur. Compared with the film-only detector, the use of
the screen-film decreases patient dose but at the cost of a lower spatial resolution of
the image. Similarly, a film with larger silver halide grains is more sensitive but has
a lower spatial resolution. In mammography, a good spatial resolution is essential
for good visualization of microcalcifications, and only one intensifying screen and
one layer of emulsion are usually used. In dental radiography, small objects are
imaged, and a good spatial resolution is important, while radiation dose is not of
much concern, and the film can be used alone [35].

Radiographic films require photochemical processing to convert latent images to
visible images. It is a time-consuming process; it is not environmentally friendly
and has to be done in the darkroom. Various alternatives have been proposed
over the years. Some of them gained initial interest but then were practically
forgotten due to low performance, high cost, or impracticality. As an example, the
xeroradiographic detector consists of a plate covered with an amorphous selenium
photoconductor. Before use, the surface of the plate is uniformly positively charged.
During exposure, electrons are excited in the photoconductor, causing local loss of
positive charge. After exposure, a negatively charged toner is applied. The toner
is attracted to the residual positive charge on the plate, and then it can be moved
to paper or plastic sheet, creating an image [39]. Interestingly, films that do not
require photochemical processing and can be used in daylight conditions also exist.
Radiochromic films become blackened directly by ionizing radiation, thanks to
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Fig. 1 Several detectors used in planar medical X-ray imaging (typical photon energies given for
reference): (a) screen-film detector (radiography), (b) aSi detector (digital radiography), (c) aSe
detector (digital mammography), (d) image intensifier (fluoroscopy).

radiation-induced polymerization of diacetylene (dark as polymer, colorless as a
monomer). Radiochromic films are not sensitive enough to be used for imaging,
but they may be used as radiation detectors to monitor skin doses in interventional
radiology [9].

Modern radiography has largely moved away from film detectors toward digital
imaging. Computed radiography (CR) imaging plates and digital radiography (DR)
flat panel detectors do not need photochemical processing to get an image. They
also have a much wider dynamic range then screen-film detector, e.g., 10*:1 instead
of 10:1 [8], and offer possibilities for digital processing, enhancement, and storage
of the images.

In the CR systems, imaging plates are used as a radiation detector. The plate
is placed in a radiographic cassette and emits visible light when absorbing X-ray
radiation, which makes it similar to the intensifying screen in screen-film systems.
At the same time, a sort of latent image is created on the plate, which makes it
similar to film. During exposure, some electrons are trapped. During readout in
the CR scanner, the imaging plate is illuminated with red laser, causing trapped
electrons to relax to their ground state. The relaxation is associated with emission
of blue light (photoluminescence), which is measured with a photomultiplier and
used as an information to create an image. The light signal is proportional to the
number of trapped electrons, which is in turn proportional to the received dose of
radiation. Proper choice of storage phosphor materials for CR plates is essential
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for good performance of the system. The efficiency of radiation-to-light conversion
of the material is important, but other characteristics may be important as well.
Some materials (e.g., CsBr:Eu2+) perform better than others (e.g., BaFX:Eu2t)
because of their oriented, needlelike structure, which resembles a matrix of optical
fibers. Such a structure reduces light scatter in the readout phase, thus resulting
in less image blur even if the material layer is made thicker to achieve higher
sensitivity [8].

In screen-film systems, the energy of the X-ray radiation is converted to the image
with a time-consuming photochemical process. In CR systems, photochemical
processing is not needed, but the plate is still a passive detector — it operates without
any active means but does not provide a direct readout. Scanning of CR plates
takes time; an image is available a few minutes after exposure. In DR flat panel
detectors, the absorbed energy is converted to an electric charge within a detector,
and the image is practically instantly displayed on the computer screen. In a vast
majority of clinically used radiographic DR systems, the conversion is done with
two steps, with intermediate conversion to light (Fig. 1b). First, X-ray radiation
captured in a scintillation layer is converted to visible light. Second, the light is
detected by a matrix of photodiodes. Electric charge is stored in a capacitor and
then read out, amplified, digitized, and converted into an image. DR detectors with
such indirect conversion are often referred to as aSi (amorphous silicon), although
their amorphous silicon elements are not directly used in the detection of X-rays.
This is done with the scintillation layer, which is made, e.g., of Gd,O,S or Csl. The
materials differ in structure similarly as those used for CR imaging plates — while
Gd,0,S is granular, Csl has a needlelike structure. Direct-conversion DR systems
also exist and are often used in mammography. The energy of the absorbed X-ray
radiation is converted directly to electrical charge within the amorphous selenium
(a-Se) photoconductor (Fig. 1c). Electrons excited to the conduction band move
along electrical field lines, without spreading to the sides, and are collected by the
capacitors, similarly as in indirect DR detectors [32].

Not only detectors have evolved since the beginning of medical X-ray imaging
history. Modern X-ray tubes are very different from those used in the first
experiments: they have a higher vacuum, hot filament, line focus, proper shielding,
higher filtration, usually rotating target, sometimes flat electron emitter, and a liquid
bearing [6]. Tubes were constructed specifically for fluoroscopic/angiographic
applications (long exposures, pulsed beam), mammography (lower voltage, smaller
focal spot), and computed tomography (large g-force during rotation around a
patient) [34]. Let the measure of improvement in the construction of X-ray radiation
sources and detectors be a reduction in the average skin dose in pelvic radiographs:
since 1896, it was reduced by a factor of about 400(!) [17].
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3  Fluoroscopy

The screen-film detector integrates signals during whole exposure, which makes it
suitable to capture an image of a stationary object. If the object moves, its image
is blurred. Movements of the patient during imaging can be minimized with short
exposure time and with immobilization. Patients can be asked to hold a breath, but
it is not possible to stop internal movements such as heartbeat or peristalsis. In
some situations, it is essential to visualize movements within a patient. Besides the
movement of the patient’s tissues, the flow of the contrast medium may be observed,
movement of surgical instruments, or movement of implants, which are being placed
in the patient. That is why a radiation detector is needed, which can provide a live
view with a good time resolution.

In the early days of radiology, the live image was observed directly on the
fluorescent screen. This resulted in large radiation exposure not only for the
patient but also for the operator, who often kept the screen in hand. Since the
image was not very bright, fluoroscopy could be only used in darkened rooms,
which was inconvenient. In the 1950s, a new image detector for fluoroscopy was
introduced, namely, X-ray image intensifier. The operation of the image intensifier
consists of several steps. X-ray photons interact with a scintillation layer, converting
each absorbed X-ray photon into many visible light photons (as with a simple
fluorescent screen). The light strikes photocathode, knocking out electrons, which
are then accelerated with electric potential and then fall again on another (smaller)
fluorescent screen (Fig. 1d). As an effect, there are many more photons on the
smaller screen, resulting in a much brighter (intensified) image with a smaller
dose to a patient. The bright image can be observed in normal lighting conditions,
recorded with a video camera, etc. Currently, image intensifiers are being replaced
with flat panel (DR) detectors with a fast readout [2].

4 Tomographic Imaging

In radiography, three-dimensional structures are visualized in a two-dimensional
planar image. The third dimension is lost in the imaging process. Images of objects
located at different depths overlap, making some anatomical structures invisible.
From the early days of medical X-ray imaging, researchers have tried to image
selected planes within the patient [41]. Many experiments involved movement of
the radiation source (tube) and/or detector (film) during the exposure. If the tube and
detector are synchronously translated in opposite directions during exposure, only
the objects located at one plane will be projected all the time at the same positions on
the detector, resulting in a sharp image. For other objects, their projected image on
the detector will move, resulting in blur. This idea was used in classical tomography
(also called laminography) to obtain a sharp image of anatomical structures located
at the focal plane (Fig. 2). Typically, only the image of one plane was obtained in
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Fig. 2 Image acquisition in classical tomography (with film detector) and digital tomosynthesis
(with flat panel DR detector)

one exposure. Another film and other exposure had to be used to image structures
located on another plane. It was not only time-consuming but also associated with
a multiplication of patient exposure. This limitation can be overcome quite easily
if a different detector is used. If the film is replaced with a flat panel DR detector,
tens of images at different angles can be acquired during the movement of the tube-
detector system. If the images are simply summed up together, the same image as
in classical tomography is obtained. If the images are shifted before summation,
a different plane is sharply imaged. Thanks to an image detector with good time
resolution and a very simple shift-and-add algorithm, images of several planes can
be obtained from a single exposure. This solution, called digital tomosynthesis, is
used clinically [22], although usually in a slightly different scheme (X-ray tube is
moving over a segment of a circle, while the detector remains stationary).

Digital tomosynthesis is currently used mainly in breast imaging. Cross-sectional
images of the head and body are usually obtained with X-ray computed tomography
(CT). During the CT examination, tube and radiation detectors rotate around a
patient, and a cross-sectional image is reconstructed with mathematical algorithms.
Despite similarities between digital tomosynthesis and computed tomography, the
geometry of the system is fundamentally different. In digital tomosynthesis, the
image plane is perpendicular to the plane, in which the tube moves. In computed
tomography, the image lays in the tube rotation plane.

In current multislice CT systems, there may be several rows of detectors (e.g.,
64 rows with ca. 1000 detectors in each row). Detectors may perform two to three
revolutions around a patient per second, registering the signal several hundred times
during each rotation. Detectors for modern CT systems need not only to have good
sensitivity and high dynamic range but also to be very fast and capable of working in
large g-force conditions. For many years, xenon detectors have been used in CT, due
to their good time characteristics (fast decay of signal). However, the low density
of xenon — even pressurized — does not make it a very efficient detector for X-rays
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[10]. Currently, CT detectors are usually made of scintillators and photodiodes [34].
The scintillators are chosen to have a high light output but also a low afterglow. The
performance of the detectors, and thus also image quality, can be improved not only
by choice of a better scintillator or more efficient photodiode but also by moving
the analog-to-digital electronics as close as possible to the detectors, to minimize
electronic noise [20].

5 Spectral Imaging

Attenuation coefficients for X-rays depend on the energy of photons. This depen-
dence is different for different materials and tissues. This fact is used in bone
densitometry (DXA, dual-energy X-ray absorptiometry), in which bone mineral
density is calculated by comparing attenuation of radiation for two different energies
[7, 23]. The typical radiographic image provides information about the attenuation
of the radiation by the tissues, but it does not bring direct information about the
density of the tissue. Identical attenuation can be observed e.g. for the thicker
bone of lower density, as well as for thinner bone of higher density. In bone
densitometry, quantitative information on bone density is calculated from absorption
data measured for two different energies of radiation. Similar approach can be
used to obtain other information. In contrast-enhanced spectral mammography, two
exposures are made for two different beam energies (different tube voltage and
different filtration). Both exposures are made after administration of an intravenous
contrast agent, but detector data obtained for two energies may be processed
to create virtual non-contrast image [29]. Possibility of using two energies to
determine electron density and effective atomic number of the examined tissues has
already been proposed for the first commercially available computed tomography
system [31]. Currently, spectral CT allows for virtual monochromatic imaging,
creation of virtual non-contrast images, better quantification of iodine content, and
differentiation of renal stones based on their atomic composition [11, 15]. In some
spectral computed tomography systems, the examination has to be performed twice
to obtain data for two energies. Since the datasets are not obtained at the same time,
patient movement can be an issue. Other spectral CT systems are capable of truly
simultaneous imaging for two different energies, thanks to duplication of the tube-
detector system or fast alternating tube voltage switching [13].

All the spectral imaging methods mentioned so far are based on the use of two
radiation beams with two different energies. Another approach is also possible,
based on a single beam, and provided that detector separately measures signals in
two (or more) energy ranges. In one design of a spectral CT scanner, a layered
detector is used, with two layers sensitive to two different energy ranges [13].
Another possibility is the use of photon-counting detectors (PCD), e.g., cadmium
telluride semiconductors [21, 37]. The signal from most radiation detectors used
in medical X-ray imaging is simply proportional to the total absorbed energy of
radiation. In PCD, each detected X-ray photon generates a separately measured
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electrical pulse. The height of each pulse can be compared with the threshold, or
several different thresholds, to assign it to one of the energy bins. For each pixel,
PCD provides information on the number of pulses separately for each energy
bin. This allows for truly simultaneous acquisition of separate images for several
energy ranges during one exposure. If several contrast agents are administered to
a patient before an examination, with different radiation absorption characteristics
(e.g., iodine and gadolinium), the virtual reconstruction of images with individual
contrast agents is possible. Besides energy-resolving capabilities, photon-counting
detectors have no electronic noise, which allows better imaging [3, 20].

6 Imaging at the Higher Energy of X-Ray Photons

In diagnostic X-ray imaging, the energy of X-ray radiation is optimized to achieve
good visibility of anatomical structures with patient dose as low as possible.
Depending on the application, tube voltage may be in the order of 25-35 kilovolts
in mammography, several dozen kV in radiography and fluoroscopy, and up to
120-140 kV in computed tomography. This electric potential is used to accelerate
electrons within the X-ray tube, and it sets a limit for the maximum energy of
emitted photons (e.g., 140 keV in CT). Most of the photons reaching detectors
have lower energy. However, imaging with photons of higher energy is also used
in medicine.

In nuclear medicine imaging, a radioisotope is administered to the patient. After
its uptake within the tissues, y-radiation produced in the radioisotope’s decay is
detected from the outside of the patient. Tc-99 m, which is the most widely used
radioisotope for imaging, emits monochromatic y quanta with an energy of 140 keV.
In positron emission tomography (PET) imaging, a radioisotope is administered to
the patient, which emits BT particles (positrons). Emitted positron annihilates with
an electron, resulting in simultaneous emission of two 511 keV photons in opposed
directions. Radiation detectors are distributed around the patient (Fig. 3a). If two
of them coincidentally detect two photons, it is assumed that the photons originate
from the same annihilation event. It is also assumed that the annihilation event has
occurred on the line connecting the two detectors (LOR, line of response). This
information is a base for image creation. Scintillators, which are used in PET as
detectors, need to have a good time response with a very fast decay of light pulse to
allow coincidence detection. They also need to have a good detection efficiency for
511 keV photons, which is usually associated with high density and high atomic
number. Materials used in radiography (e.g., Csl, the density of 4.5 g/cm?) or
computed tomography (e.g., CWO, the light decay time of 14.5 us) are not well
suited for that task, compared to, e.g., LSO or LYSO scintillators (density 7-
7.5 g/em?, decay time ca. 40 ns) [26]. With a fast scintillator and a fast light detector
(e.g., silicon photomultiplier), it is even possible to estimate time between detection
of the two coincidence photons and to approximately determine the position of
annihilation along the LOR. Inclusion of the additional data in image reconstruction
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Fig. 3 Signal detection in positron emission tomography (PET) systems: (a) typical PET scanner
design, (b) J-PET (experimental design)

improves image quality in the so-called time-of-flight (TOF) PET scanners [40].
Potentially, detectors with a much worse absorption efficiency could be also used
in PET scanners. Compared to crystals commonly used in PET scanners, plastic
scintillators have a low density (approximately 1 g/cm?). Additionally, 511 keV
photons usually do not leave all of their energy in the plastic scintillator during an
interaction. However, the light pulse generated at each interaction is extremely short
(1-2 ns), which allows us to obtain information on the place of interaction within the
detector. Low-density plastic scintillator, used in a J-PET prototype in a non-typical
geometrical setup (Fig. 3b), allows obtaining results comparable as for typical PET
scanners [18, 24].

In oncology, radiotherapy with high-energy photon beams is used to treat patients
with cancers. The maximum energy of photons in the therapeutic radiation beam
is much higher in diagnostic radiology, with a typical value of 6 MeV. Although
the beam is not optimized for imaging, it can be used for that task. The images
obtained with the therapeutic beam (so-called portal images) can be used to verify
the realization of the therapy, to check the alignment of the realized radiation field
with a planned field and to verify the proper positioning of the patient. Originally,
portal imaging was performed with films, and then various electronic portal imaging
devices (EPIDs) were introduced. In one design, a fluorescent screen and a vidicon
camera were used. The camera could not be placed directly on the beamline, because
it would be hit with high-energy X-rays. Therefore, the light from the fluorescent
screen was deflected with a mirror (Fig. 4a). In other designs, a matrix of liquid-
filled ion chambers was used as the detector. An ion chamber filled with air, or
even with a pressurized gas, would have a low detection efficiency for high-energy
photons. Currently EPIDs are usually constructed similarly to radiographic flat
panel DR detectors, with a scintillator layer and an array of photodiodes. The main
difference between the DR detector and EPID is the presence of an additional
metal layer (e.g., | mm of copper) in front of the scintillation layer (Fig. 4b).
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Fig. 4 Electronic portal imaging detectors (EPIDs) used in radiotherapy with high-energy X-ray
photons (typical photon energies given for reference): (a) mirror and camera system (obsolete
design), (b) aSi system (current design)

The metal layer is responsible for a generation of recoil electrons, which interact
in the scintillator [1, 25, 42]. Additionally, detector elements (pixels) are usually
significantly bigger in EPIDs than in radiography detectors (e.g., 400-800 wm vs
100 wm). Although bigger pixels lower detector’s spatial resolution, such design
allows each pixel to gather a higher signal in a shorter time.

7 Scattered Radiation

In traditional medical X-ray imaging, scattered photons add noise to an attenuation-
based image. This is why in radiography anti-scatter grids are generally used,
eliminating a large portion of the scattered photons. At the same time, an anti-scatter
grid reduces the signal at the detector. That usually needs to be compensated with
a higher patient dose compared to a no-grid setup. Other scatter-reduction methods
include air gap, meaning the increased distance between patient and detector, and
narrow beam geometry. If a narrow beam is used (pencil or slit), the trajectory of
scattered photons will fall outside the beam and detector area. Slit-beam geometry
is natural for CT scanners but may be also used in other imaging modalities, such
as mammography [19].

In nuclear medicine imaging, monochromatic photons are used (radioisotope-
emitted gamma rays). Detectors in gamma cameras can discriminate energy of each
absorbed y-ray quantum. A signal from scattered quanta, which has lower energy,
can be eliminated with energy windowing, and only the monochromatic peak is
used for image creation. That approach cannot be used in radiography. Even in the
case of photon-counting detectors, the scattered photons cannot be separated over
the wide spectrum of photons emitted from the X-ray tube. It could be possible if
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Fig. 5 Examples of scatter-based schemes for X-ray imaging: (a) backscatter imaging with
scanning beam, (b) scatter imaging with collimator

a monochromatic beam was used, e.g., created with a conventional X-ray source
combined with a mosaic crystal [12].

Photons, which are scattered in directions other than toward the detector,
obviously do not have an impact on the quality of transmission image. While
they are usually only of radiological protection concern, they could also be used
for imaging. X-ray backscatter systems are used at many airports for passenger
screening. Passenger, in a standing position, is scanned with a pencil radiation
beam (Fig. 5a). Backscatter radiation is detected, allowing to image items hidden
under clothes [16] with a low dose [36]. A similar scheme has also been considered
for the imaging of humans [38]. A scanning beam has also been used to limit the
volume, in which the radiation is scattered. If a large-area beam was used, the whole
irradiated volume would be the source of scattered radiation, and it would be hard
to distinguish between signals emitted by different organs. A similar situation can
be observed in nuclear medicine imaging, where the whole patient is the source
of radiation emitted by the radiopharmaceutical product present in his tissues. In
nuclear medicine, this is solved by the use of slit collimators or pinhole collimators.
This approach could be adapted to scatter-based imaging in lung radiotherapy (Fig.
5b). Lung tumor has a much higher density than the surrounding lung tissue and is
a major source of radiation scatter. A slit X-ray kilovoltage beam may be used for
imaging [43], as well as the megavoltage therapeutic beam itself [30]. Experiments
show that scatter-based images may provide better tumor contrast as compared to
transmission images obtained with EPID [30].

8 Forced Fluorescence

In the description of image formation in X-ray imaging, a photon that interacts
through the photoelectric effect is referred to as removed from the beam. This is true
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because such a photon transfers all of its energy to the electron. On the other side, a
new X-ray photon may be emitted from the atom as a result of electron ejection
(forced fluorescence). Human tissues are composed mainly of elements with a
low atomic number, so the resulting monochromatic characteristic radiation has an
energy of a few keV and does not reach the detector. The situation can change, if the
patient is administered a contrast agent containing a high atomic number element,
such as gold. The energy of characteristic radiation for gold is close to 70 keV.
Theoretically, it is possible to create an image showing the capture of a contrast
agent based on the registration of its forced fluorescence. In X-ray fluorescence
computed tomography (XFCT), many detectors would be placed around the patient,
and energy windowing and collimators with parallel holes would be used [5, 14].
Such fluorescence can be also caused by different beams, e.g., protons [4].

9 Phase-Contrast Imaging

In the above description, the X-ray beam was treated as a flux of particles (photons).
At the same time, it can be described as a wave, with phase and trajectory changing
while traveling through matter. The refraction of X-rays is much lower than the
refraction of visible light, but it is observable. Possibility to obtain medical images
dependent on refraction and phase change has been shown in experiments (phase-
contrast imaging). One possibility is to pass the radiation coming from the patient
through two grates differing in spatial frequency [27]. As a result, we obtain a
stronger or weaker signal not in the shadow of the entire structure but in places
where the wave refracted on the patient’s tissues. The image may appear similar to
an attenuation-based X-ray image with an edge detection filter applied. In recent
years, it has been shown that attenuation-based images and phase-contrast images
of the mammary gland can be obtained simultaneously, during a several second
exposure with a dose similar to regular mammography [33]. It has also been shown
that phase-based mammographic images may be obtained at higher beam energies
than traditionally used in mammography, with simultaneous improvement in lesion
detectability and a patient dose saving compared to traditional attenuation-based
imaging [28].

10 Summary

Various types of passive and active radiation detectors are used in medical imaging.
In some of the active detectors, the energy of X-ray radiation is converted directly
to electric charge and then to a digital image. In many systems, an intermediate
conversion of the signal carriers takes place, e.g., to visible light. Different detector
materials and designs can be chosen depending on the energy of radiation. The
perfect detector could be characterized with high detection efficiency, high spatial,
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time, and energy resolution. Usually, there is an interplay between the parameters,
and depending on the application, one may want to, e.g., increase detector’s
sensitivity at the cost of its spatial resolution. While X-ray imaging in medicine
is well-established, the availability of new detectors opens new possibilities. On the
other hand, experimental imaging modalities create new possibilities for use of the
existing radiation sources and detectors.
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