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CHAPTER 8:  NOISE AND DETECTIVE QUANTUM EFFICIENCY

8.1  Introduction

Noise is often defined as the uncertainty in a signal due to random fluctuations in that signal.  There are
many causes for these fluctuations.  For example, an x-ray beam emerging from an x-ray tube inherently
is statistical in nature.  That is, the number of photons emitted from the source per unit time varies
according to a Poisson distribution.  Other sources of random fluctuation introduced by the process of
attenuation of the materials present in the path of the radiation beam (patient, x-ray beam filtration,
patient table, film holder, detector enclosure) are also Poisson processes.  Finally, the detectors
themselves often introduce noise.  In a film-screen cassette, both the intensifying screen and the film
contain individual grains that are sensitive to the radiation or light.  Therefore, the exposure of the grains
in the film produces random variations in film density on a microscopic level, which is a source of noise.
When electronic detectors are used, the absorption of radiation by the detector is a random process.  In
addition, some detectors generate currents from thermal sources that introduce random fluctuations into
the signal.  Noise is therefore inherent in the radiographic imaging process and is influenced by a number
of different processes.

8.2  Importance of Noise in Medical Imaging

The importance of noise in medical imaging arises because x-rays are ionizing and can damage molecules
of biological importance such as DNA or can cause cell death.  We therefore always seek to minimize
patient exposure, and in doing so, produce medical radiographs that often are "noise-limited".  That is, at
the contrast levels obtained in radiographs, our ability to discern objects of interest may be limited by
the presence of noise rather than, for example, limitations in spatial resolution.  Indeed, on an ethical
basis when ionizing radiation is used to form a medical image, we are compelled to minimize patient
exposure so that the image is "quantum-limited" to a degree that allows us to derive essential information
and make best possible diagnosis.  If the image is not "noise-limited", then we are delivering extra
exposure to the patient without the benefit of additional diagnostic information.  Alternatively, if our
image is limited by electronic or noise sources other than photon quanta, then we have not designed our
system correctly since we should not let noise sources, other than fundamental and unavoidable photon
statistical sources, interfere with our ability to derive information from medical images.

8.3  Descriptive Quantitation of Noise

We now will describe various ways to quantify the level of noise in an image.  In the previous chapter,
we discussed random processes for which we had the underlying probability distribution.  In most
experimental studies, we do not know the exact probability distribution that describes the random
process that we are trying to quantify.  Rather, we have a noisy signal which, in an experimental setting,
we can measure as many times as we wish.  After a large number of measurements, we calculate the mean
and the standard deviation using well-known formulae.  If xi are individual measurements, then the mean
(m) and variance (s2) are given by
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where N is the number of measurements.  The square root of variance ÒsÓ is the standard deviation,
which we will use to quantify the uncertainty, or noise, in a measurement.  Note:  The division by N-1
rather than N makes this estimate of variance an unbiased estimate of the population variance.

Theoretically, in medical imaging, the calculation of the mean and standard deviation would require
multiple measurements (or multiple images) obtained on the same object.  For example, if one wanted to
know the noise in a radiograph of a lung nodule from a patient, a large number of radiographs taken under
identical conditions would have to be obtained.  The restriction of "identical" is impossible to achieve for
a patient because tissue movement due to the heart beating or the patient breathing could (and probably
would) move the tumor so that identical measurements could not be made from repetitive radiographs.
But assuming that these difficulties could be overcome and we did obtain multiple radiographs under
identical conditions, the measurement of noise could be made by measuring the xi at the same location in
the radiograph from all of the radiographs.  From these measurements, m and s could be calculated, giving
the average and the uncertainty of the measured value but just at that single point in the image.  To fully
characterize the noise properties of the image, this process would have to be repeated for all locations in
the image.

Of course, this is rarely done except perhaps by a maniacal graduate student working on his or her thesis.
More often, to characterize the noise in an image, we will obtain an image that is completely uniform or
that has large areas where the signal is uniform.  In radiography, this can be achieved by imaging a block
of acrylic, uniform water phantom, or some other flat material.  In fact, it is common practice to have
nothing in the x-ray beam (except for air--hence the term "air-scan") to obtain an image for noise
measurements.  In each case, if we can assume that the signal is the same (except for statistical
fluctuations) in every location in the region of interest, we can calculate the noise (standard deviation) by
obtaining one image, then making measurements at multiple sites across that uniform area.  This is
acceptable as long as we don't have correlated signals in the uniform image.  A correlated noise source
might be generated by an oscillating amplifier in a television camera, a dirty roller in the film processor,
or by some other (possibly unknown) process that affects neighboring values of xi.

Signal-to-Noise Ratio

The standard deviation is perhaps the simplest, and one of the most useful ways, to characterize the
noise in an imaging system.  However, for the description of noise to have physical meaning, it generally
must be related to a signal size.  Since the noise specifies the uncertainty in the signal, it generally is
helpful to relate the noise to the signal size.  An electronic signal that has a noise of 2 mV is 10% of a 20
mV signal, but only 0.01% when compared to a 20 V signal.   For this reason, the concept of signal-to-
noise ratio (abbreviated SNR or S/N) is used to describe the relationship between the signal amplitude
and the size of the noise.  In radiography, both the signal and the noise must be measured in the same
units, optical density for a film image, electric potential (volts) for an electronic image, or photon fluence
(or exposure, etc.) for a radiographic signal.  Once they are measured in the same units, they can be
divided by one another to estimate the signal-to-noise ratio.

Detective Quantum Efficiency (DQE)
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An imaging device that is perfect in terms of its noise performance is one that produces an output signal
with the same signal-to-noise ratio as its incoming signal.  It is difficult, if not impossible, to improve the
signal-to-noise ratio without degrading some other aspect of system performance (e.g. spatial or
temporal resolution).  But how the system affects the signal-to-noise ratio is an important characteristic
and one that is quantified by the detective quantum efficiency (DQE) of the system.

By way of definition, if an instrument or device receives information or data with a signal-to-noise ratio
of SNRin, from which it produces information or data with a signal-to-noise ratio of SNRout, then the
detective quantum efficiency (DQE) of the instrument or device is

DQE =
SNRout

SNRin
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A "perfect" device is one which preserves the signal-to-noise ratio of all signals presented to it and which
therefore has a DQE of 1.

Ways to Increase SNR

Method Disadvantages

Increase detector size (area) Degrade spatial resolution

Increase x-ray tube current Increase patient exposure

Increase exposure time Increase patient exposure and motion
unsharpness

Increase kVp Decrease radiographic (subject)
contrast

Increase detector thickness May degrade spatial resolution (film-
screens)

Increase detector attenuation No imaging disadvantages

Example 8-1:

Assume we have a sodium iodide detector having thickness ÒaÓ with which we are detecting photons
from a 99mTc source (140 keV gammas).  Assume also that the detector generates a signal which is
proportional to the number of absorbed photons and that the only noise source is due to the Poisson
statistics of the absorbed photons.

Figure 8-1.  Methods to increase quantum signal-to-noise ratio
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If the linear attenuation coefficient of the sodium iodide at this energy is µ, and all gamma rays
attenuated by the sodium iodide crystal are counted, what is the DQE of this detector?

Solution:

If N0 gamma ray photons are incident on the sodium iodide detector, then the number of
photons that are transmitted through the NaI detector is

Nt = N0e! µa (8-3)

while the number of photons detectable by the detector is

N = N0 ! Nt = N0 1! e! µa( ) (8-4)

The noise in the radiographic signal input to the detector is due to the photon statistics of
the fluence hitting the detector.  Therefore,

(SNR)in =
signal
noise

=
N0

N0
= N0 (8-5)

while the SNR recorded by the detector is due to those photons measured by the
detector:

(SNR)out =
signal
noise

=
N0 1 ! e! µa( )
N0 1 ! e! µa( )

= N0 1! e! µa( ) (8-6)

Therefore, the DQE of the detector is

DQE =
SNRout

SNRin
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Note that as the product ÒµaÓ becomes very large and the detector absorbs all gamma s
(i.e. the detector becomes "perfect"), then the DQE approaches unity.  Alternatively, if
the value of ÒµaÓ is small then e-µa can be expanded in a Taylor's series and neglecting
higher order terms we have

e-µa !  1- µa (8-8)

so that

DQE =
SNRout

SNRin
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 which approaches zero in the limit of low photon efficiency detector.
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8.4  Optimization of System SNR

There are several procedures you can utilize to improve the signal-to-noise ratio (SNR) in an image.
Generally, but not always, these procedures sacrifice some other aspect of the medical image.  It is the
"art" of the scientist or engineer to balance these various requirements to optimize the imaging system so
that the most information can be obtained from the image.  For example, if we double the resolution
width of our detector, this will improve our SNR by 2-fold (the number of photons collected is
proportional to the detector area which increases 4-fold).  This improvement in the noise characteristics
is accompanied by a decrease in detector spatial resolution.  (This may or may not be a problem
depending on the spatial resolution limits imposed by other components in the system.)  Similarly, one
can increase the x-ray tube current (mA) or exposure time, allowing more photons to be produced and
detected.  Increasing  mA nay lead to a larger focal spot size and increasing exposure time may lead to
additional motion unsharpness, so these approached need to be carefully applied.

Optimization of Photon Energy

The selection of x-ray photon energy is important in the establishing the optimal signal-to-noise ratio
(SNR) for an imaging task.  The underlying concept in this optimization is that the photon energy
selected forces a trade-off between increasing radiation dose at lower energies and decreasing contrast at
higher energies.

In general, the tradeoff between dose and SNR is tedious to analyze.  This is true for several reasons.
First, most attenuators, including simple ones such as water, contain more than one element requiring
estimation of the linear attenuation coefficients from those of the elemental constituents.  Second, the
linear attenuation coefficients are complex functions of both energy and atomic number.  Third, the
polyenergetic nature of the x-ray beam forces evaluation of integrals for determining detector response.
Generally, the integrals cannot be evaluated in closed form requiring numerical techniques to be utilized.

It is instructive, to calculate the SNR per unit radiation dose as a function of x-ray beam energy.  In this
evaluation, we consider the SNR of a 1 cm thick void region within a volume of water having thickness x.
The photon beam is considered to be monoenergetic with energy E.

First, we calculate the signal-to-noise ratio of the radiographic signal.  If

x = thickness of water region
" o = incident photon fluence (actually exit fluence w/o phantom)
" 1 = photon fluence through x cm of water
" 2 = photon fluence through 1 cm air void and x-1 cm of water
µ = linear attenuation coefficient of water
E = photon energy
# = density of water
A = cross-sectional area of interest.
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then the photon fluence " 2 through the 1 cm air void and x-1 cm of water is

" 2 =  " 0e
-µ(x-1) (8-10)

while the photon fluence " 1 through x cm of water is

 " 1 =  " 0e
-µ(x) (8-11)

The signal is the difference in photon fluence between the two regions while the (statistical) noise is the
square root of the background photon fluence.  In the low contrast case " 1 ~ " 2, so using the background
to assess noise is justified.  Therefore, the signal-to-noise ratio (SNR) is

! 

SNR=
" 2 #" 1

" 1

(8-12)

The mean radiation absorbed dose is estimated as the energy absorbed by the material divided by the
mass of the material.  For simplicity, we will approximate the energy absorbed by the number of
attenuated photons multiplied by the photon energy E.

GEOMETRY FOR CALCULATING SIGNAL-TO-NOISE RATIO AND MEAN
RADIATION DOSE

SNR = 

! 

" 2 #"1
" 1

Dose = 

! 

" 0 #"1( )AE

Ax$ Water

1 cm air
thickness

" 0

Calculate the SNR per unit dose as a function of x-ray beam energy
for a 1 cm thick void within a volume of water having thickness x.
The photon beam is monoenergetic with photon energy E.

x

" 1 " 2

  

Radiation Dose and SNR vs. Photon Energy
(Calculated for Fixed Number of Photons Reaching the Detector)
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Figure 8-2.  Assuming a fixed number of photons entering a volume of water containing a 1 cm air void, both
the radiation dose and the signal-to-noise increase as a function of photon energy for E<30 keV.
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The mass of the water is the cross-sectional area A of the measured radiation beam multiplied by the
thickness x and the density # of the material.  Therefore, the mean absorbed dose is

! 

Dose=
" 0 #" 1( )AE

Ax$
=

" 0 #" 1( )E
x$

(8-13)

The SNR and the mean absorbed dose are graphed as a function of photon energy E in Figure 8-2 for a
fixed number of incident photons entering the water phantom.
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Figure 8-3 shows that the SNR per unit dose decreases with increasing water thickness since fewer
photons penetrate the thicker attenuator.  It also shows that the energy at which the optimal response
(i.e. maximum SNR per dose) is achieved increases with water model thickness.  This indicates that
higher energy is needed to maintain the SNR for the thicker water model.

Selection of Detector Material

Another important consideration in limiting quantum statistical noise is the appropriate selection of
detector material to maximize photon absorption.  Increasing the thickness as well as the linear
attenuation coefficient of the phosphor material can increase absorption.  As we showed in the chapter
on spatial resolution (Eq. 6.27), increasing the phosphor thickness increases geometric unsharpness,
suggesting that an increased linear attenuation coefficient would be the preferable approach.

The choice of phosphor material must be matched carefully with the photon energy used.  For best SNR
characteristics, the linear attenuation coefficient of the detector should be highest in the energy region
where the transmitted x-ray spectrum is maximal and in particular where the contrast of interest is
maximal.

For many years, calcium tungstate (CaWO4) was the most common material used in intensifying screens.
X-ray absorption is provided primarily by the tungsten, which contributes to both the physical density
and a high atomic-number component to the phosphor.  To understand whether the attenuation

Figure 8-3. For the geometry given in Figure 8.2, the signal-to-noise ratio per unit radiation dose is graphed as a function of
photon energy for 3 thicknesses of water.
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coefficient of tungsten is well suited as a phosphor for medical imaging, we must understand how it is
matched to the energy spectrum of the x-ray beam.  This can be appreciated using a general rule of thumb
to estimate the characteristics of an x-ray spectrum.  This rule states that the effective energy of a
diagnostic x-ray beam is approximately one third of its peak kilovoltage (kVp).  Hence, a diagnostic
examination using a 120 kVp beam should use a phosphor with its maximal attenuation at 120/3 = 40
keV.  However, the k-edge of tungsten is 69.5 keV, in many cases too high to contribute to attenuation of
the majority of the x-ray photons for diagnostic spectra.  (Note: The k-edge for calcium is approximately
4 keV.)

For this reason, phosphors with rare-earth components were introduced and are widely used in
diagnostic examinations.  Typical phosphors include gadolinium oxysulfide (GdO2S:Tb), lanthanum
oxybromide (LaOBr:Tb), and yttrium oxysulfide (Yt2O2S:Tb).  These phosphors have k-edges ranging
from 39 keV to about 50 keV, which improves their x-ray absorption for many diagnostic examinations
(Figure 8-4).

0 2 0 4 0 6 0 8 0 100 120

Photon Energy (keV)

Gadolinium

Tungsten

120 kVp x-ray
spectrum

X-RAY SPECTRAL RESPONSE OF
RADIOGRAPHIC INTENSIFYING SCREENS

Just as the x-ray absorption characteristics of the phosphor must be matched to the spectrum of the x-
ray beam, the spectral response of the radiographic film must be matched to the spectral light output of
the intensifying screens.  Gadolinium oxysulfide (Gd02S:Tb) emits light with maximum emission at 545
nm.  It must be matched with a film sensitive to green light (wavelength 550 nm).  Another useful
phosphor material is lanthanum oxybromide (La0Br:Tb) which emits light in the range of 380 nm to 450
nm.  It must be matched to a blue-sensitive film, one having an emulsion sensitive to photon wavelengths
below 500 nm.

When phosphors are used in fluoroscopy systems, the spectral output of the phosphor must be
matched to the sensitive region of the human eye or television camera used to view the image.  Before the
advent of image intensifiers, fluoroscopic screens used zinc cadmium sulfide, which has a spectral output
well matched to the response of the human eye.  This material is used in the input phosphor of older
image intensifiers, although it has been replaced by cesium iodide in newer systems (see if you know

Figure 8-4.  For a typical x-ray spectrum used in diagnostic radiology (e.g., 120 keV), rare earth intensifying screens
may absorb a greater fraction of the x-rays than conventional phosphors
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why).  Zinc cadmium sulfide still is used as the output phosphor for most image intensifiers since its
spectral emission lies in the visible range of the electromagnetic spectrum and is well matched to the
response of most television cameras.

Finally, newer laser film printers utilize a helium neon laser producing a red light beam to expose the
film.  The films used in these systems are sensitive in the infrared region, but also can be exposed by the
"red light" used to provide low-level illumination (i.e. the "safe light") in most dark rooms.  An operator
forgetting his or her physics will be very disappointed in their results if he or she forgets to turn off the
red light when removing the film in the dark room for placement in the film processor.

8.5  Noise Sources in the Medical Image

There are several sources of noise in the medical image that we will discuss at length in this chapter.
Many of these are introduced by the chemical or photographic limitations of our technology.  However,
there is a fundamental and unavoidable noise source against which we are always fighting in x-ray
imaging, namely photon statistical noise or quantum noise.  By photon statistical noise we mean the
statistical imprecision introduced into a radiation signal by the random fluctuations in photon production
and attenuation.  These are naturally occurring, and cannot be avoided.

For a detector, the photon statistical noise is calculated in terms of the photons absorbed by the detector
and used to generate the image.  Any photons which pass through the detector without being absorbed,
or even those that are absorbed without generating image information, are wasted and do not contribute
to reducing noise in the image.  Since photons cannot be subdivided, they represent the initial quantum
level of a system.  It is common practice to calculate the statistical noise in terms of the smallest number
of quanta used to represent the image anywhere along the imaging chain.  The point along the imaging
chain where the fewest number of quanta are used to represent the image is called the "quantum sink".
The noise level at the quantum sink established the fundamental noise limit of the imaging
system.  Without increasing the number of information carriers (i.e. quanta) at the quantum sink, the
fundamental noise limit of the signal cannot be improved.

Example 8-2:

A phosphor with 10% conversion efficiency is one that converts 10% of the x-ray photon energy to
light photons. A 20% conversion efficiency screen produces twice as many light photons though the x-
ray absorption remains the same. In a film-screen cassette, an intensifying screen having a 10% light
conversion efficiency is replaced by one with a 20% light conversion efficiency.  Both screens have a
50% x-ray absorption efficiency and the film is assumed to absorb 100% of the light emitted by the
screen.  In each case, where is the quantum sink (input to phosphor, in the phosphor, or input to the
film)?  If the same film is used with both intensifying screens, which radiograph will be noisier?

Solution:

(a) On average one 50 keV x-ray photon is absorbed in the phosphor for each two incident x-
ray photons.  With the 10% efficient phosphor, 5 keV of the energy is converted to light
photons.  The light photons have a wavelength of about 5000A (A = Angstroms)
corresponding to photon energy of
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E = 

! 

12396eV " A

5000A
~ 2.5 eV (8-14)

The estimated number of light photons produced per 50 keV x-ray photon absorbed is

N = 
5000 eV

2.5 eV/light photon
  ~ 2000 light photons (8-15)

Obviously, for a 20% efficient phosphor, this would increase to 4000 light photons.

For an input to the screen of 100 x-ray quanta, the screen reduces this to 50 absorbed x-
ray quanta, and the film sees 100,000-200,000 light quanta depending on which screen is
used.  Therefore the "quantum sink" is at the intensifying screen.

(b)  In considering which radiograph will be noisier, it is important to remember that the
integrated light exposing the film must be maintained in the linear region of the film H&D curve.
Assume we obtain the correct film exposure with the 10% efficient phosphor.  When the 20%
efficient phosphor is used, the x-ray exposure must be halved to maintain the same film density.
At the quantum sink (i.e. the intensifying screen) fewer (x-ray) photons are used to create the
image with the 20% efficient phosphor than the 10% phosphor.  Therefore the image obtained

with the 20% efficient
phosphor is noisier than
that obtained with the
10% efficient phosphor.

Fortunately, it is relatively easy
to characterize photon statistics,
at least on a descriptive level.
This is because photon
production and attenuation are
Poisson statistical processes.
One of the most useful results of
this observation is that the
standard deviation of the Poisson
distribution equals the square
root of the mean.  In most cases,
we can estimate the standard
deviation by taking the square
root of a single measurement.  Of
course, the next measurement
generally will result in a different
value, but this difference should

be small if the noise is not too bothersome.  Furthermore, for a large number of events (i.e. large number
of photons contributing to the image), the Poisson distribution approaches a Gaussian distribution.  This
is extremely useful for two reasons.  First, the Gaussian distribution has the well known property that

NOISE CHARACTERISTICS OF
FAST INTENSIFYING SCREENS

Noisier image with screen having 20%
conversion efficiency

100 x-ray photons

 50% absorption efficiency
10% conversion efficiency

 50% absorption efficiency
20% conversion efficiency

50 x-ray photons

 radiographic film  radiographic film

100,000 light
photons to expose
film

25 x-ray
photons
absorbed

50 x-ray
photons
absorbed

X-Ray Absorption is Unchanged
Light Conversion is Changed

Figure 8.5. A more efficient phosphor requires fewer x-ray
photons than a less efficient phosphor to expose radiographic
film.  Therefore, the more efficient phosphor (i.e., the fast
screen) produces a noisier image than the less efficient
phosphor.
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68.3% of the observations will fall within 1 standard deviation of the mean, 95.5% of the observations
will fall within 2 standard deviations of the mean, and 99.7% of the observations will fall within 3
standard deviations of the mean.  The second useful property of the Gaussian distribution is that it has a
nice mathematical form that is useful in generating homework problems for graduate students!!

Example 8-3:

A radiologist views a conventional fluorescent screen at a distance of 1 m.  (No image intensifier is used
in this particular imaging system.)  Assume that the conversion efficiency of the intensifying screen is
50% with 100% absorption efficiency, that the input exposure to the fluorescent screen is 1 R per

second, and that the effective energy of the x-ray beam is 30 keV, and that 
µen

!

" 

# 
$ 
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& 
' = 0.1395

cm2

gm
.

(a) Compute the number of photons/area used to form the image in the input to the fluorescent
screen.

(b) Compute the number of photons/area used to form the image at the output of the fluorescent
screen.

(c) Compute the number of photons/area used to form the image that reaches the eye from the light
field of the fluorescent screen.  Assume that the pupil of the eye has a diameter of 2 mm when
the fluorescent screen is viewed.

(d) Where is the quantum sink for this system?
(e) What is the system detective quantum efficiency (DQE)?

Solution:

(a) X-ray photons entering intensifying screen and absorbed:

The exposure is 1 Roentgen/sec so all calculations are for 1-second.  At an effective energy of 30
keV for which
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. (8-16)

The photon fluence is
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=1.3x101 0 photons

cm2 (8-17)

(b) Light photons leaving the intensifying screen:
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At a wavelength of $ = 5000 A (A= Angstroms), the energy of the light photon is

E ~ 
12396 A ev

l
  ~ 2.5 eV (8-18)

The total number of light photons generated by the screen having a 50% conversion efficiency is

%light = 

! 

1.3x1010 photons

cm2
" 
# $ 

% 
& ' 30x103eV 0.5[ ]

2.5
eV

photon

=  7.8x10
13 photons

cm
2 (8-19)

(c) Light photons entering the eye:

At a distance of 1 meter, the number of photons entering the eye is

%eye =  7.8x10
13 photons
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! (0.1cm)2

4! (100cm)
2
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=  1.95x 10
7 photons

cm
2 (8-20)

(d) The quantum sink occurs at the stage of the image formation process where the image is formed
by the fewest number of photons.  This occurs within the eye of the radiologist.

(e) Detective quantum efficiency of the system:

Assume that the input noise arises from the quantum statistics of the incident x-ray field and that
the output signal noise is due to the number of light photons entering the eye (both assumed to
be Poisson processes).  Therefore, the DQE is

DQE = 
&
'
'
(

)
*
*
+SNRout

SNRin

2
  = 

! eye

! x" ray
= 

1.95x10
7 photons

cm2

1.3x1010 photons

cm
2

=   1.5 x 10
! 3 (8-21)

8.6  Noise Sources in Film-Screen Systems

Quantum or statistical mottle is only one of several contributors to noise in an x-ray image.  Both the
film and the intensifying screen have a microstructure that contributes to small random fluctuations in
the radiograph.  In the film, the microstructure is due to the developed silver halide.  The noise
introduced by the silver grains is called the film granularity.  Similarly, the interactions of x-ray photons
in the intensifying screen creates flashes of light which expose the film.  The random appearance of the
light flashes reveals the underlying irregular structure of the screen that is called structure mottle.  The
irregular structure is due to an uneven distribution of phosphors in the screen, generating a spatially
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varying light distribution even when exposed to a uniform exposure of x-rays.  The "structure mottle"
occurs even when the x-ray exposure is infinite and the quantum mottle is virtually eliminated.
However, in general, the screen mottle is the more important constituent of radiographic mottle with
quantum mottle being the primary constituent of noise arising from the screen.

Mathematically, we can define the three components of radiographic noise or mottle (, 2) to be film
granularity (, g

2), quantum mottle (, q
2), and structure mottle (, s

2) from the screen.  Nutting has shown
that the density Dg of the film due to developed grains is related to the average number of developed
grains per unit area (Ng/A) and the average developed grain area ag according to the relationship

D = (log1 0 e) ag
Ng
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Assuming that the only fluctuation in film density is due to the random number of film grains per unit
area, and that other values are constant, the variance from film granularity , g is
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8.7  Noise in Electronic Imaging Systems

In electronic imaging systems such as digital subtraction angiography, we have three principal sources of
noise.  The first arises from quantum statistics, in which the discrete nature of the radiographic signal
(which often is photon-starved) introduces uncertainty into the image.  The second is electronic noise
which is generated in the detector or detector electronics.  The third is quantization error that occurs in
digital electronic imaging systems when the signal is digitized.  These three components of noise will be
discussed separately, followed by a discussion of how they combine to contribute to the overall noise in
the imaging system.  In this section will we concentrate on video-based image intensifier systems, since
these are used clinically.  However, our comments can be generalized to other electronic imaging systems
used in diagnostic radiography.

Noise introduced by quantum statistics

A fundamental noise source in a digitally subtracted angiogram (as in all other medical images) is
provided by the quantum statistical noise of the exposure field used to generate the image.  If a
radiographic signal is composed of N photons, then the uncertainty (i.e. standard deviation) in that signal

is N , since photon generation as well as photon attenuation behave according to Poisson statistics.

In the case of video-based image intensifier systems, the Poisson statistics in the photon signal is
propagated into an uncertainty in the electronic signal.  This statistical uncertainty is independent of the
electronic noise generated within the video camera itself.  The amplitude of the quantum statistical noise
contribution can be calculated by assuming that the signal from the video camera is proportional to the
photon fluence recorded by the image intensifier (the quantum sinc).  This requirement is satisfied by a
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Plumbicon video camera that produces an electronic signal proportional to the light it receives.
Assuming that the camera produces a maximum video output of Vm with an input of Nm photons/pixel
the video signal V at any other photon level N is given by the proportionality relationship

! 

V
Vm

=
N
Nm

 or  V =
Vm

Nm
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' N (8-24)

where both Nm and Vm are constants for any one system configuration.  Therefore, the uncertainty in the
video signal due to quantum statistical sources is
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" q =
Vm

Nm
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Where the standard deviation , N is the uncertainty in photons/pixel N

! 

" N = N (8-26)

so that the quantum noise seen in the video signal , q is
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" q =
Vm

Nm
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Electronic Noise in a Video System:

The electronic noise in a video camera is characterized in terms of the camera's dynamic range.  The
dynamic range is defined to be the ratio of the peak video signal Vm to the standard deviation (, e) of the
video signal (Figure 8-7).  Therefore, if the dynamic range of a video camera is D, then the standard
deviation of the electronic noise , e from the camera is given by

! 

" e =
Vm

D
(8-28)

For example, the best vidicons have a dynamic range of 1000:1 (although some are touted to achieve
2000:1 dynamic range).  If the peak video signal is 2 volts, then the standard deviation of the electronic
noise from the camera is 2 volts/1000 = 2 mV.

Electronic noise arises from the video camera dark current, i.e. noise when no light is input to the camera.
The magnitude of electronic noise (, e) is relatively independent of signal size (unlike quantum statistical
noise which varies as the square root of the number of quanta comprising the signal).  It therefore is
useful to maximize the video signal whenever possible so that the electronic noise provides a minimal
perturbation.  Conversely, electronic noise becomes an especially important problem when an object is
imaged at low video levels due to low photon fluence.
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Noise Due to Digital Quantization

The quantization error or quantization noise is the error introduced into an analog signal when it is
digitized.   The variance of the quantization error can be calculated by assuming that we have a set of
values I which are contained within one quantization step, and which vary about their mean value µI.
Define -  to be the width of the quantization step (i.e. the interval associated with the least significant bit
of the analog-to-digital converter), so that each analog value from µI Ð- /2 to µI +- /2 is converted into the
value µI by the analog-to-digital converter.  If all analog values in this range are equally likely, then the
variance of the quantization error is

 ! "
2 =

1
"

(I # µI )2dI  =  
" 2

12
µI # "

µI + "

$ (8-29)

Since we have some control over the magnitude of this noise contribution, we design imaging systems so
that quantization noise is negligible in comparison to electronic and quantum noise sources.  For example,
if the variance of the electronic noise is , e

2, we can choose the quantization step of the analog-to-digital
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Figure 8.7.  An ideal video camera produces an electronic signal
proportional to the number of photons/pixel, which varies
based on object attenuation throughout an image.  This
relationship is maintained up to the maximum or saturation level
of a video system.



Physics of Medical X-Ray Imaging (16) Chapter 8

converter so that the variance of the quantization error is 10% of the variance due to electronic noise.
Using equation (8-29) this yields

! "
2  =  

" 2

12
 =  

! e
2

10
(8-30)

and solving for - ,

-  = 1.1 , e !  , e (8-31)

and since 

! 

" =
Vm

Ddig

#
Vm

D
  then  Ddig # D. (8-31.1)

Thus, we can choose the dynamic range of the analog-to-digital converter (Ddig) to be approximately the
same as the dynamic range due to electronic noise (D).  Using this approach, we see that a video camera
with a dynamic range of 1000:1 requires a 10 bit analog-to-digital converter, i.e. one with1024:1 dynamic
range.  Using the video camera with an analog-to-digital converter with fewer steps allows the
quantization noise to be a noticeable contributor to overall system noise, a degradation that can be
avoided with an analog-to-digital converter having a greater number of steps.

Example 8-4:

Assume that we digitize a signal with a quantization step -  that is ÒnÓ times larger than the standard
deviation of the noise in the analog signal (, ).  Calculate the DQE as a function of n.  Discuss why your
result makes sense physically.

Solution:

The input signal has only analog noise while the output signal has both analog and
quantization noise.  We know that the quantization noise with step - =n,  is

! "
2  =  

" 2

12
 =  

(n! )2

12
(8-32)

The total noise variance of the digitized (output) signal is the sum of analog and
digitization noise variances

! total
2 = ! 2 +

(n! )2

12
(8-33)

and assuming that the signal size S remains the same (i.e. the digitization introduces no
gain), we know that the input and output signal-to-noise ratios are given by

SNRin =
S
!

(8-34)

while
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SNRout =
S

! total
=

S

! 2 +
(n! )2

12

=  
S

! 1+
n2

12

(8-35)

so that the DQE is given by

DQE =
SNRout

SNRin
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The DQE in this example is not a function of , .  For small n (small quantization steps),
the DQE approaches 1 and for large n DQE tends toward zero.

System Noise in Electronic Imaging Systems

The system noise variance in an electronic imaging system is obtained by adding the variance from each
noise component; assuming that these noise contributions are independent.  In this section, we assume
that the image system consists of a television camera viewing the output phosphor of the image
intensifier, and that the quantization error contributed by the analog-to-digital converter is negligible.
The camera output contains a component Vq proportional to the exposure to the input phosphor as well
as a time-varying term Ve arising from the "electronic noise" of the system (the time variable is implicit).

V= Vq + Ve (8-37)

The uncertainty in the video output can be calculated using propagation of errors

, v
2 = , q

2 + , e
2 (8-38)

Where , v, , q, and , e are the uncertainties in V, Vq, and Ve respectively.

We will investigate how these components contribute to system noise of a digital angiographic system in
more detail in Chapter 10.  We will complete this chapter with a brief discussion of how quantum
statistical noise influences a digital subtraction angiographic system.

8.8  Noise in Digital Subtraction Angiography (DSA)

In Chapter 2, we discussed the concept of temporal subtraction of digital radiographic images (for
example in digital subtraction angiography) in which an image obtained of a region containing an artery is
subtracted from an image of the same anatomical region after injection of an iodinated contrast agent.
This procedure is performed to isolate the image of the opacified artery after the subtraction process
removes the structure from background anatomy.  We will show in chapter 10 that the images should be
subtracted only after they are logarithmically transformed.  For now, we will assume that this is true and
will use the propagation of error technique summarized in Chapter 7 to calculate the contribution of
quantum statistical noise in the digital subtraction image.
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Assume that you have two images of a blood vessel obtained before and after opacification.  For the
image obtained before opacification of the artery occurs, the radiographic signal is proportional to

! 

N = N0e
" µw x (8-39)

where µw is the linear attenuation coefficient of water (i.e. blood and soft tissue), x is the thickness of the
body, and N0 is the incident photons/pixel.  After opacification, the attenuation is increased owing to the
iodinated contrast agent in the artery so that the signal is proportional to

! 

NI = N0e
" (µw x  + µ I t )  (8-40)

where µI is the linear attenuation coefficient of the iodinated contrast agent and t the thickness of the
artery.   The signal in the subtraction image is formed as

S= ln(N) ! ln(NI ) = µI t (8-41)

However, by propagation of errors in equation 8-41, the uncertainty s in the signal S is given by
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Since the photon fluence behaves according to Poisson statistics, we have

! N
2 = N  (8-43)

and

! N I

2 = NI (8-44)
so that
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For small values of µIt (i.e. when µIt << 1), eµ
I
t = 1 + µIt and (8-46)

 ! 2 =
e wµ x

[2 + Iµ t]

N0
(8-47)

so that the signal-to-noise ratio of digital subtraction angiography (ignoring electronic noise) is
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SNR=  
N

0
µ

I
t

e wµ x
[ 2 + Iµ t ]

(8-48)
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CHAPTER 8:  HOMEWORK PROBLEMS

1.  A radiologist views the output phosphor of an image intensifier at a distance of 1 m.  Assume
that the conversion efficiency of the input phosphor and output phosphor both are 50%, that the
input exposure to the fluorescent screen is 1 R per second, and that the brightness gain of the
image intensifier is 10,000.

Compute the number of photons used to form the image in the a) x-ray beam incident on the
input phosphor, b) the light image emitted at the surface of the output phosphor, and c) the light
field entering the eye.  d) Where is the quantum sink for this system?  Assume that the pupil of
the eye has a diameter of 2 mm when the output screen is viewed and that the effective energy of
the x-ray beam is 30 keV and that at this energy

µen
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air

= 0.1395 cm2 / gm

e) Compare this result with the one derived in the notes in which the observer views a
conventional fluorescent screen directly without the benefit of an image intensifier.

2. For a thesis project, a student wants to make a bone densitometer that measures the thickness of
bone and soft tissue with a dual-energy detection system.  The measurement of bone depends on
two independent measurements with different energy radioisotopes.

(a) If I 01 is the incident photon fluence in the first measurement (energy 1) and I02 is the
incident photon fluence with the second measurement (energy 2), show that the thickness
b of bone is equal to

b =

µt 2 ln
I0 1
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Where µt1 and µt2 are the linear attenuation coefficients of tissue at energies 1 and 2
respectively and µb1 and µb2 are the linear attenuation coefficients of bone at energies 1
and 2.

(b) Use propagation of errors to show that the variance in the measurement of the bone
thickness b is
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where

A1 =
µt2

µt2µb1 ! µt1µb2
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Note that for a given patient, A1 and A2 are both constant.

(c) In a real imaging system, we want to maximize the precision of the measurement (i.e.
minimize , b

2) for a certain entrance dose to the patient.  If f1 and f2 are the ratios of the
radiation absorbed dose to photon fluence at energies 1 and 2 respectively, and if a
fraction k of the dose is obtained from photons of energy 1 while the remaining fraction
(1-k) of the dose is obtained from photons of energy 2, and if D0 = D1+ D2 is the total
dose received by the patient, then show that

! b
2 =

f1A1

kD0
+

f2A2

1 " k( )D0

(d) Differentiate the above equation with respect to k to determine what fractional mix of
photons at energies 1 and 2 will give the best precision for the given dose Do .  Remember

that f1 , f2 , A1 , A2 , and Do  are all constant.  Show that the best precision is obtained

when the dose delivered by the photons of energy 1 contributes a fraction kmin  of the

total dose where

kmin =
1

f2A2

f1A1
+1

(e) Finally, show that is condition is satisfied when the source intensities Io1  and Io2  are

related by the formula

! 

I01

I02

=
kmin f2

1" kmin( ) f1

3.  Calculate the detective quantum efficiency for a system in which

(a)  the detector noise variance is three times larger than quantum noise variance.  Assume
100% x-ray detection efficiency.

(b)  the system noise variance is twice the quantum noise variance and for which one half of
the incident x-rays are detected.
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4. You are developing an image processor to digitize a video signal from an image intensifier system.

(a) Derive the digital level spacing -  so that the noise contributed by digitization is
approximately 30% of the analog noise , analog.  Express your answer in terms of , analog.

(b)  If the dynamic range of the television camera is 1000:1 and the peak output of the
television camera is 2 volts, calculate the digitization spacing (in terms of millivolts) and
the number of bits needed to digitize the signal.

(c)  If you know that the quantum noise always will be at least as large as the electronic noise
of the system, how does this affect your answer to (b).

5.  Using the equations derived in class, compare the SNR (at peak video signal) associated with a
TV fluoroscopy system with a dynamic range of 1000:1 for following cases.  Assume that the

dynamic range refers to a characteristic resolution element of (1 mm)2 .

(a) Fluoroscopy at an exposure of 1 R per image.
(b) Digital radiography at an exposure of 1 R per image (neglect digitization noise).


